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Preface

The first edition of this book was published in 1984. Until the fourth edition, published in 2010, 
I was its sole author. As I planned for the fifth edition, I felt the need to add a co-author who 
would have the right qualifications, experience, and interest to collaborate with me in bringing 
this book to the current state of the art. I am delighted to have Dr. John Gibbons on board.

John and I have made chapter-by-chapter revisions of the fourth edition in light of new 
 developments in the field. These revisions included additions and subtractions wherever nec-
essary, to make the text more precise and the topics more relevant to the needs of both the 
student and the practitioner. New sections and/or discussions were added to cover subjects that 
have received the most attention in the past few years, for example, Image-Guided Radiation 
Therapy (IGRT), Volumetric-Modulated Arc Therapy (VMAT), Stereotactic Body Radiotherapy 
(SBRT), and Failure Mode Event Analysis (FMEA) approach to quality assurance. A new chapter 
has been added to cover SBRT in greater detail. New color illustrations have also been added 
throughout to update the book’s usefulness. A website with full text and an image bank accom-
pany the book for greater convenience in studying and teaching.

The first edition was inspired by my desire to write a book for the radiotherapy team: 
 radiation oncologists, medical physicists, dosimetrists, and therapists. The audience for the fifth 
 edition  remains the same. I believe the reason this book has succeeded with this mixed audience 
is the clinical relevancy of the material, which forms a common interest for all these profes-
sionals. It is a reference book for the practitioners, a textbook for the students, and a constant 
companion for those preparing for their board examinations.

I acknowledge Jonathan Pine, the Senior Executive Editor; Emilie Moyer, the Senior Product 
Manager; and other editorial staff of Lippincott Williams & Wilkins for their valuable contribu-
tions in making this publication possible.

Finally, I greatly appreciate my wife, who is truly the love of my life.

Faiz M. Khan
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ix

Preface to the First Edition

Most textbooks on radiological physics present a broad field that includes physics of radiation 
therapy, diagnosis, and nuclear medicine. The emphasis is on the basic physical principles which 
form a common foundation for these areas. Consequently, the topics of practical interest are 
discussed only sparingly or completely left out. The need is felt for a book solely dedicated to 
radiation therapy physics with emphasis on the practical details.

This book is written primarily with the needs of residents and clinical physicists in mind. 
Therefore, greater emphasis is given to the practice of physics in the clinic. For the residents, the 
book provides both basic radiation physics and physical aspects of treatment planning, using 
photon beams, electron beams, and brachytherapy sources. For the clinical physicist, addition-
ally, current information is provided on dosimetry.

Except for some sections in the book that deal with the theory of absorbed dose measure-
ments, the book should also appeal to the radiotherapy technologists. Of particular interest to 
them are the sections on treatment techniques, patient setups, and dosimetric calculations.

Since the book is designed for a mixed audience, a careful balance had to be maintained 
 between theory and practical details. A conscious effort was made to make the subject palatable 
to those not formally trained in physics (e.g., residents and technicians) without diminishing the 
value of the book to the physicist. This object was hopefully achieved by a careful selection of 
the topics, simplification of the mathematical formalisms, and ample references to the relevant 
literature.

In developing this text, I have been greatly helped by my physics colleagues, Drs. Jeff 
 Williamson, Chris Deibel, Barry Werner, Ed Cytacki, Bruce Gerbi, and Subhash Sharma. I wish 
to thank them for reviewing the text in its various stages of development. My great appreciation 
goes to Sandi Kuitunen who typed the manuscript and provided the needed organization for this 
lengthy project. I am also thankful to Kathy Mitchell and Lynne Olson who prepared most of 
the illustrations for the book.

Finally, I greatly value my association with Dr. Seymour Levitt, the chairman of this department, 
from whom I got much of the clinical philosophy I needed as a physicist.

Faiz M. Khan
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1

P A R T

C H A P T E R

Basic Physics

Structure of Matter1
1.1. THE ATOM 

All matter is composed of individual entities called elements. Each element is distinguishable 
from the others by the physical and chemical properties of its basic component—the atom. Origi
nally thought to be the “smallest” and “indivisible” particle of matter, the atom is now known to 
have a substructure and can be “divided” into smaller components. Each atom consists of a small 
central core, the nucleus, where most of the atomic mass is located and a surrounding “cloud” 
of electrons moving in orbits around the nucleus. Whereas the radius of the atom (radius of the 
electronic orbits) is approximately 10−10 m, the nucleus has a much smaller radius, namely, about 
10−15 m. Thus, for a highenergy electron, photon, or a particle of size comparable to nuclear 
dimensions, it will be quite possible to penetrate several atoms of matter before a collision hap
pens. As will be pointed out in the chapters ahead, it is important to keep track of those particles 
or photons that have not interacted with the atoms and those that have suffered collisions.

1.2. THE NUCLEUS 

The properties of atoms are derived from the constitution of their nuclei and the number and the 
organization of the orbital electrons.

The nucleus contains two kinds of fundamental particles: protons and neutrons. Whereas 
protons are positively charged, neutrons have no charge. Because the electron has a negative unit 
charge (1.602 × 10−19 C) and the proton has a positive unit charge, the number of protons in the 
nucleus is equal to the number of electrons outside the nucleus of an electrically neutral atom.

An atom is completely specified by the formula Z
A X, where X is the chemical symbol for the 

element; A is the mass number, defined as the number of nucleons (neutrons and protons in 
the nucleus); and Z is the atomic number, denoting the number of protons in the nucleus (or the 
number of electrons outside the nucleus). An atom represented in such a manner is also called a 
nuclide. For example, 1

1H and 2
4He represent atoms or nuclei or nuclides of hydrogen and helium, 

respectively.
On the basis of different proportions of neutrons and protons in the nuclei, atoms have been 

classified into the following categories: isotopes, atoms having nuclei with the same number of 
protons but different number of neutrons; isotones, atoms having the same number of neutrons 
but different number of protons; isobars, atoms with the same number of nucleons but different 
number of protons; and isomers, atoms containing the same number of protons as well as neu
trons. The last category, namely isomers, represents identical atoms except that they differ in their 
nuclear energy states. For example,  54

131mXe (m stands for metastable state) is an isomer of  54
131Xe.

I
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2 Part I Basic Physics

Certain combinations of neutrons and protons result in stable (nonradioactive) nuclides than 
others. For instance, stable elements in the low atomic number range have an almost equal 
number of neutrons, N, and protons, Z. However, as Z increases beyond about 20, the neutron
toproton ratio for stable nuclei becomes greater than 1 and increases with Z. This is evident in 
Figure 1.1, which shows a plot of the number of neutrons versus protons in stable nuclei.

Nuclear stability has also been analyzed in terms of even and odd numbers of neutrons and 
protons. Of about 300 different stable isotopes, more than half have even numbers of protons 
and neutrons and are known as even–even nuclei. This suggests that nuclei gain stability when 
neutrons and protons are mutually paired. On the other hand, only four stable nuclei exist that 
have both odd Z and odd N, namely 1

2H, 3
6Li, 5

10B, and  7
14N. About 20% of the stable nuclei have 

even Z and odd N and about the same proportion have odd Z and even N.

1.3. ATOMIC MASS AND ENERGY UNITS 

Masses of atoms and atomic particles are conveniently given in terms of atomic mass unit (amu). 
An amu is defined as 1/12 of the mass of a  6

12C atom. Thus, the  6
12C atom is arbitrarily assigned 

the mass equal to 12 amu. In basic units of mass,

1 amu = 1.66 × 10−27 kg

The mass of an atom expressed in terms of amu is known as atomic mass or atomic weight.  
Another useful term is gram atomic weight, which is defined as the mass in grams numerically 
equal to the atomic weight. According to Avogadro’s law, every gram atomic weight of a sub
stance contains the same number of atoms. The number, referred to as Avogadro number or Avo-
gadro constant (NA), has been measured by many investigators, and its currently accepted value is  
6.0221 × 1023 atoms per gram atomic weight (or mole).

From the previous definitions, one can calculate other quantities of interest such as the num
ber of atoms per gram, grams per atom, and electrons per gram. Considering helium as an 
example, its atomic weight (AW) is equal to 4.0026.

Therefore,

Number of atoms/g �  
NA

AW

 � 1.505 � 1023

Grams/atom �  
AW

NA

 � 6.646 � 10�24

Number of electrons/g �  
NA

# Z
AW

 � 3.009 � 1023

The masses of atomic particles, according to the amu, are electron = 0.000548 amu, proton = 
1.00727 amu, and neutron = 1.00866 amu.

Because the mass of an electron is much smaller than that of a proton or neutron and protons 
and neutrons have nearly the same mass, equal to approximately 1 amu, all the atomic masses 
in units of amu are very nearly equal to the mass number. However, it is important to point out 
that the mass of an atom is not exactly equal to the sum of the masses of constituent particles.  

Stable
nuclei

140

120

100

80

60

40

20

0
20 40

Proton number (p)

60 80

n/p = 1

N
eu

tr
on

 n
um

be
r 

(n
)

Figure 1.1. a plot of neutrons versus protons in stable nuclei.
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ChaPter 1 Structure of Matter 3 

The reason for this is that, when the nucleus is formed, a certain mass is destroyed and converted 
into energy that acts as a “glue” to keep the nucleons together. This mass difference is called the 
mass defect. Looking at it from a different perspective, an amount of energy equal to the mass 
defect must be supplied to separate the nucleus into individual nucleons. Therefore, this energy 
is also called the binding energy of the nucleus.

The basic unit of energy is joule (J) and is equal to the work done when a force of 1 newton 
acts through a distance of 1 m. The newton, in turn, is a unit of force given by the product of 
mass (1 kg) and acceleration (1 m/s2). However, a more convenient energy unit in atomic and 
nuclear physics is electron volt (eV), defined as the kinetic energy acquired by an electron in 
passing through a potential difference of 1 V. It can be shown that the work done in this case is 
given by the product of potential difference and the charge on the electron. Therefore, we have

1 eV = 1 V × 1.602 × 10−19 C = 1.602 × 10−19 J

Multiples of this unit are

  1 keV = 1,000 eV
  1 million eV (MeV) = 1,000,000 eV

According to Einstein’s principle of equivalence of mass and energy, a mass m is equivalent to 
energy E and the relationship is given by

 E = mc2 (1.1)

where c is the velocity of light (3 × 108 m/s). For example, a mass of 1 kg, if converted to energy, 
is equivalent to

E = 1 kg × (3 × 108 m/s)2

	 = 9 × 1016 J = 5.62 × 1029 MeV

The mass of an electron at rest is sometimes expressed in terms of its energy equivalent (E0). 
Because its mass is 9.1 × 10−31 kg, we have from Equation 1.1:

E0 = 0.511 MeV

Another useful conversion is that of amu to energy. It can be shown that

1 amu = 931.5 MeV

From Equation 1.1, we can see that the equivalent mass of any particle of total energy E (kinetic 
plus rest mass energy) is given by E/c2. Accordingly, masses of particles may also be expressed in 
units of GeV/c2. It can be shown that

1 GeV/c2 = 1.0723 amu

In the above examples, we have not considered the effect of particle velocity on its mass. Experi
ments with highspeed particles have shown that the mass of a particle depends on its velocity 
and that it increases with velocity. The relationship between mass and velocity can be derived 
from Einstein’s theory of relativity. If m is the mass of a particle moving with velocity υ and m0 
is its rest mass, then

 m �  
m031 � y2/c2

 (1.2)

The kinetic energy (Ek) is given by

 Ek � mc2 � m0c
2 � m0c

2C  
1C1 �  
y2

c2

 � 1S  (1.3)

It should be noted that the relativistic effect of velocity on mass becomes important when a par
ticle travels with a velocity comparable to that of light.

1.4. DISTRIBUTION OF ORBITAL ELECTRONS 

According to the model proposed by Niels Bohr in 1913, the electrons revolve around the nucleus 
in specific orbits and are prevented from leaving the atom by the centripetal force of attraction 
between the positively charged nucleus and the negatively charged electron.

On the basis of classical physics, an accelerating or revolving electron must radiate energy. 
This would result in a continuous decrease of the radius of the orbit with the electron eventu
ally spiraling into the nucleus. However, the data on the emission or absorption of radiation by 
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4 Part I Basic Physics

elements reveal that the change of energy is not continuous but discrete. To explain the observed 
line spectrum of hydrogen, Bohr theorized that the sharp lines of the spectrum represented elec
tron jumps from one orbit down to another with the emission of light of a particular frequency 
or a quantum of energy. He proposed two fundamental postulates: (a) electrons can exist only 
in those orbits for which the angular momentum of the electron is an integral multiple of h/2π, 
where h is the Planck’s constant (6.626 × 10−34 Jsec); and (b) no energy is gained or lost while 
the electron remains in any one of the permissible orbits.

The arrangement of electrons outside the nucleus is governed by the rules of quantum mechan
ics and the Pauli exclusion principle (not discussed here). Although the actual configuration of 
electrons is rather complex and dynamic, one may simplify the concept by assigning electrons to 
specific orbits. The innermost orbit or shell is called the K shell. The next shells are L, M, N, and 
O. The maximum number of electrons in an orbit is given by 2n2, where n is the orbit number. 
For example, a maximum of 2 electrons can exist in the first orbit, 8 in the second, and 18 in the 
third. Figure 1.2 shows the electron orbits of hydrogen, helium, and oxygen atoms.

A shell need not be completely filled before the electrons begin to fill the next shell.
For most atoms, when the number of electrons in the outermost shell reaches 8, additional 

electrons begin to fill the next level to create a new outermost shell before more electrons are 
added to the lower shell. For example, an atom of calcium has 20 electrons, with 2 in the K shell, 
8 in the L shell, 8 in the M shell, and the remaining 2 in the N shell. Electrons in the outermost 
orbit are called the valence electrons. The chemical properties of an atom depend on the number 
of electrons in the outermost orbit.

Electron orbits can also be considered as energy levels. The energy in this case is the poten
tial energy of the electrons. With the opposite sign it may also be called the binding energy of 
the electron.

1.5. ATOMIC ENERGY LEVELS 

It is customary to represent the energy levels of the orbital electrons by what is known as the 
energy level diagram (Fig. 1.3). The binding energies of the electrons in various shells depend 
on the magnitude of Coulomb force of attraction between the nucleus and the orbital electrons. 
Thus the binding energies for the higher Z atoms are greater because of the greater nuclear 
charge. In the case of tungsten (Z = 74), the electrons in the K, L, and M shells have binding 
energies of about 69,500, 11,000, and 2,500 eV, respectively. The socalled valence electrons, 
which are responsible for chemical reactions and bonds between atoms as well as the emission of 
optical radiation spectra, normally occupy the outer shells. If energy is imparted to one of these 
valence electrons to raise it to a higher energy (higher potential energy but lower binding energy) 
orbit, this will create a state of atomic instability. The electron will fall back to its normal posi
tion with the emission of energy in the form of optical radiation. The energy of the emitted radia
tion will be equal to the energy difference of the orbits between which the transition took place.

If the transition involved inner orbits, such as K, L, and M shells where the electrons are more 
tightly bound (because of larger Coulomb forces), the absorption or emission of energy will 

Z = 1

H
He

O

Z = 2

K

L

Z = 8 Figure 1.2. electron orbits for hydrogen, helium, and oxygen.
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ChaPter 1 Structure of Matter 5 

involve higher energy radiation. Also, if sufficient energy is imparted to an inner orbit electron 
so that it is completely ejected from the atom, the vacancy or the hole created in that shell will 
be almost instantaneously filled by an electron from a higher level orbit. To conserve energy, 
this transition would be accompanied either by an emission of radiation, such as characteristic 
x-rays, or the ejection of an outer shell electron, known as the Auger electron.

1.6. NUCLEAR FORCES 

As discussed earlier, the nucleus contains neutrons that have no charge and protons with posi
tive charge. But how are these particles held together, in spite of the fact that electrostatic 
repulsive forces exist between particles of similar charge? Earlier, in Section 1.3, the terms mass 
defect and binding energy of the nucleus were mentioned. It was then suggested that the energy 
required to keep the nucleons together is provided by the mass defect. However, the nature of 
the forces involved in keeping the integrity of the nucleus is quite complex and will be discussed 
here only briefly.

There are four different forces in nature. These are, in the order of their strengths: (a) strong 
nuclear force, (b) electromagnetic force, (c) weak nuclear force, and (d) gravitational force. Of 
these, the gravitational force involved in the nucleus is very weak and can be ignored. The elec
tromagnetic force between charged nucleons is quite strong, but it is repulsive and tends to dis
rupt the nucleus. A force much larger than the electromagnetic force is the strong nuclear force 
that is responsible for holding the nucleons together in the nucleus. The weak nuclear force is 
much weaker and appears in certain types of radioactive decay (e.g., b decay).

The strong nuclear force is a short-range force that comes into play when the distance 
between the nucleons becomes smaller than the nuclear diameter (~10−15 m). If we assume that 
a nucleon has zero potential energy when it is an infinite distance apart from the nucleus, then 
as it approaches close enough to the nucleus to be within the range of nuclear forces, it will 
experience strong attraction and will “fall” into the potential well (Fig. 1.4A). This potential 
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Figure 1.3. a simplified energy level diagram of the 
tungsten atom (not to scale). Only few possible transitions are 
shown for illustration. Zero of the energy scale is arbitrarily set 
at the position of the valence electrons when the atom is in the 
unexcited state.

B

Zero

U(r )
U(r )

B

2R

A B
Distance (r )

2R

Distance (r )

Figure 1.4. energy level diagram of 
a particle in a nucleus: A: Particle with 
no charge; B: Particle with positive 
charge; U(r) is the potential energy as a 
function of distance r from the center 
of the nucleus. B is the barrier height;  
R is the nuclear radius.
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6 Part I Basic Physics

well is formed as a result of the mass defect and provides the nuclear binding energy. It acts as a 
potential barrier against any nucleon escaping the nucleus.

In the case of a positively charged particle approaching the nucleus, there will be a potential 
barrier due to the Coulomb forces of repulsion, preventing the particle from approaching the 
nucleus. If, however, the particle is able to get close enough to the nucleus so as to be within the 
range of the strong nuclear forces, the repulsive forces will be overcome and the particle will be 
able to enter the nucleus. Figure 1.4B illustrates the potential barrier against a charged particle 
such as an α particle (traveling 2

4He nucleus) approaching a   92
238U nucleus. Conversely, the bar

rier serves to prevent an α particle escaping from the nucleus. Although it appears, according 
to the classical ideas, that an α particle would require a minimum energy equal to the height 
of the potential barrier (30 MeV) in order to penetrate the   92

238U nucleus or escape from it, the 
data show that the barrier can be crossed with much lower energies. This has been explained 
by a complex mathematical theory known as wave mechanics, in which particles are considered 
associated with de Broglie waves.

1.7. NUCLEAR ENERGY LEVELS 

The shell model of the nucleus assumes that the nucleons are arranged in shells, representing 
discrete energy states of the nucleus similar to the atomic energy levels. If energy is imparted to 
the nucleus, it may be raised to an excited state, and when it returns to a lower energy state, it 
will give off energy equal to the energy difference of the two states. Sometimes the energy is radi
ated in steps, corresponding to the intermediate energy states, before the nucleus settles down to 
the stable or ground state.

Figure 1.5 is an example of a decay scheme which shows the decay of excited states of nuclei. 
In these diagrams, energy is plotted in the vertical axis and the atomic number is plotted on the 
horizontal axis. This figure shows a decay scheme of a cobalt60 (27

60Co) nucleus which has been 
made radioactive in a reactor by bombarding stable 27

59Co atoms with neutrons. The excited  

27
60Co nucleus first emits a particle, known as β− particle, and then, in two successive jumps, emits 
packets of energy, known as photons. The emission of a β− particle is the result of a nuclear trans
formation in which one of the neutrons in the nucleus disintegrates into a proton, an electron, 
and a neutrino. The electron and neutrino are emitted instantaneously and share the released 
energy with the recoiling nucleus. The process of b decay will be discussed in the next chapter.

1.8. PARTICLE RADIATION 

The term radiation applies to the emission and propagation of energy through space or a mate
rial medium. By particle radiation, we mean energy propagated by traveling corpuscles that have 
a definite rest mass and within limits have a definite momentum and defined position at any 
instant. However, the distinction between particle radiation and electromagnetic waves, both 
of which represent modes of energy travel, became less sharp when, in 1925, de Broglie intro
duced a hypothesis concerning the dual nature of matter. He theorized that not only do photons 
(electromagnetic waves) sometimes appear to behave like particles (exhibit momentum) but also 
material particles such as electrons, protons, and atoms have some type of wave motion associ
ated with them (show refraction and other wavelike properties).

Besides protons, neutrons, and electrons discussed earlier, many other atomic and subatomic 
particles have been discovered. These particles can travel with high speeds, depending on their 
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kinetic energy, but never attain exactly the speed of light in a vacuum. Also, they interact with 
matter and produce varying degrees of energy transfer to the medium.

1.9. ELEMENTARY PARTICLES 

Elementary or fundamental particles are particles that are not known to have substructure. 
In the past, the name was given to protons, neutrons, and electrons. With the discovery that 
protons and neutrons have substructure (quarks), they are no longer considered fundamental 
particles. The following discussion of elementary particles is presented here for general interest. 
It is excerpted from a book by the author (1).

There are two classes of particles: fermions and bosons. Fermion is a general name given to a 
particle of matter or antimatter that is characterized by spin in odd half integer quantum units 
of angular momentum (1/2, 3/2, 5/2,…). Boson is a general name for any particle with a spin of 
an integer number (0, 1, 2,…).

The fundamental particles of matter (fermions) are of two kinds: quarks and leptons. There 
are six types of each, as listed below:

• Quarks: up (u), down (d), charm (c), strange (s), top (t), and bottom (b);
• Leptons: electron (e), electron neutrino (νe), muon (µ), muon neutrino (νµ), tau (τ), and tau 

neutrino (ντ).

Besides the above 12 elementary particles of matter, there are 12 corresponding elementary par
ticles of antimatter. This follows the principle discovered by Paul Dirac (1928) which states that 
for every particle of matter there must be another particle of antimatter with the same mass but 
opposite charge. So there are six antiquarks and six antileptons.

Quarks are the building blocks of heavier particles, called hadrons (neutrons, protons, 
mesons, etc.). For example, it takes three quarks (u, u, d) to make a proton and three quarks  
(u, d, d) to make a neutron. These quarks are held together by field particles called gluons, the 
messenger particles of the strong nuclear force.

The class of particles called the messenger particles are the carriers of force in a force field 
according to the quantum electrodynamics (QED) theory. These particles of force are not mate
rial particles but quanta of the field. Thus, the force between any two interacting matter particles 
is transmitted by the messenger particles traveling at the speed of light, which is the speed with 
which all photons travel.

There are 13 messenger particles or bosons that mediate the four forces of nature. They are 
listed below:

Electromagnetism photon (γ)
Strong force eight gluons
Weak force W+, W−, Zo

Gravity graviton (not yet detected)

Whereas matter particles (fermions) can attain high energy or speeds, they cannot quite attain 
the speed of light. When their speed reaches close to that of light, further acceleration increases 
their energy through an increase in their mass rather than their speed. So the ultrahighenergy 
particles produced in accelerators (e.g., Tevatron at Fermi Lab and CERN in Geneva) have 
greater mass but are not as swift as light. The messenger particles (bosons), on the other hand, 
can have high quantum energies but they all travel with the speed of light. They can also trans
form themselves into material particles, whereby their high energy is converted into highenergy 
material particles. For example, W+ to electron (e−) and neutrino (ν), W− to electron (e−) and 
antineutrino ( n ), and Z° to e+ and e− or a pair of mesons (µ+ + µ−). W+ or W− have a quantum 
energy of about 79 GeV and Z° about 91 GeV.

Another mysterious particle has been added to the above list. It is called the Higgs boson, after 
Peter Higgs, who postulated its existence in 1964. Particle physicists believe that our universe is 
pervaded with Higgs bosons. The Higgs field is thought to permeate all space and is the same every
where. All the rest mass of matter is generated by the Higgs field. In other words, particles acquire 
their mass through interaction with Higgs field. The sea of Higgs bosons produces a drag effect on 
the particles, thereby manifesting properties of inertia. The resistance to motion defines their mass.

It should be mentioned that Higgs idea was used by theoretical physicists Steven Weinberg 
and Abdus Salam to combine electromagnetic and weak forces into a unified electroweak force, 
mediated by messenger particles, photon, W+, W−, and Z°.

Back to the Higgs field, the term field in physics is defined as lines of force. For example, a 
magnet is surrounded by its magnetic field. A particle of iron placed in the field will be attracted 
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ChaPter 1 Structure of Matter 9 

toward the magnetic pole and follow a path or a line of magnetic force. The forces are transmit
ted in a field by the exchange of force carriers such as photons, W or Z bosons, and gluons. For 
the Higgs field, the force carrier is the Higgs particle (a boson).

The Higgs boson was tentatively observed in July 2012. The announcement came on the 
basis of research findings from the large hadron collider (LHC) at CERN. Further analysis of the 
LHC’s 2012 data showed that the observed particle is a Higgs boson of spin zero. The scientists 
announced their tentative confirmation on March 14, 2013.

Figure 1.6 is a chart of fundamental particles. It provides a glimpse of the current knowledge 
in particle physics.

1.10. ELECTROMAGNETIC RADIATION 

A. WAVE MODEL

Electromagnetic radiation constitutes the mode of energy propagation for such phenomena as 
light waves, heat waves, radio waves, microwaves, ultraviolet rays, xrays, and γ rays. These 
radiations are called “electromagnetic” because they were first described, by Maxwell, in terms 
of oscillating electric and magnetic fields. As illustrated in Figure 1.7, an electromagnetic wave 
can be represented by the spatial variations in the intensities of an electric field (E) and a mag
netic field (H), the fields being at right angles to each other at any given instant. Energy is 
propagated with the speed of light (3 × 108 m/s in vacuum) in the Z direction. The relationship 
between wavelength (l), frequency (n), and velocity of propagation (c) is given by
 c = nl (1.4)
In the above equation, c should be expressed in meters per second; l, in meters; and ν, in cycles 
per second or hertz.

Figure 1.8 shows a spectrum of electromagnetic radiations with wavelengths ranging any
where from 107 (radio waves) to 10−13 m (ultrahighenergy xrays). Since wavelength and  

X

E
H Z

Y

λ

Figure 1.7. Graph showing electromagnetic wave at 
a given instant of time. E and H are, respectively, the peak 
amplitudes of electric and magnetic fields. the two fields 
are perpendicular to each other.

Wavelength
(meters)

Frequency
(cycles/second)

Energy
(eV)

10−13 3 × 1021 1.24 × 107

X-rays and
cosmic rays

Ultraviolet

Infrared

Microwaves

Radar

TV

Radio

VISIBLE LIGHT

1.24 × 102

1.24 × 10−3

1.24 × 10−8

1.24 × 10−13

3 × 1016

3 × 1011

3 × 106

3 × 101

10−8

10−3

102

107Figure 1.8. the electromagnetic spectrum. 
ranges are approximate.
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10 Part I Basic Physics

• Atomic structure:

•	 Atom	consists	of	a	positively	charged	nucleus	surrounded	by	a	cloud	of	negatively	
charged electrons.

•	 Atomic	dimensions:	radius	of	atom	~10−10 m, radius of nucleus ~10−15 m.

• An atom is specified by the formula: Z
A X, where X is the symbol for the element, A is the 

mass number (number of protons + neutrons), and Z is the atomic number  
(number of protons).

• Classification of atoms:

•	 Isotopes—atoms	with	the	same	Z but different number of neutrons

•	 Isotones—atoms	with	the	same	number	of	neutrons	but	different	Z

•	 Isobars—atoms	with	the	same	A but different Z

•	 Isomers—atoms	with	the	same	A and same Z but different nuclear energy states

• Nuclear stability:

•	 Certain	combinations	of	number	of	neutrons	(n) and protons (p) in the nucleus show 
more stability than others.

•	 Most	stable	nuclei	contain	even	numbers	of	n and even numbers of p.

•	 Least	stable	nuclei	contain	odd	numbers	of	n and odd numbers of p.

•	 A	high	n/p ratio gives rise to b− decay, while a low n/p ratio can result in electron 
 capture and b+ decay (to be discussed in Chapter 2).

(continued)

frequency are inversely related, the frequency spectrum corresponding to the above range will 
be 3 × 101 to 3 × 1021 cycles/s. Only a very small portion of the electromagnetic spectrum  
constitutes visible light bands. The wavelengths of the wave to which the human eye responds 
range from 4 × 10−7 (blue light) to 7 × 10−7 m (red).

The wave nature of the electromagnetic radiation can be demonstrated by experiments 
involving phenomena such as interference and diffraction of light. Similar effects have been 
observed with xrays using crystals which possess interatomic spacing comparable to the xray 
wavelengths. However, as the wavelength becomes very small or the frequency becomes very 
large, the dominant behavior of electromagnetic radiations can only be explained by considering 
their particle or quantum nature.

B. QUANTUM MODEL

To explain the results of certain experiments involving interaction of radiation with matter, such 
as the photoelectric effect and the Compton scattering, one has to consider electromagnetic 
radiations as particles rather than waves. The amount of energy carried by such a packet of 
energy, or photon, is given by
 E = hν (1.5)
where E is the energy (joules) carried by the photon, h is the Planck’s constant (6.626 × 10−34 Jsec),  
and ν is the frequency (cycles/s). By combining Equations 1.4 and 1.5, we have

 E �  
hc
l

 (1.6)

If E is to be expressed in electron volts (eV) and λ in meters (m), then, since 1 eV = 1.602 × 
10−19 J,

 E �  
1.24 � 10�6

l
 (1.7)

The above equations indicate that as the wavelength becomes shorter or the frequency becomes 
larger, the energy of the photon becomes greater. This is also seen in Figure 1.8.

K e Y  P O I N t S
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R e f e r e n c e

• Atomic mass:

•	 amu	= 1/12 of mass of  6
12C atom.

•	 Atomic	mass	or	atomic	weight	may	be	expressed	in	amu.

•	 Number	of	electrons	per	gram	= NA . Z/AW, where NA is Avogadro number, Z is 
atomic number, and AW is atomic weight.

• Mass–energy equivalence, E = mc2:

•	 Energy	equivalent	of	an	electron	at	rest	(E0) = 0.511 MeV.

•	 Energy	equivalent	of	1	amu	= 931.5 MeV.

•	 Equivalent	masses	of	particles	may	also	be	expressed	in	units	of	GeV/c2 (see Fig. 1.6).

• Atomic energy levels:

•	 The	innermost	electron	orbit	in	an	atom	is	the	K	shell.	The	next	shells	are	L,	M,	N,	
and O. The maximum possible number of electrons in any orbit is given by 2n2, where 
n is the orbit number.

•	 Binding	energy	of	electrons	in	various	orbits	depends	on	the	magnitude	of	the	Coulomb	
force of attraction between the positively charged nucleus and the negatively charged 
electrons. The closer the orbit is to the nucleus, the greater the binding energy.

•	 Potential	energy	is	the	binding	energy	with	a	negative	sign.

• Nuclear energy levels:

•	 Nucleons	are	arranged	in	discrete	energy	states	of	the	nucleus.

•	 Energy	level	diagram	for	the	decay	of	60Co nucleus (Fig. 1.5) shows beta particle  
emission followed by two gamma ray photons emitted per disintegration with  
energies of 1.17 and 1.33 MeV.

• Elementary particles:

•	 There	are	12	fundamental	particles	of	matter:	six	quarks	and	six	leptons.	 
Correspondingly, there are six quarks and six leptons of antimatter. All these  
particles are called fermions. In addition, there are 13 messenger particles, called 
bosons, that mediate the four forces of nature.

•	 Fermions	have	noninteger	spin;	bosons	have	integer	spin.

•	 The	Higgs	field	permeates	all	space	and	is	responsible	for	giving	mass	properties	to	
matter. The messenger particle for the Higgs field is the Higgs boson.

• Forces of nature:

•	 There	are	four	forces	of	nature.	In	order	of	their	strengths,	they	are	strong	nuclear,	
electromagnetic, weak nuclear, and gravitational.

•	 All	forces	of	nature	are	mediated	by	specific	messenger	particles,	the	bosons.

• Electromagnetic radiation:

•	 Electromagnetic	radiations	are	characterized	by	oscillating	electric	and	magnetic	fields,	
always perpendicular to each other and to the direction of their energy propagation.

•	 Wavelength	(λ), frequency (ν), and velocity (c) of EM waves are related by c = νλ.

•	 Quantum	model	relates	energy	of	a	photon	with	its	frequency	of	oscillation	by	 
E = hν, where h is Planck’s constant.

•	 If	λ is given in meters, the photon energy in electron volts (eV) is given by  
E = (1.24 × 10−6)/λ.

K e Y  P O I N t S  ( c o n t i n u e d )

1. Khan FM. Our Universe: A Scientific and Religious View of Creation. New York, NY: iUniverse, Inc.; 2007.
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2.1. RADIOACTIVITY 

Radioactivity, first discovered by Antonio Henri Becquerel (1852 to 1908) in 1896, is a phenom-
enon in which radiation is given off by the nuclei of the elements. This radiation can be in the 
form of particles, electromagnetic radiation, or both.

Figure 2.1 illustrates a method in which radiation emitted by radium can be separated by 
a magnetic field. Since a particles (helium nuclei) are positively charged and b− particles (elec-
trons) are negatively charged, they are deflected in opposite directions. The difference in the radii 
of curvature indicates that a particles are much heavier than b particles. On the other hand, 
g rays, which are similar to x-rays except for their nuclear origin, have no charge and, therefore, 
are unaffected by the magnetic field.

It was mentioned in Chapter 1 (Section 1.6) that there is a potential barrier preventing par-
ticles from entering or escaping the nucleus. Although the particles inside the nucleus possess 
kinetic energy, this energy, in a stable nucleus, is not sufficient for any of the particles to penetrate 
the nuclear barrier. However, a radioactive nucleus has excess energy that is constantly redistrib-
uted among the nucleons by mutual collisions. As a matter of probability, one of the particles 
may gain enough energy to escape from the nucleus, thus enabling the nucleus to achieve a state 
of lower energy. Also, the emission of a particle may still leave the nucleus in an excited state. In 
that case, the nucleus will continue stepping down to lower energy states by emitting particles or 
g rays until the stable (ground) state has been achieved.

2.2. DECAY CONSTANT 

The process of radioactive decay or disintegration is a statistical phenomenon. Whereas it is not 
possible to know when a particular atom will disintegrate, one can accurately predict, in a large 
collection of atoms, the proportion that will disintegrate in a given time. The mathematics of 
radioactive decay is based on the simple fact that the change in the number of atoms per unit 
time, (ΔN/Δt), is proportional to the number of radioactive atoms, (N) present. Mathematically,

 
�N
�t

 � N   or     
�N
�t

 � �lN (2.1)

where l is a constant of proportionality called the decay constant. The minus sign indicates that 
the number of the radioactive atoms present decreases with time.

If ΔN and Δt are so small that they can be replaced by their corresponding differentials, dN 
and dt, then Equation 2.1 becomes a differential equation. The solution of this equation yields 
the following equation:

 N = N0 e
−lt (2.2)

where N0 is the initial number of radioactive atoms and e is the number denoting the base of the natu-
ral logarithm (e ≈ 2.718). Equation 2.2 is the well-known exponential equation for radioactive decay.

2.3. ACTIVITY 

The number of disintegrations per unit time is referred to as the activity of a radioactive mate-
rial. If ΔN/Δt in Equation 2.1 is replaced by A, the symbol for activity, then

 A = lN (2.3)

Nuclear Transformations2
C H A P T E R
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Figure 2.1. Diagrammatic representation of the separation of three types 
of radiation emitted by radium under the influence of magnetic field (applied 
perpendicular to the plane of the paper).

where the negative sign in Equation 2.1 has been left off because activity is the disintegration 
rate rather the change in the number of atoms.

Similarly, Equation 2.2 can be expressed in terms of activity:

 A = A0 e
−lt (2.4)

where A is the activity remaining at time t, and A0 is the original activity equal to lN0.
The SI unit for activity is becquerel (Bq), defined as one disintegration per second (dps). In 

radiation therapy, a more common unit of activity is the curie (Ci), defined as

1 Ci = 3.7 × 1010 Bq1

Fractions of this unit are

 1 mCi = 10−3 Ci = 3.7 × 107 Bq
1 mCi = 10−6 Ci = 3.7 × 104 Bq
1 nCi = 10−9 Ci = 3.7 × 101 Bq

   1 pCi = 10−12 Ci = 3.7 × 10−2 Bq

2.4. THE HALF-LIFE AND THE MEAN LIFE 

The term half-life (T1/2) of a radioactive substance is defined as the time required for either the 
activity or the number of radioactive atoms to decay to half the initial value. By substituting  
N/N0 = ½ in Equation 2.2 or A/A0 = ½ in Equation 2.4, at t = T1/2, we have

1
2

 � e�l.T1

2 or T1
2

�
 ln  2
l

where ln 2 is the natural logarithm of 2 having an approximate value of 0.693. By replacing ln 
2 above by 0.693, we get

 T1
2

�
0.693
l

 (2.5)

Figure 2.2A illustrates the exponential decay of a radioactive sample as a function of time, 
expressed in units of half-life. It can be seen that after one half-life, the activity is ½ the initial 
value, after two half-lives, it is ¼, and so on. Thus, after n half-lives, the activity will be reduced 
to ½n of the initial value.

Although an exponential function can be plotted on a linear graph (Fig. 2.2A), it is better 
plotted on a semilog paper because it yields a straight line, as demonstrated in Figure 2.2B. This 
general curve applies to any radioactive material and can be used to determine the fractional 
activity remaining if the elapsed time is expressed as a fraction of half-life.

The mean or average life (Ta) is the average lifetime of a radioactive atom before it decays. 
It is the sum of the lifetimes of all the individual nuclei divided by the total number of nuclei 
involved. Although, in theory, it will take an infinite amount of time for all the atoms to decay, 
the concept of average life can be understood in terms of an imaginary source that decays at 
a constant rate equal to the initial activity of the exponentially decaying source. Such a source 
would produce the same total number of disintegrations in time Ta as the given source decaying 
exponentially from time t = 0 to t = ∞. Because the initial activity = lN0 (from Equation 2.3), 

1 This definition is based on the rate of decay of 1 g of radium which was originally measured to be  
3.7 × 1010 dps. Although the recent measurements have established the decay rate as 3.61 × 1010 dps/g of 
radium, the original definition of curie remains unchanged.

Radium sourcex

β

α

γ
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14 part I Basic physics

the imaginary source would produce a total number of disintegrations = TalN0. Also because the 
total number of disintegrations must be equal to N0, we have

 TalN0 = N0 or Ta = 
1
l 

 (2.6)

Comparing Equations 2.5 and 2.6, we obtain the following relationship between half-life and 
average life:

 Ta = 1.44 T1/2 (2.7)

ExamplE 1

1. Calculate the number of atoms in 1 g of 226Ra.
2. What is the activity of 1 g of 226Ra (half-life = 1,622 years)?

 a. In Section 1.3, we showed that

Number of atoms/g = 
NA

AW

where NA is Avogadro’s number (6.02 × 1023 atoms per gram atomic weight) and AW is the 
atomic weight. Also, we stated in the same section that AW is very nearly equal to the mass  
number. Therefore, for 226Ra

Number of atoms/g = 
6.02 � 1023

226
 � 2.66 � 1021

 b. Activity = lN (Equation 2.3). Since N = 2.66 × 1021 atoms/g (example above) and

  l�
0.693
T1/2

  �  
0.693

(1,622 years) � (3.15 � 107 seconds/y)

   �  1.356 � 10�11/s

Therefore,

Activity = 2.66 × 1021 × 1.356 × 10−11 dps/g
	 = 3.61 × 1010 dps/g
	 = 0.975 Ci/g

The activity per unit mass of a radionuclide is termed the specific activity. As shown in the previ-
ous example, the specific activity of radium is slightly less than 1 Ci/g, although the curie was 
originally defined as the decay rate of 1 g of radium. The reason for this discrepancy, as men-
tioned previously, is the current revision of the actual decay rate of radium without modification 
of the original definition of the curie.

High specific activity of certain radionuclides can be advantageous for a number of appli-
cations. For example, the use of elements as tracers in studying biochemical processes requires 

100

90

80

70

60

50

40

10

1

100

30

20

10

0
1 2

A
ct

iv
ity

 r
em

ai
ni

ng
 (

%
)

A
ct

iv
ity

 (
%

)

A B
3 4 5 6

Time (T  units)1
2

Time (T  units)1
2

0 1 2 3 4 5 6

Figure 2.2. General  
decay curve. activity as a 
percentage of initial activity 
plotted against time in  
units of half-life. a: plot on  
linear graph; B: plot on  
semilogarithmic graph.

82453_ch02_p012-027.indd   14 1/17/14   3:05 PM
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that the mass of the incorporated element should be so small that it does not interfere with 
the normal metabolism and yet it should exhibit measurable activity. Another example is 
the use of radioisotopes as teletherapy sources. One reason why cobalt-60 is preferable to 
cesium-137, in spite of its lower half-life (5.26 years for 60Co vs. 30.0 years for 137Cs), is its 
much higher specific activity. The interested reader may verify this fact by actual calculations. 
(It should be assumed in these calculations that the specific activities are for pure forms of 
the nuclides.)

ExamplE 2

1. Calculate the decay constant for cobalt-60 (T1/2 = 5.26 years) in units of month−1.
2. What will be the activity of a 5,000-Ci 60Co source after 4 years?

 a. From Equation 2.5, we have

l�
0.693

T1
2

since T1
2
 = 5.26 years = 63.12 months. Therefore,

l �  
0.693
63.12

 = 1.0979 × 10−2 month−1

 b. t = 4 years = 48 months. From Equation 2.4, we have

 A = A0e
−lt

	 = 5,000 × e−1.0979 × 10–2 × 48

	 = 2,952 Ci

Alternatively,

t = 4 years = 
4

5.26
T1

2
 = 0.760 T1

2

Therefore,

A = 5,000 × 
1

20.760
 = 2,952 Ci

Alternatively, reading the fractional activity from the universal decay curve given in Figure 2.2 
at time = 0.760T1/2 and then multiplying it with the initial activity, we get the desired answer.

ExamplE 3

When will 5 mCi of 131I (T1/2 = 8.05 days) and 2 mCi of 32P (T1/2 = 14.3 days) have equal 
activities? For 131I,

A0 = 5 mCi

and

l = 
0.693
8.05

 = 8.609 × 10−2 day−1

For 32P,

A0 = 2 mCi

and

l = 
0.693
14.3

 = 4.846 × 10−2 day−1

Suppose the activities of the two nuclides are equal after t days. Then, from Equation 2.4,

5 × e−8.609×10–2 ×	t = 2 × e−4.846×10–2 ×	t

Taking the natural log of both sides,

ln 5 – 8.609 × 10−2 × t = ln 2 – 4.846 × 10−2 × t

or 1.609 – 8.609 × 10−2 × t = 0.693 – 4.846 × 10−2 × t
or t = 24.34 days

Alternatively, one may plot the activity of each sample as a function of time. The activities of the 
two samples will be equal at the time when the two curves intersect each other.
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16 part I Basic physics

2.5. RADIOACTIVE SERIES 

There are a total of 118 elements known today. Of these, the first 92 (from Z = 1 to Z = 92) 
occur naturally. The others have been produced artificially. In general, the elements with lower Z 
tend to be stable whereas the ones with higher Z are radioactive. It appears that as the number 
of particles inside the nucleus increases, the forces that keep the particles together become less 
effective and, therefore, the chances of particle emission are increased. This is suggested by the 
observation that all elements with Z greater than 82 (lead) are radioactive.

All naturally occurring radioactive elements have been grouped into three series: the uranium 
series, the actinium series, and the thorium series. The uranium series originates with 238U hav-
ing a half-life of 4.51 × 109 years and goes through a series of transformations involving the 
emission of a and b particles. g rays are also produced as a result of some of these transforma-
tions. The actinium series starts from 235U with a half-life of 7.13 × 108 years and the thorium 
series begins with 232Th with half-life of 1.39 × 1010 years. All the series terminate at the stable 
isotopes of lead with mass numbers 206, 207, and 208, respectively. As an example and because 
it includes radium as one of its decay products, the uranium series is represented in Figure 2.3.

2.6. RADIOACTIVE EquILIbRIuM 

Many radioactive nuclides undergo successive transformations in which the original nuclide, called 
the parent, gives rise to a radioactive product nuclide, called the daughter. The naturally occurring 
radioactive series provides examples of such transitions. If the half-life of the parent is longer than 
that of the daughter, then after a certain time, a condition of equilibrium will be achieved, that is, the 
ratio of daughter activity to parent activity will become constant. In addition, the apparent decay 
rate of the daughter nuclide is then governed by the half-life or disintegration rate of the parent.

Two kinds of radioactive equilibria have been defined, depending on the relative half-lives of 
the parent and the daughter nuclides. If the half-life of the parent is not much longer than that 
of the daughter, then the type of equilibrium established is called the transient equilibrium. On 
the other hand, if the half-life of the parent is much longer than that of the daughter, then it can 
give rise to what is known as the secular equilibrium.
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Figure 2.3. the uranium series. 
(Data from U.S. Department of 
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Radiological Health Handbook,  
rev. ed. Washington, DC: U.S.  
Government printing Office; 1970.)
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Figure 2.4 illustrates the transient equilibrium between the parent 99Mo (T1/2 = 67 h) and the 
daughter 99mTc (T1/2 = 6 h). The secular equilibrium is illustrated in Figure 2.5 showing the case 
of 222Rn (T1/2 = 3.8 days) achieving equilibrium with its parent, 226Ra (T1/2 = 1,622 years).
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Figure 2.5. Illustration of secular equilibrium by 
the decay of 226ra to 222rn.

Figure 2.4. Illustration of transient equilibrium by 
the decay of 99Mo to 99mtc. It has been assumed that 
only 88% of the 99Mo atoms decay to 99mtc.
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18 part I Basic physics

A general equation can be derived relating the activities of the parent and daughter:

 A2 � A1

l2

l2 � l 1

 (1 � e�(l2�l1)t) (2.8)

where A1 and A2 are the activities of the parent and the daughter, respectively. l1 and l2 are the 
corresponding decay constants. In terms of the half-lives, T1 and T2, of the parent and daughter, 
respectively, the above equation can be rewritten as

 A2 � A1

T1

T1 � T2

 a1 � e�0.693 
T1 � T2

T1T2

 tb  (2.9)

Equation 2.9, when plotted, will initially exhibit a growth curve for the daughter before 
approaching the decay curve of the parent (Figures 2.4 and 2.5). In the case of a transient equi-
librium, the time t to reach the equilibrium value is very large compared with the half-life of 
the daughter. This makes the exponential term in Equation 2.9 negligibly small. Thus, after the 
transient equilibrium has been achieved, the relative activities of the two nuclides are given by

 
A2

A1

 �
l2

l2 � l1

 (2.10)

or in terms of half-lives

 
A2

A1

 �
T1

T1 � T2

 (2.11)

A practical example of the transient equilibrium is the 99Mo generator producing 99mTc for diag-
nostic procedures. Such a generator is sometimes called “cow” because the daughter product, in 
this case 99mTc, is removed or “milked” at regular intervals. Each time the generator is completely 
milked, the growth of the daughter and the decay of the parent are governed by Equation 2.9. 
It may be mentioned that not all the 99Mo atoms decay to 99mTc. Approximately 12% promptly 
decay to 99Tc without passing through the metastable state of 99mTc (1). Thus the activity of 
99Mo should be effectively reduced by 12% for the purpose of calculating 99mTc activity, using 
any of Equations 2.8 to 2.11.

Since in the case of a secular equilibrium, the half-life of the parent is very long compared with 
the half-life of the daughter, l2 is much greater than l1. Therefore, l1 can be ignored in Equation 2.8:

 A2 = A1(1 – e−l2t) (2.12)

Equation 2.12 gives the initial buildup of the daughter nuclide, approaching the activity of the 
parent asymptotically (Fig. 2.5). At the secular equilibrium, after a long time, the product l2t 
becomes large and the exponential term in Equation 2.12 approaches zero.

Thus at secular equilibrium and thereafter,

 A2 = A1 (2.13)

or

 l2 N2 = l1N1 (2.14)

A radium source in a sealed tube or needle (to keep in the radon gas) is an excellent example of 
secular equilibrium. After an initial time (approximately 1 month), all the daughter products are 
in equilibrium with the parent and we have the relationship

 l1N1 = l2 N2 = l3 N3 = … (2.15)

2.7. MODES OF RADIOACTIVE DECAY 

a. A paRTIClE DECaY

Radioactive nuclides with very high atomic numbers (greater than 82) decay most frequently 
with the emission of an a particle. It appears that as the number of protons in the nucleus 
increases beyond 82, the Coulomb forces of repulsion between the protons become large enough 
to overcome the nuclear forces that bind the nucleons together. Thus the unstable nucleus emits 
a particle composed of two protons and two neutrons. This particle, which is in fact a helium 
nucleus, is called the a particle.

As a result of a decay, the atomic number of the nucleus is reduced by 2 and the mass number 
is reduced by 4. Thus, a general reaction for a decay can be written as

Z
AX S  Z�2

A�4Y �  2
4He � Q
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Chapter 2 Nuclear transformations 19 

where Q represents the total energy released in the process and is called the disintegration 
energy. This energy, which is equivalent to the difference in mass between the parent nucleus 
and product nuclei, appears as kinetic energy of the a particle and the kinetic energy of the 
product nucleus. The equation also shows that the charge is conserved, because the charge on 
the parent nucleus is Ze (where e is the electronic charge); on the product nucleus it is (Z – 2)
e and on the a particle it is 2e.

A typical example of a decay is the transformation of radium to radon:

226
88Ra                  86

222Rn � 2
4He � 4.87 MeV

Since the momentum of the a particle must be equal to the recoil momentum of the radon 
nucleus and since the radon nucleus is much heavier than the a particle, it can be shown that 
the kinetic energy possessed by the radon nucleus is negligibly small (0.09 MeV) and that the 
disintegration energy appears almost entirely as the kinetic energy of the a particle (4.78 MeV).

The a particles emitted by radioactive substances have kinetic energies of about 5 to 10 MeV. 
From a specific nuclide, they are emitted with discrete energies.

B. B paRTIClE DECaY

The process of radioactive decay, which is accompanied by the ejection of a positive or a negative 
electron from the nucleus, is called the b decay. The negative electron, or negatron, is denoted by 
b−, and the positive electron, or positron, is represented by b+. Neither of these particles exists as 
such inside the nucleus, but is created at the instant of the decay process. The basic transforma-
tions may be written as

0
1n S  1

1p �
�1

   0b � n�(b �decay)

1
1p S  0

1n �
�1
   0b � n(b �decay)

where 1
1n, 1

1p, n�, and n stand for neutron, proton, antineutrino, and neutrino, respectively. The last 
two particles, namely antineutrino and neutrino, are identical particles but with opposite spins. 
They carry no charge and practically no mass.

b.1. Negatron Emission

The radionuclides with an excessive number of neutrons or a high neutron-to-proton (n/p) ratio 
lie above the region of stability (Fig. 1.1). These nuclei tend to reduce the n/p ratio to achieve 
stability. This is accomplished by emitting a negative electron. The direct emission of a neutron 
to reduce the n/p ratio is rather uncommon and occurs with some nuclei produced as a result of 
fission reactions.

The general equation for the negatron or b−decay is written as

Z
AX S

Z�1
      AY �

�1
   0b � n� � Q

where Q is the disintegration energy for the process. This energy is provided by the difference in 
mass between the initial nucleus Z

AX and the sum of the masses of the product nucleus Z�1
       AY and 

the particles emitted.
The energy Q is shared between the emitted particles (including g rays if emitted by the 

daughter nucleus) and the recoil nucleus. The kinetic energy possessed by the recoil nucleus is 
negligible because of its much greater mass compared with the emitted particles. Thus practi-
cally the entire disintegration energy is carried by the emitted particles. If there were only one 
kind of particle involved, all the particles emitted in such a disintegration would have the same 
energy equal to Q, thus yielding a sharp-line spectrum. However, the observed spectrum in the 
b decay is continuous, which suggests that there is more than one particle emitted in this process. 
For these reasons, Wolfgang Pauli (1931) introduced the hypothesis that a second particle, later 
known as the neutrino (2), accompanied each b particle emitted and shared the available energy.

The experimental data show that the b particles are emitted with all energies ranging from 
zero to the maximum energy characteristic of the b transition. Figure 2.6 shows the distribution 
of energy among the b particles of 32P. The overall transition is

32
15P               32

16S� 0
�1b� n� � 1.7 MeV

As seen in Figure 2.6, the endpoint energy of the b-ray spectrum is equal to the disintegration 
energy and is designated by Emax, the maximum electron energy. Although the shape of the energy 
spectrum and the values for Emax are characteristic of the particular nuclide, the average energy of 
the b particles from a b emitter is approximately Emax/3.

1,622 years

T 1
2

14.3 days

T 1
2

82453_ch02_p012-027.indd   19 1/17/14   3:06 PM



20 part I Basic physics

The neutrino has no charge and practically no mass. For that reason the probability of its 
interaction with matter is very small and its detection is extremely difficult. However, Fermi 
successfully presented the theoretical evidence of the existence of the neutrino and predicted the 
shape of the b-ray spectra. The existence of neutrinos has been verified by direct experiments.

b.2. Positron Emission

Positron-emitting nuclides have a deficit of neutrons, and their n/p ratios are lower than those of the 
stable nuclei of the same atomic number or neutron number (Fig. 1.1). For these nuclides to achieve 
stability, the decay mode must result in an increase of the n/p ratio. One possible mode is the b decay 
involving the emission of a positive electron or positron. The overall decay reaction is as follows:

Z
AX S  Z�1

      A Y �
�1
   0 b � n� Q

As in the case of the negatron emission, discussed previously, the disintegration energy Q is 
shared by the positron, the neutrino, and any g rays emitted by the daughter nucleus. Also, like 
the negatrons, the positrons are emitted with a spectrum of energies.

A specific example of positron emission is the decay of 11
22Na:

22
11Na                  10

  22Ne �
�1
   0 b � n� 1.82 MeV

The released energy, 1.82 MeV, is the sum of the maximum kinetic energy of the positron,  
0.545 MeV, and the energy of the g ray, 1.275 MeV.

An energy level diagram for the positron decay of 11
22Na is shown in Figure 2.7. The arrow 

representing b+ decay starts from a point 2m0c
2 (=1.02 MeV) below the energy state of the par-

ent atom. This excess energy, which is the equivalent of two electron masses, must be available 
as part of the transition energy for the positron emission to take place. In other words, for the 
b+ decay to occur, the mass-energy difference of 1.02 MeV between the parent and daughter 
atoms is needed to cover the loss of b+ (0.511 MeV) by the parent nucleus as well as the release 
of a valence electron (0.511 MeV) by the daughter atom. Also, it can be shown that the energy 
released in a positron decay process is given by the atomic mass difference between the parent 
and the daughter nuclides minus the 2m0c

2. The positron is unstable and eventually combines 
with another electron, producing annihilation of the particles. This event results in two g-ray 
photons, each of 0.511 MeV, thus converting two electron masses into energy.
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The phenomenon of positron-electron annihilation has a practical use in radiology—the develop-
ment of positron emission tomography (PET). An isotope such as 18F, incorporated into a metaboli-
cally active compound, emits positrons which are annihilated by electrons in the body tissues. For 
each annihilation two photons of 0.511 MeV are emitted in opposite directions. By detecting these 
photons by a ring of detectors in a circular geometry surrounding the patient, the site of annihila-
tion events and the intervening anatomy are reconstructed by using computer software (e.g., filtered 
back projection algorithm). The use of PET/CT in radiation therapy is discussed in Chapter 12.

C. ElECTRON CapTURE

The electron capture is a phenomenon in which one of the orbital electrons is captured by the 
nucleus, thus transforming a proton into a neutron:

1
1p �

�1
   0 e S  0

1n � n

The general equation of the nuclear decay is

Z
A X �

�1
   0e S  Z�1

      AY � n� Q

The electron capture is an alternative process to the positron decay. The unstable nuclei with 
neutron deficiency may increase their n/p ratio to gain stability by electron capture. As illustrated 
in Figure 2.7, 11

22Na decays 10% of the time by K electron capture. The resulting nucleus is still in 
the excited state and releases its excess energy by the emission of a g-ray photon. In general, the 
g decay follows the particle emission almost instantaneously (less than 10−9 seconds).

The electron capture process involves mostly the K shell electron because of its closeness to 
the nucleus. The process is then referred to as K capture. However, other L or M capture pro-
cesses are also possible in some cases.

The decay by electron capture creates an empty hole in the involved shell that is then filled with 
another outer orbit electron, thus giving rise to the characteristic x-rays. There is also the emission 
of Auger electrons, which are monoenergetic electrons produced by the absorption of characteristic 
x-rays by the atom and reemission of the energy in the form of orbital electrons ejected from the atom. 
The process can be crudely described as internal photoelectric effect (to be discussed in later chapters) 
produced by the interaction of the electron capture characteristic x-rays with the same atom.

Another name for characteristic x-rays produced by the interaction of photons with the atom 
is fluorescent x-rays. The excess energy released by the atom through electron transition from 
an outer orbit to an inner orbit appears as photons (fluorescent x-rays) or Auger electrons. 
The two processes are competing. The probability of fluorescent x-ray emission vs. Auger elec-
trons depends on the atomic number of the atom involved. Fluorescent yield (w), defined as the 
ratio of the number of characteristic photons emitted to the number of electron shell vacancies, 
increases with increase in atomic number. For large Z values fluorescent radiation is favored, 
while for low Z values Auger electrons are more probable. For example, Auger electrons are 
emitted more frequently in materials of Z < 30, while fluorescent yield predominates for higher 
Z. For soft tissue (Z ~ 7.64) w ~0; for tungsten (Z = 74) w ~ 0.93.

D. INTERNal CONVERSION

The emission of g rays from the nucleus is one mode by which a nucleus left in an excited state 
after a nuclear transformation gets rid of excess energy. There is another competing mechanism, 
called internal conversion, by which the nucleus can lose energy (Fig. 2.8). In this process, the 

Electrons

β− Y

N − 1
Z + 1

N − 1
Z + 1Z, N

Conversion
electron

e−

Energy of conversion electron from K shell E = EY − EK

Hole in
K shellElectrons

K shell

Figure 2.8. Schematic illustration of internal conversion. Left to right: the nucleus undergoes b− decay and creates a 
daughter nucleus, which is still in the excited state and decays by g emission. the g ray could be absorbed by the atom, 
ejecting a K-shell electron of energy (E

g
 – EK), thereby creating a vacancy in the K-shell orbit.
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22 part I Basic physics

excess nuclear energy is passed on to one of the orbital electrons, which is then ejected from the 
atom. The process can be crudely likened to an internal photoelectric effect in which the g ray 
escaping from the nucleus interacts with an orbital electron of the same atom. The kinetic energy 
of the internal conversion electron is equal to energy released by the nucleus minus the binding 
energy of the orbital electron involved.

As discussed in the case of the electron capture, the ejection of an orbital electron by internal 
conversion will create a vacancy in the involved shell, resulting in the production of characteris-
tic photons or Auger electrons (Fig. 2.9).

D.1. Isomeric Transition

In most radioactive transformations, the daughter nucleus loses the excess energy immediately 
in the form of g rays or by internal conversion. No radioactive nuclide, however, decays solely 
by g emission. In the case of some nuclides, the excited state of the nucleus persists for an 
appreciable time. In that case, the excited nucleus is said to exist in the metastable state. The 
metastable nucleus is an isomer of the final product nucleus which has the same atomic and 
mass number but different energy state. An example of such a nuclide commonly used in nuclear 
medicine is 99mTc, which is an isomer of 99Tc. As discussed earlier (Section 2.6), 99mTc is pro-
duced by the decay of 99Mo (T1/2 = 67 hours) and itself decays to 99Tc with a half-life of 6 hours.

2.8. NuCLEAR REACTIONS 

a. THE 𝛂, p REaCTION

The first nuclear reaction was observed by Rutherford in 1919 in an experiment in which he 
bombarded nitrogen gas with a particles from a radioactive source. Rutherford’s original trans-
mutation reaction can be written as

   7
 14N �   2

  4He S       8
  17O � 1

1H � Q

where Q generally represents the energy released or absorbed during a nuclear reaction. If Q is pos-
itive, energy has been released and the reaction is called exoergic, and if Q is negative, energy has 
been absorbed and the reaction is endoergic. Q is also called nuclear reaction energy or disintegra-
tion energy (as defined earlier in decay reactions) and is equal to the difference in the masses of the 
initial and final particles. As an example, Q may be calculated for the previous reaction as follows:

Mass of Initial Particles (amu) Mass of Final Particles (amu)

  7
14N = 14.003074   8

17O = 16.999133

2
4He �

4.002603
18.005677 1

1H �
1.007825

18.006958

The total mass of final particles is greater than that of the initial particles.
Difference in masses, Δm = 0.001281 amu.
Since 1 amu = 931 MeV, we get

Q = –0.001281 × 931 = –1.19 MeV

Energy of x-ray = EK − EL
Energy of Auger electron = (EK − EL) − EM

M shell

K shell

Hole

L shell

Auger electrons
X-ray

Figure 2.9. Schematic illustration of auger electron emission. the steps involved in the process are as follows:  
ejection of an orbital electron (e.g., by internal conversion) → creation of a hole in the shell (e.g., K shell) → filling of  
the hole by an electron from an outer shell (e.g., L shell) → emission of characteristic x-ray of energy (EK – EL) or →  
ejection of auger electron (e.g., from the M shell) with energy [(EK – EL) – EM].
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Thus the above reaction is endoergic, that is, at least 1.19 MeV of energy must be supplied for 
the reaction to take place. This minimum required energy is called the threshold energy for the 
reaction and must be available from the kinetic energy of the bombarding particle.

A reaction in which an a particle interacts with a nucleus to form a compound nucleus which, 
in turn, disintegrates immediately into a new nucleus by the ejection of a proton is called an a,p 
reaction. The first letter, a, stands for the bombarding particle and the second letter, p, stands for 
the ejected particle, in this case a proton. The general reaction of this type is written as

Z
A X �   2

   4He S   Z�1
 A�3Y �  1

1H � Q

A simpler notation to represent the previous reaction is AX(a,p)A+3Y. (It is not necessary to write 
the atomic number Z with the chemical symbol, since one can be determined by the other.)

B. THE 𝛂,n REaCTION

The bombardment of a nucleus by a particles with the subsequent emission of neutrons is 
designated as an a,n reaction. An example of this type of reaction is 9Be(a,n)12C. This was 
the first reaction used for producing small neutron sources. A material containing a mixture 
of radium and beryllium has been commonly used as a neutron source in research laborato-
ries. In this case, the a particles emitted by radium bombard the beryllium nuclei and eject 
neutrons.

C. pROTON BOmBaRDmENT

The most common proton reaction consists of a proton being captured by the nucleus with the 
emission of a g ray. The reaction is known as p,g. Examples are

7Li(p, g)8Be and 12C(p,g)13N

Other possible reactions produced by proton bombardment are of the type p,n; p,d; and p,a. The 
symbol d stands for the deuteron (1

2H).

D. DEUTERON BOmBaRDmENT

The deuteron particle is a combination of a proton and a neutron (1
2H). This combination appears 

to break down in most deuteron bombardments with the result that the compound nucleus emits 
either a neutron or a proton. The two types of reactions can be written as

Z
AX(d,n)Z�1

A�1Y and Z
AX(d,p)       Z

A�1X.

An important reaction that has been used as a source of high-energy neutrons is produced by the 
bombardment of beryllium by deuterons. The equation for the reaction is

 1
 2H �    4

  9Be S       5
  10B � 0

1n

The process is known as stripping. In this process, the deuteron is not captured by the nucleus 
but passes close to it. The proton is stripped off from the deuteron and the neutron continues to 
travel with high speed.

E. NEUTRON BOmBaRDmENT

Neutrons, because they possess no electric charge, are very effective in penetrating the nuclei 
and producing nuclear reactions. For the same reason, the neutrons do not have to possess high 
kinetic energies in order to penetrate the nucleus. As a matter of fact, slow neutrons or thermal 
neutrons (neutrons with average energy equal to the energy of thermal agitation in a material, 
which is about 0.025 eV at room temperature) have been found to be extremely effective in 
producing nuclear transformations. An example of a slow neutron capture is the n,a reaction 
with boron:

   5
 10B �   0

  1n S    3
  7Li � 2

4He

The previous reaction forms the basis of neutron detection. In practice, an ionization chamber 
(to be discussed later) is filled with boron gas such as BF3. The a particle released by the n,a reac-
tion with boron produces the ionization detected by the chamber.

The most common process of neutron capture is the n,g reaction. In this case, the compound 
nucleus is raised to one of its excited states and then immediately returns to its normal state 
with the emission of a g-ray photon. These g rays, called capture g rays, can be observed coming 
from a hydrogenous material such as paraffin used to slow down (by multiple collisions with 
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24 part I Basic physics

the nuclei) the neutrons and ultimately capture some of the slow neutrons. The reaction can be 
written as follows:

1
1H �  0

1n S  1
2H � g 

Because the thermal neutron has negligible kinetic energy, the energy of the capture g ray can be 
calculated by the mass difference between the initial particles and the product particles, assum-
ing negligible recoil energy of 1

2H.
Products of the n,g reaction, in most cases, have been found to be radioactive, emitting 

b particles. Typical examples are

27
59Co �  0

1n S  27
60Co � g 

followed by
60
27Co               28

60Ni �
�1

0b � g 1 � g 2

  79
197Au � 0

1n S   79
198Au � g 

followed by
198
79Au                 80

198Hg �
�1
   0b 

Another type of reaction produced by neutrons, namely the n,p reaction, also yields b emitters in 
most cases. This process with slow neutrons has been observed in the case of nitrogen:

  7
14N �  0

1n S    6
14C �  1

1H

followed by
14
6C                 7

14N �  
�1
   0b 

The example of a fast neutron n,p reaction is the production of 32P:

16
32S �  0

1n S   15
32P �  1

1H

followed by
32
15P                16

32S � 
�1

   0b 

It should be pointed out that whether a reaction will occur with fast or slow neutrons depends 
on the magnitude of the mass difference between the expected product nucleus and the bom-
barded nucleus. For example, in the case of an n,p reaction, if this mass difference exceeds 
0.000840 amu (mass difference between a neutron and a proton), then only fast neutrons will 
be effective in producing the reaction.

F. pHOTODISINTEGRaTION

An interaction of a high-energy photon with an atomic nucleus can lead to a nuclear reaction 
and to the emission of one or more nucleons. In most cases, this process of photodisintegration 
results in the emission of neutrons by the nuclei. An example of such a reaction is provided by 
the nucleus of 63Cu bombarded with a photon beam:

29
63Cu � g S   29

62Cu �  0
1n

The above reaction has a definite threshold, 10.86 MeV. This can be calculated by the definition 
of threshold energy, namely the difference between the rest energy of the target nucleus and that 
of the residual nucleus plus the emitted nucleon(s). Because the rest energies of many nuclei are 
known for a very high accuracy, the photodisintegration process can be used as a basis for energy 
calibration of machines producing high-energy photons.

In addition to the g,n reaction, other types of photodisintegration processes have been observed. 
Among these are g,p, g,d, g,t, and g,a, where d stands for deuteron and t stands for triton (1

3H).

G. FISSION

This type of reaction is produced by bombarding certain high atomic number nuclei by neutrons. 
The nucleus, after absorbing the neutron, splits into nuclei of lower atomic number as well as 
additional neutrons. A typical example is the fission of 235U with slow neutrons:

   92
235U �  0

1n S
  92
236U S    56

141Ba �  36
92Kr �  30

1n � Q

Thermal neutrons (slow neutrons of average energy ~0.025 eV) are more effective in produc-
ing fission reaction. The product nuclei of a fission reaction, called fragments, consist of many 
possible combinations of A and Z. The fission yield curve (Fig. 2.10) shows maximum yield at 
approximately A of 90 and 140.

The energy released Q can be calculated, as usual, by the mass difference between the original 
and the final particles and, in the above reaction, averages more than 200 MeV per reaction. 
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This energy appears as the kinetic energy of the product particles as well as g rays. The fission 
fragments carry most this energy (~167 MeV).

The additional neutrons released in the process may also interact with other 235U nuclei, 
thereby creating the possibility of a chain reaction. To induce a chain reaction, neutrons have to 
be slowed down to thermal energies by collision with nuclei of low Z material (e.g., graphite, 
water, heavy water), called moderators. However, a sufficient mass or, more technically, the criti-
cal mass of the fissile material (e.g., 235U) is required to sustain a chain reaction.

As seen in the above instance, the energy released per fission reaction is enormous. The process, 
therefore, has become a major energy source as in the case of nuclear reactors. In a nuclear reactor, 
the chain reactions are controlled and sustained in a steady state. In a nuclear bomb, on the other 
hand, the chain reaction is uncontrolled and occurs in a fraction of a second to cause explosion.

H. FUSION

Nuclear fusion may be considered the reverse of nuclear fission; that is, low-mass nuclei are 
combined to produce one nucleus. A typical reaction is

1
2H �  1

3H S
2
4He � 0

1n � Q

Because the total mass of the product particles is less than the total mass of the reactants, energy 
Q is released in the process. In the above example, the loss in mass is about 0.0189 amu, which 
gives Q = 17.6 MeV.

For the fusion reaction to occur, the nuclei must be brought sufficiently close together so that 
the repulsive coulomb forces are overcome and the short-range nuclear forces can initiate the 
fusion reaction. This is accomplished by heating low Z nuclei to very high temperatures (greater 
than 107 K) which are comparable with the inner core temperature of the sun. In practice, fission 
reactions have been used as starters for the fusion reactions.

2.9. ACTIVATION OF NuCLIDES 

Elements can be made radioactive by various nuclear reactions, some of which have been 
described in the preceding section. The yield of a nuclear reaction depends on parameters such 
as the number of bombarding particles, the number of target nuclei, and the probability of 
the occurrence of the nuclear reaction. This probability is proportional to a quantity called 
the cross section which is usually given in units of barns, where a barn is 10−24 cm2. The cross 
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 section of nuclear reaction depends on the nature of the target material as well as the type of 
the bombarding particles and their energy.

Another important aspect of activation is the growth of activity. It can be shown that in the 
activation of isotopes the activity of the transformed sample grows exponentially. If both the 
activation and decay of the material are considered, the actual growth of activity follows a net 
growth curve that reaches a maximum value, called saturation activity, after several half-lives. 
When that happens, the rate of activation equals the rate of decay.

As mentioned earlier, slow (thermal) neutrons are very effective in activating nuclides. High 
fluxes of slow neutrons (1010 to 1014 neutrons/cm2/s) are available in a nuclear reactor where 
neutrons are produced by fission reactions.

2.10. NuCLEAR REACTORS 

In nuclear reactors, the fission process is made self-sustaining by chain reaction in which some 
of the fission neutrons are used to induce still more fissions. The nuclear “fuel” is usually 235U, 
although thorium and plutonium are other possible fuels. The fuel, in the form of cylindrical 
rods, is arranged in a lattice within the reactor core. Because the neutrons released during fission 
are fast neutrons, they have to be slowed down to thermal energy (about 0.025 eV) by collisions 
with nuclei of low Z material. Such materials are called moderators. Typical moderators include 
graphite, beryllium, water, and heavy water (water with heavy hydrogen 1

2H as part of the molec-
ular structure). The fuel rods are immersed in the moderators. The reaction is “controlled” by 
inserting rods of material that efficiently absorbs neutrons, such as cadmium or boron. The 
position of these control rods in the reactor core determines the number of neutrons available to 
induce fission and thus control the fission rate or power output.

One of the major uses of nuclear reactors is to produce power. In this case, the heat generated 
by the absorption of g rays and neutrons is used for the generation of electrical power. In addi-
tion, because reactors can provide a large and continuous supply of neutrons, they are extremely 
valuable for producing radioisotopes used in nuclear medicine, industry, and research.

• Radioactivity:

•	 Emission	of	radiation	from	a	nucleus	in	the	form	of	particles,	g rays, or both is called 
radioactivity.

•	 Activity	A of a radioactive element is the rate of disintegration or decay and is given 
by A = A0 e

−lt, where A is activity at time t, A0 is activity at the start of time t, and l 
is the disintegration constant.

•	 Half-life	T1/2 and l are related by T1/2 = 0.693/l.

•	 Average	or	mean	life	Ta = 1/l = 1.44 T1/2.

•	 The	SI	unit	for	activity	is	Becquerel	(Bq). 1 Bq = 1 dps.

•	 A	practical	unit	of	activity	is	curie	(Ci).	1	Ci	= 3.7 × 1010 dps.

•	 Activity	of	1	g	of	radium	is	0.975	Ci.

• All of the naturally occurring radioactive elements have been grouped together into 
three series: uranium, actinium, and thorium. The rest (Z = 93 to 118) are produced 
artificially.

• Radioactive equilibrium:

•	 If	half-life	of	the	parent	nuclide	is	larger	than	that	of	the	daughter	nuclide,	a	condi-
tion of equilibrium occurs after a certain amount of time. At equilibrium, the ratio of 
daughter activity to parent activity becomes constant.

•	 Transient	equilibrium	occurs	when	the	half-life	of	the	parent	(T1) is not much longer 
than that of the daughter (T2) (e.g., decay of 99Mo to 99mTc). At transient equilibrium, 
the daughter activity A2 and the parent activity A1 are related by A2 = A1 × T1 /(T1 – T2).

•	 Secular	equilibrium	occurs	when	the	half-life	of	the	parent	is	much	longer	than	that	
of the daughter (e.g., decay of 226Ra to 222Rn). At secular equilibrium, A2 ≈ A1.

K e Y  p O I N t S

(continued)
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• Modes of decay:

•	 a particles are helium nuclei and are emitted by high atomic number radionuclides  
(Z > 82).

•	 b− particle is a negatively charged electron (negatron) emitted from a nucleus.

•	 b+ particle is a positively charged electron (positron) emitted from a nucleus.

•	 b particle does not exist as such in the nucleus but is emitted at the instant of a neu-
tron or a proton decay in the nucleus:

n → p+ + b− + antineutrino
p+ → n + b+ + neutrino

•	 b particles are emitted with a spectrum of energies, ranging from zero to a maximum. 
They share the available kinetic energy with the accompanying neutrino.

•	 The	average	energy	of	b particles is about one-third of the maximum energy.

•	 Electron	capture	is	a	process	in	which	a	nucleus	captures	an	orbital	electron,	thus	
transforming one of its protons into a neutron:

P+ + e− → n + n

•	 Electron	capture	creates	a	vacancy	in	the	electron	orbit	involved	which,	when	filled	by	
an outer orbit electron, gives rise to characteristic x-rays (fluorescent radiation) and/or 
Auger electrons. The process is likened to “internal photoelectric effect.”

•	 Internal	conversion	is	a	process	in	which	a	nucleus	in	the	excited	state	transfers	its	
excess energy to one of the orbital electrons, causing it to be ejected from the orbit. 
The ejected electron creates a vacancy in the involved shell and, as mentioned in the 
electron capture process, causes the emission of characteristic x-rays (fluorescent 
radiation) or Auger electrons.

•	 Fluorescent	yield	is	Z dependent, increasing from lower Z to higher Z.

•	 Isomeric	transition	involves	an	excited	nucleus	in	the	metastable	state	decaying	to	the	
ground state. Example: 99mTc decaying to 99Tc with a half-life of 6 hours.

• Nuclear reactions:

•	 Nuclear	reactions	can	be	produced	by	bombarding	heavier	nuclides	with	lighter	
nuclides or particles.

•	 Examples	of	bombarding	particles	are	a particles, protons, neutrons, deuterons, and  
g-ray photons.

•	 The	photodisintegration	process	is	responsible	for	contamination	of	the	high-energy	 
x-ray beams generated by linear accelerators.

•	 Radioactive	sources	used	in	radiation	therapy	are	produced	by	bombarding	nuclides	
in nuclear reactors or particle accelerators.

•	 Nuclear	fission	is	a	process	of	splitting	high	Z nucleus into two lower Z nuclei. The 
process results in the release of a large amount of energy. Example: fission of 235U 
nucleus by bombarding it with thermal neutrons (i.e., neutrons of energy < 0.025 eV). 
A chain reaction is possible with a critical mass of fissionable material.

•	 Nuclear	fusion	is	the	reverse	of	nuclear	fission—lighter	nuclei	are	fused	together	into	
heavier ones. Again, a large amount of energy is released in the process.

•	 Fusion	of	hydrogen	nuclei	into	helium	nuclei	is	the	source	of	our	sun’s	energy.

K e Y  p O I N t S  ( c o n t i n u e d )

R e f e r e n c e
1. U.S. Department of Health, Education, and Welfare. Radiological Health Handbook, rev. ed.  

Washington, DC: U.S. Government Printing Office; 1970.
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C H A P T E R

Production of X-Rays3
X-rays were discovered by Roentgen in 1895 while studying cathode rays (stream of electrons) 

in a gas discharge tube. He observed that another type of radiation was produced (presumably by 
the interaction of electrons with the glass walls of the tube) that could be detected outside the tube. 
This radiation could penetrate opaque substances, produce fluorescence, blacken a photographic 
plate, and ionize a gas. He named the new radiation x-rays.

Following this historic discovery, the nature of x-rays was extensively studied and many other 
properties were unraveled. Our understanding of their nature was greatly enhanced when they 
were classified as one form of electromagnetic radiation (Section 1.9).

3.1. THE X-RAY TUBE 

Figure 3.1 is a schematic representation of a conventional x-ray tube. The tube consists of a 
glass envelope which has been evacuated to high vacuum. At one end is a cathode (negative 
electrode) and at the other an anode (positive electrode), both hermetically sealed in the tube. 
The cathode is a tungsten filament which when heated emits electrons, a phenomenon known 
as thermionic emission. The anode consists of a thick copper rod, at the end of which is placed 
a small piece of tungsten target. When a high voltage is applied between the anode and the 
cathode, the electrons emitted from the filament are accelerated toward the anode and achieve 
high velocities before striking the target. The x-rays are produced by the sudden deflection or 
acceleration of the electron caused by the attractive force of the tungsten nucleus. The physics 
of x-ray production will be discussed later, in Section 3.5. The x-ray beam emerges through 
a thin glass window in the tube envelope. In some tubes, thin beryllium windows are used to 
reduce inherent filtration of the x-ray beam.

A. THE ANODE

The choice of tungsten as the target material in conventional x-ray tubes is based on the criteria 
that the target must have a high atomic number and high melting point. As will be discussed in 
Section 3.4, the efficiency of x-ray production depends on the atomic number, and for that rea-
son, tungsten with Z = 74 is a good target material. In addition, tungsten, which has a melting 
point of 3,370°C, is the element of choice for withstanding intense heat produced in the target 
by the electronic bombardment.

Efficient removal of heat from the target is an important requirement for the anode design. 
This has been achieved in some tubes by conduction of heat through a thick copper anode to the 
outside of the tube where it is cooled by oil, water, or air. Rotating anodes have also been used in 
diagnostic x-rays to reduce the temperature of the target at any one spot. The heat generated in 
the rotating anode is radiated to the oil reservoir surrounding the tube. It should be mentioned 
that the function of the oil bath surrounding an x-ray tube is to insulate the tube housing from 
the high voltage applied to the tube as well as absorb heat from the anode.

Some stationary anodes are hooded by a copper and tungsten shield to prevent stray electrons 
from striking the walls or other nontarget components of the tube. These are secondary electrons 
produced from the target when it is being bombarded by the primary electron beam. Whereas 
copper in the hood absorbs the secondary electrons, the tungsten shield surrounding the copper 
shield absorbs the unwanted x-rays produced in the copper.
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An important requirement of the anode design is the optimum size of the target area from which 
the x-rays are emitted. This area, which is called the focal spot, should be as small as  possible for 
producing sharp radiographic images. However, smaller focal spots generate more heat per unit 
area of target and, therefore, limit currents and exposure. In therapy tubes, relatively larger focal 
spots are acceptable since the radiographic image quality is not the overriding concern.

The apparent size of the focal spot can be reduced by the principle of line focus, illustrated in 
Figure 3.2. The target is mounted on a steeply inclined surface of the anode. The apparent side 
a is equal to A sin , where A is the side of the actual focal spot at an angle  with respect to 
the perpendicular to the electron beam direction. Since the other side of the actual focal spot is 
perpendicular to the electron, its apparent length remains the same as the original. The dimen-
sions of the actual focal spot are chosen so that the apparent focal spot results in an approximate 
square. Therefore, by making the target angle  small, side a can be reduced to a desired size. In 
diagnostic radiology, the target angles are quite small (6 to 17 degrees) to produce apparent focal 
spot sizes ranging from 0.1 × 0.1 to 2 × 2 mm2. In most therapy tubes, however, the target angle 
is larger (about 30 degrees) and the apparent focal spot ranges between 5 × 5 and 7 × 7 mm2.

Since the x-rays are produced at various depths in the target, they suffer varying amounts of 
attenuation in the target. There is greater attenuation for x-rays coming from greater depths than 
those from near the surface of the target. Consequently, the intensity of the x-ray beam decreases 
from the cathode to the anode direction of the beam. This variation across the x-ray beam is 
called the heel effect. The effect is particularly pronounced in diagnostic tubes because of the 
low x-ray energy and steep target angles. The problem can be minimized by using a compensat-
ing filter to provide differential attenuation across the beam in order to compensate for the heel 
effect and improve the uniformity of the beam.

B. THE CATHODE

The cathode assembly in a modern x-ray tube (Coolidge tube) consists of a wire filament, a circuit 
to provide filament current, and a negatively charged focusing cup. The function of the cathode 
cup is to direct the electrons toward the anode so that they strike the target in a well-defined area, 
the focal spot. Since the size of the focal spot depends on filament size, the diagnostic tubes usually 
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X-rays
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Figure 3.1. Schematic 
diagram of a therapy x-ray tube 
with a hooded anode.

a = A Sin θ
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Figure 3.2. Diagram illustrating the principle of line focus. the 
side A of the actual focal spot is reduced to side a of the apparent 
focal spot. the other dimension (perpendicular to the plane of the 
paper) of the focal spot remains unchanged.
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have two separate filaments to provide “dual-focus,” namely one small and one large focal spot. 
The material of the filament is tungsten, which is chosen because of its high melting point.

3.2. BASIC X-RAY CIRCUIT 

The actual circuit of a modern x-ray machine is very complex. In this section, however, we will 
consider only the basic aspects of the x-ray circuit.

A simplified diagram of a self-rectified therapy unit is shown in Figure 3.3. The circuit can 
be divided into two parts: the high-voltage circuit to provide the accelerating potential for the 
electrons and the low-voltage circuit to supply heating current to the filament. Since the voltage 
applied between the cathode and the anode is high enough to accelerate all the electrons across 
to the target, the filament temperature or filament current controls the tube current (the current 
in the circuit due to the flow of electrons across the tube) and hence the x-ray intensity.

The filament supply for electron emission usually consists of 10 V at about 6 A. As shown in 
Figure 3.3, this can be accomplished by using a step-down transformer in the AC line voltage. 
The filament current can be adjusted by varying the voltage applied to the filament. Since a small 
change in this voltage or filament current produces a large change in electron emission or the current 
(Fig. 3.12), a special kind of transformer is used which eliminates normal variations in line voltage.

The high voltage to the x-ray tube is supplied by the step-up transformer (Fig. 3.3). The 
primary of this transformer is connected to an autotransformer and a rheostat. The function of 
the autotransformer is to provide a stepwise adjustment in voltage. The device consists of a coil 
of wire wound on an iron core and operates on the principle of inductance. When an alternat-
ing line voltage is applied to the coil, potential is divided between the turns of the coil. By using 
a selector switch, a contact can be made to any turn, thus varying the output voltage which is 
measured between the first turn of the coil and the selector contact.

The rheostat is a variable resistor, i.e., a coil of wire wound on a cylindrical object with a 
sliding contact to introduce as much resistance in the circuit as desired and thus vary the volt-
age in a continuous manner. It may be mentioned that, whereas there is appreciable power loss 
in the rheostat because of the resistance of the wires, the power loss is small in the case of the 
inductance coil since the wires have low resistance.

The voltage input to the high-tension transformer or the x-ray transformer can be read on 
a voltmeter in the primary part of its circuit. The voltmeter, however, is calibrated so that its 
reading corresponds to the kilovoltage which will be generated by the x-ray transformer secon-
dary coil in the output part of the circuit and applied to the x-ray tube. The tube voltage can 
be measured by the sphere gap method in which the voltage is applied to two metallic spheres 
separated by an air gap. The spheres are slowly brought together until a spark appears. There is 
a mathematical relationship between the voltage, the diameter of the spheres, and the distance 
between them at the instant that the spark first appears.

Milliammeter

X-ray tube
Step-down

filament
transformer

Choke coil
filament control

(mA control)

Voltage
selector
switch

Main power line

Step-up
high-voltage
transformer

Voltmeter

Rheostat

Auto transformer
(kVp control)

Figure 3.3. Simplified circuit diagram of a self-rectified x-ray unit.
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The tube current can be read on a milliammeter in the high-voltage part of the tube circuit. 
The meter is actually placed at the midpoint of the x-ray transformer secondary coil, which is 
grounded. The meter, therefore, can be safely placed at the operator’s console.

The alternating voltage applied to the x-ray tube is characterized by the peak voltage and 
the frequency. For example, if the line voltage is 220 V at 60 cycles/s, the peak voltage will be  
22012 = 311 V, since the line voltage is normally expressed as the root mean square value. 
Thus, if this voltage is stepped up by an x-ray transformer of turn ratio 500:1, the resultant peak 
voltage applied to the x-ray tube will be 22012 × 500 = 155,564 V = 155.6 kV.

Since the anode is positive with res pect to the cathode only through half the voltage cycle, 
the tube current flows through that half of the cycle. During the next half-cycle, the voltage is 
reversed and the current cannot flow in the reverse direction. Thus, the tube current as well as 
the x-rays will be generated only during the half-cycle when the anode is positive. A machine 
operating in this manner is called the self-rectified unit. The variation with time of the voltage, 
tube current, and x-ray intensity1 is illustrated in Figure 3.4.

3.3. VOLTAGE RECTIFICATION 

The disadvantage of the self-rectified circuit is that no x-rays are generated during the inverse 
voltage cycle (when the anode is negative relative to the cathode), and therefore, the output of 
the machine is relatively low. Another problem arises when the target gets hot and emits elec-
trons by the process of thermionic emission. During the inverse voltage cycle, these electrons 
will flow from the anode to the cathode and bombard the cathode filament. This can destroy 
the filament.

The problem of tube conduction during inverse voltage can be solved by using voltage recti-
fiers. Rectifiers placed in series in the high-voltage part of the circuit prevent the tube from con-
ducting during the inverse voltage cycle. The current will flow as usual during the cycle when the 
anode is positive relative to the cathode. This type of rectification is called half-wave rectification 
and is illustrated in Figure 3.4.

The high-voltage rectifiers are either valve or solid state type. The valve rectifier is similar in 
principle to the x-ray tube. The cathode is a tungsten filament and the anode is a metallic plate 
or cylinder surrounding the filament. The current2 flows only from the anode to the cathode but 
the valve will not conduct during the inverse cycle even if the x-ray target gets hot and emits 
electrons.

1 Intensity is defined as the time variation of energy fluence or total energy carried by particles (in this case, 
photons) per unit area per unit time. The term is also called energy flux density.

2 Here the current means conventional current. The electronic or tube current will flow from the cathode to the 
anode.
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Figure 3.4. Graphs illustrating the variation with time of the line voltage, the tube kilovoltage, the tube current, 
and the x-ray intensity for self- or half-wave rectification. the half-wave rectifier circuit is shown on the right. rectifier 
indicates the direction of conventional current (opposite to the flow of electrons).
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A valve rectifier can be replaced by solid state rectifiers. These rectifiers consist of conductors 
which have been coated with certain semiconducting elements such as selenium, silicon, and 
germanium. These semiconductors conduct electrons in one direction only and can withstand 
reverse voltage up to a certain magnitude. Because of their very small size, thousands of these 
rectifiers can be stacked in series in order to withstand the given inverse voltage.

Rectifiers can also be used to provide full-wave rectification. For example, four rectifiers 
can be arranged in the high-voltage part of the circuit so that the x-ray tube cathode is nega-
tive and the anode is positive during both half-cycles of voltage. This is schematically shown 
in  Figure 3.5. The electronic current flows through the tube via ABCDEFGH when the trans-
former end A is negative and via HGCDEFBA when A is positive. Thus the electrons flow 
from the filament to the target during both half-cycles of the transformer voltage. As a result 
of full-wave rectification, the effective tube current is higher since the current flows during 
both half-cycles.

In addition to rectification, the voltage across the tube may be kept nearly constant by a 
smoothing condenser (high capacitance) placed across the x-ray tube. Such constant potential 
circuits have been used in x-ray machines for therapy.

3.4. HIGH-OUTPUT X-RAY GENERATORS 

A. THREE-PHASE GENERATORS

In x-ray imaging, it is important to have high-enough x-ray output in a short time so that the 
effect of patient motion is minimal and does not create blurring of the image. This can be done 
through the use of a three-phase x-ray generator in which the high voltage applied to the x-ray 
tube is in three phases. The three-phase (3 f) power line is supplied through three separate wires 
and is stepped up by an x-ray transformer with three separate windings and three separate iron 
cores. The voltage waveform in each wire is kept slightly out of phase with each other, so that 
the voltage across the tube is always near maximum (Fig. 3.6).

With the three-phase power and full-wave rectification, six voltage pulses are applied to the 
x-ray tube during each power cycle. This is known as a three-phase, six-pulse system. The volt-
age ripple, defined as [(Vmax – Vmin)/Vmax] ×100, is 13% to 25% for this system. By creating a 
slight delay in phase between the three-phase rectified voltage waveforms applied to the anode 
and the cathode, a three-phase, 12-pulse circuit is obtained. Such a system shows much less 
ripple (3% to 10%) in the voltage applied to the x-ray tube.

B. CONSTANT POTENTIAL GENERATORS

The so-called constant potential x-ray generator uses a three-phase line voltage coupled directly 
to the high-voltage transformer primary. The high voltage thus generated is smoothed and regu-
lated by a circuit involving rectifiers, capacitors, and triode valves. The voltage supplied to the 
tube is nearly constant, with a ripple of less than 2%. Such a generator provides the highest x-ray 
output per mAs (milliampere second) exposure. However, it is a very large and expensive genera-
tor, used only for special applications.
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Figure 3.5. Graphs illustrat-
ing the variation with time of the 
line voltage, the tube kilovoltage, 
the tube current, and the x-ray 
intensity for full-wave rectifica-
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C. HIGH-FREQUENCY GENERATORS

A much smaller and state-of-the-art generator that provides nearly a constant potential to the 
x-ray tube is the high-frequency x-ray generator (Fig. 3.7). This generator uses a single-phase 
line voltage which is rectified and smoothed (using capacitors) and then fed to a chopper and 
inverter circuit. As a result, the smooth, direct current (DC) voltage is converted into a high-
frequency (5 to 100 kHz) alternating current (AC) voltage. A step-up transformer converts this 
high-frequency low-voltage AC into a high-voltage AC which is then rectified and smoothed to 
provide a nearly constant high- voltage potential (with a ripple of less than 2%) to the x-ray tube. 
The principal advantages of a high-frequency generator are (a) reduced weight and size, (b) low 
voltage ripple, (c) greatest achievable efficiency of x-ray production, (d) maximum x-ray output 
per mAs, and (e) shorter exposure times.

3.5. PHYSICS OF X-RAY PRODUCTION 

There are two different mechanisms by which x-rays are produced. One gives rise to bremsstrah-
lung x-rays and the other characteristic x-rays. These processes were briefly mentioned earlier 
(Sections 1.5 and 3.1) but now will be presented in greater detail.

A. BREMSSTRAHLUNG

The process of bremsstrahlung (braking radiation) is the result of radiative “collision” (interac-
tion) between a high-speed electron and a nucleus. The electron while passing near a nucleus 
may be deflected from its path by the action of Coulomb forces of attraction and lose energy 
as bremsstrahlung, a phenomenon predicted by Maxwell’s general theory of electromagnetic 
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 radiation. According to this theory, energy is propagated through space by electromagnetic 
fields. As the electron, with its associated electromagnetic field, passes in the vicinity of a 
nucleus, it suffers a sudden deflection and acceleration. As a result, a part or all of its energy 
is dissociated from it and propagates in space as electromagnetic radiation. The mechanism of 
bremsstrahlung production is illustrated in Figure 3.8.

Since an electron may have one or more bremsstrahlung interactions in the material and an 
interaction may result in partial or complete loss of electron energy, the resulting bremsstrahlung 
photon may have any energy up to the initial energy of the electron. Also, the direction of emis-
sion of bremsstrahlung photons depends on the energy of the incident electrons (Fig. 3.9). At 
electron energies below about 100 keV, x-rays are emitted more or less equally in all directions. 
As the kinetic energy of the electrons increases, the direction of x-ray emission becomes increas-
ingly forward. Therefore, transmission-type targets are used in megavoltage x-ray tubes (accel-
erators) in which the electrons bombard the target from one side and the x-ray beam is obtained 
on the other side. In the low-voltage x-ray tubes, it is technically advantageous to obtain the 
x-ray beam on the same side of the target, i.e., at 90 degrees with respect to the electron beam 
direction.

The energy loss per atom by electrons depends on the square of the atomic number (Z2). Thus 
the probability of bremsstrahlung production varies with Z2 of the target material. However, 
the efficiency of x-ray production depends on the first power of atomic number and the voltage 
applied to the tube. The term efficiency is defined as the ratio of output energy emitted as x-rays 
to the input energy deposited by electrons. It can be shown (1,2) that

Efficiency = 9 × 10−10 ZV

where V is tube voltage in volts. From the above equation, it can be shown that the efficiency of 
x-ray production with tungsten target (Z = 74) for electrons accelerated through 100 kV is less 
than 1%. The rest of the input energy (∼99%) appears as heat. Efficiency improves considerably 
for high-energy x-rays, reaching 30% to 95% for accelerator beams depending upon energy. The 
accuracy of above equation is limited to a few megavolts.

Nucleus
hυ

e

e Figure 3.8. Illustration of the bremsstrahlung process.
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Figure 3.9. Schematic illustration of 
spatial distribution of x-rays around a 
thin target.
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B. CHARACTERISTIC X-RAYS

Electrons incident on the target also produce characteristic x-rays. The mechanism of their 
 production is illustrated in Figure 3.10. An electron, with kinetic energy E0, may interact with 
the atoms of the target by ejecting an orbital electron, such as a K, L, or M electron, leaving the 
atom ionized. The original electron will recede from the collision with energy E0 – ΔE, where 
ΔE is the energy given to the orbital electron. A part of ΔE is spent in overcoming the binding 
energy of the electron and the rest is carried by the ejected electron. When a vacancy is created 
in an orbit, an outer orbital electron will fall down to fill that vacancy. In so doing, the energy 
is radiated in the form of electromagnetic radiation. This is called characteristic radiation, i.e., 
characteristic of the atoms in the target and of the shells between which the transitions took 
place. With higher atomic number targets and the transitions involving inner shells such as 
K and L, the characteristic radiations emitted are of energies high enough to be considered in 
the x-ray part of the electromagnetic spectrum. Table 3.1 gives the major characteristic radiation 
energies produced in a tungsten target.

It should be noted that, unlike bremsstrahlung, characteristic x-rays are emitted at discrete 
energies. If the transition involved an electron descending from the L shell to the K shell, then the 
photon emitted will have energy hv = EK – EL, where EK and EL are the electron-binding energies 
of the K shell and the L shell, respectively.

The threshold energy that an incident electron must possess in order to first strip an electron 
from the atom is called critical absorption energy. These energies for some elements are given in 
Table 3.2.

3.6. X-RAY ENERGY SPECTRA 

X-ray photons produced by an x-ray machine are heterogeneous in energy. The energy spectrum 
shows a continuous distribution of energies for the bremsstrahlung photons superimposed by 
characteristic radiation of discrete energies. A typical spectral distribution is shown in Figure 3.11.

M

L

K

Primary
electron

Ejected
K electron
∆E − EK

Primary electron
after collision
E0− ∆E

K characteristic
radiation

Nucleus
E0

Figure 3.10. Diagram to explain the  
production of characteristic radiation.

TABLE 3.1   Principal Characteristic X-Ray Energies for Tungsten

Series Lines Transition Energy (keV)

K K2 NIII–K 69.09

K1 MIII–K 67.23

Ka1 LIII–K 59.31

Ka2 LII–K 57.97

L Lg1 NIV–LII 11.28

L2 NV–LIII  9.96

L1 MIV–LII  9.67

LaI MV–LIII  8.40

La2 MIV–LIII  8.33

(Data from U.S. Department of health, education, and Welfare. Radiological Health Handbook. rev. ed. Washington, DC: 
U.S. Government printing Office; 1970.)
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If no filtration, inherent or added, of the beam is assumed, the calculated energy spectrum 
will be a straight line (shown as dotted lines in Fig. 3.11) and mathematically given by Kramer’s 
equation (3):

 IE = KZ(Em – E) (3.1)

where IE is the intensity of photons with energy E, Z is the atomic number of the target, Em is 
the maximum photon energy, and K is a constant. As pointed out earlier, the maximum possible 
energy that a bremsstrahlung photon can have is equal to the energy of the incident electron. 
The maximum energy in kiloelectron volts (keV) is numerically equal to the voltage difference 
between the anode and the cathode in kilovolts peak (kVp). However, the intensity of such pho-
tons is zero as predicted by the previous equation, that is, IE = 0 when E = Em.

The unfiltered energy spectrum discussed previously is considerably modified as the photons 
experience inherent filtration (absorption in the target, glass walls of the tube, or thin beryl-
lium window). The inherent filtration in conventional x-ray tubes is usually equivalent to about 
0.5- to 1.0-mm aluminum. Added filtration, placed externally to the tube, further modifies the 
spectrum. It should be noted that the filtration affects primarily the initial low-energy part of the 
spectrum and does not affect significantly the high-energy photon distribution.

The purpose of the added filtration is to enrich the beam with higher-energy photons by 
absorbing the lower-energy components of the spectrum. As the filtration is increased, the trans-
mitted beam hardens, i.e., it achieves higher average energy and therefore greater penetrating 
power. Thus, the addition of filtration is one way of improving the penetrating power of the 
beam. The other method, of course, is by increasing the voltage across the tube. Since the total 
intensity of the beam (area under the curves in Fig. 3.11) decreases with increasing filtration 
and increases with voltage, a proper combination of voltage and filtration is required to achieve 
desired hardening of the beam as well as acceptable intensity.

The shape of the x-ray energy spectrum is the result of the alternating voltage applied to the 
tube, multiple bremsstrahlung interactions within the target, and filtration in the beam. How-
ever, even if the x-ray tube were to be energized with a constant potential, the x-ray beam would 
still be heterogeneous in energy because of the multiple bremsstrahlung processes that result in 
different energy photons.

Because of the x-ray beam having a spectral distribution of energies, which depends on volt-
age as well as filtration, it is difficult to characterize the beam quality in terms of energy, pen-
etrating power, or degree of beam hardening. A practical rule of thumb is often used which 
states that the average x-ray energy is approximately one-third of the maximum energy or kVp. 

TABLE 3.2  Critical Absorption Energies (keV)

Element

Level H C O Al Ca Cu Sn I Ba W Pb U

Z 1 6 8 13 20 29 50 53 56 74 82  92

K 0.0136 0.283 0.531  1.559  4.038  8.980 29.190 33.164 37.41 69.508 88.001 115.59

L  0.087  0.399  1.100  4.464  5.190     5.995 12.090 15.870     21.753

(Data from U.S. Department of health, education, and Welfare. Radiological Health Handbook. rev. ed. Washington, DC: U.S. Government printing 
Office; 1970.)
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Figure 3.11. Spectral distribution of x-rays 
calculated for a thick tungsten target using 
equation 3.1. Dotted curves are for no filtration 
and the solid curves are for a filtration of  
1-mm aluminum. (redrawn from Johns he, 
Cunningham Jr. The Physics of Radiology.  
3rd ed. Springfield, IL: Charles C thomas; 1969, 
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Of course, the one-third rule is a rough approximation since filtration significantly alters the 
average energy. Another  quantity, known as half-value layer, has been defined to describe the 
quality of an x-ray beam. This topic is discussed in detail in Chapter 7.

3.7. OPERATING CHARACTERISTICS 

In this section, the relationships between x-ray output, filament current, tube current, and tube 
voltage are briefly discussed. The output of an x-ray machine can also be expressed in terms of 
the ionization it produces in air. This quantity, which is a measure of ionization per unit mass of 
air, is called exposure.

The filament current affects the emission of electrons from the filament and, therefore, the 
tube current. Figure 3.12a shows the typical relationship between the relative exposure rate and 
the filament current measured in amperes (A). The figure shows that under typical operating 
conditions (filament current of 5 to 6 A), a small change in filament current produces a large 
change in relative exposure rate. This means that the constancy of filament current is critical to 
the constancy of the x-ray output.

In Figure 3.12b, the exposure rate is plotted as a function of the tube current. There is a linear 
relationship between exposure rate and tube current. As the current or milliamperage is doubled, 
the output is also doubled.

The increase in the x-ray output with increase in voltage, however, is much greater than that 
given by a linear relationship. Although the actual shape of the curve (Fig. 3.12c) depends on 
the filtration, the output of an x-ray machine varies approximately as a square of kilovoltage.
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Figure 3.12. Illustration of typical 
operating characteristics. plots of relative 
exposure rate versus (a) filament current 
at a given kVp, (b) tube current at a given 
kVp, and (c) tube voltage at a given tube 
current.

• The x-ray tube:

•	 X-ray	tube	is	highly	evacuated	to	prevent	electron	interactions	with	air.

•	 Choice	of	tungsten	for	filament	(cathode)	and	target	(anode)	is	based	on	its	having	a	
high melting point (3,370°C) and a high atomic number (Z = 74), which is needed 
to boost the efficiency of x-ray production.

•	 Heat	generated	in	the	target	must	be	removed	to	prevent	target	damage,	e.g.,	using	a	
copper anode to conduct heat away, a rotating anode, fans, and an oil bath around 
the tube. The function of the oil bath is to provide electrical insulation as well as heat 
absorption.

K e Y  p O I N t S

(continued )
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K e Y  p O I N t S  ( c o n t i n u e d )

•	 The	function	of	a	hooded	anode	(tungsten	+ copper shield around target) is to pre-
vent stray electrons from striking the nontarget components of the tube and absorbing 
bremsstrahlung as a result of their interactions.

•	 Apparent	focal	spot	size	a is given as follows: a = A sin , where A is the side of 
actual focal spot presented at an angle  with respect to the perpendicular to the 
direction of the electron beam (Fig. 3.2). The apparent focal spot size ranges from 
0.1 × 0.1 to 2 × 2 mm2 for imaging, and 5 × 5 to 7 × 7 mm2 for orthovoltage 
therapy tubes.

•	 Peak	voltage	on	an	x-ray	tube	= √2 · line voltage · transformer turn ratio.

•	 Rectifiers	conduct	electrons	in	one	direction	only	and	can	withstand	reverse	voltage	
up to a certain magnitude. Full-wave rectification increases effective tube current.

•	 X-ray	output	per	mAs	can	be	substantially	increased	by	applying	three-phase	power	
to the x-ray tube. A three-phase, six-pulse generator delivers high-voltage pulses with 
a voltage ripple of 13% to 25%.

•	 A	three-phase,	12-pulse	generator	is	capable	of	providing	high-voltage	pulses	to	the	
x-ray tube with much less ripple (3% to 10%).

•	 A	high-frequency	generator	provides	nearly	constant	high-voltage	potential	(with	a	
ripple of less than 2%). Consequently, it generates higher x-ray output per mAs and 
shorter exposure times.

• X-ray production:

•	 X-rays	are	produced	by	two	different	mechanisms:	bremsstrahlung	and	characteristic 
 x-ray emission.

•	 Bremsstrahlung	x-rays	have	a	spectrum	of	energies.	The	maximum	energy	is	numeri-
cally equal to the peak voltage. Average energy is about one-third of the maximum 
energy.

•	 Characteristic	x-rays	have	discrete	energies,	corresponding	to	the	energy	level	differ-
ence between shells involved in the electron transition.

•	 The	higher	the	energy	of	electrons	bombarding	the	target,	the	more	forward	the	direc-
tion of x-ray emission.

•	 The	efficiency	of	x-ray	production	is	proportional	to	the	atomic	number	Z	of	the	tar-
get and the voltage applied to the tube. The efficiency is less than 1% for x-ray tubes 
operating at 100 kVp (99% of input energy is converted into heat). The efficiency 
improves considerably for high-energy accelerator beams (30% to 95%, depending 
upon energy).

• Operating characteristics:

•	 Output	(exposure	rate)	of	an	x-ray	machine	is	very	sensitive	to	the	filament	current.	
The output increases proportionally with tube current and approximately with the 
square of the voltage.
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Clinical Radiation Generators4
4.1. KILOVOLTAGE UNITS 

Up to about 1950, most of the external beam radiotherapy was carried out with x-rays gene-
rated at voltages up to 300 kVp. Subsequent development of higher-energy machines and the 
increasing popularity of the cobalt-60 units in the 1950s and the 1960s resulted in a gradual 
demise of the conventional kilovoltage machines. However, these machines have not completely 
disappeared. Even in the present era of the megavoltage beams, there is still some use for the 
lower-energy beams, especially in the treatment of superficial skin lesions.

In Chapter 3, we discussed in general the principle and operation of an x-ray generator. In this 
chapter, we will consider in particular the salient features of the therapy machines.

On the basis of beam quality and their use, the x-ray therapy in the kilovoltage range has been 
divided into subcategories (1,2). The following ranges are more in accordance with the National 
Council on Radiation Protection and Measurements (NCRP) (2).

A. GRENZ-RAY THERAPY

The term Grenz-ray therapy is used to describe treatment with beams of very soft (low-energy) 
x-rays produced at potentials below 20 kV. Because of the very low depth of penetration (Fig. 4.1, 
line a), such radiations are no longer used in radiation therapy.

B. CONTACT THERAPY

A contact therapy or endocavitary machine operates at potentials of 40 to 50 kV and facilitates 
irradiation of accessible lesions at very short source (focal spot) to surface distances (SSD). The 
machine operates typically at a tube current of 2 mA. Applicators available with such machines 
can provide an SSD of 2.0 cm or less. A filter of 0.5- to 1.0-mm thick aluminum is usually inter-
posed in the beam to absorb the very soft component of the energy spectrum.

Because of very short SSD and low voltage, the contact therapy beam produces a very rapidly 
decreasing depth dose1 in tissue. For that reason, if the beam is incident on a patient, the skin 
surface is maximally irradiated but the underlying tissues are spared to an increasing degree with 
depth. The dose versus depth curve or simply the depth–dose curve of a typical contact therapy 
beam is shown in Figure 4.1, line b. It is readily seen that this quality of radiation is useful for 
tumors not deeper than 1 to 2 mm. The beam is almost completely absorbed with 2 cm of soft 
tissue. Endocavitary x-ray machines have been used in the treatment of superficial rectal cancers.

C. SUPERFICIAL THERAPY

The term superficial therapy applies to treatment with x-rays produced at potentials ranging 
from 50 to 150 kV. Varying thicknesses of filtration (usually 1- to 6-mm aluminum) are added 
to harden the beam to a desired degree. As mentioned in Section 3.6, the degree of hardening or 
beam quality can be expressed as the half-value layer (HVL). The HVL is defined as the thickness 
of a specified material that, when introduced into the path of the beam, reduces the exposure rate 
by one-half. Typical HVLs used in the superficial range are 1.0- to 8.0-mm Al.

1 The term dose, or absorbed dose, is defined as the energy absorbed per unit mass of the irradiated material.
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The superficial treatments are usually given with the help of applicators or cones attachable 
to the diaphragm of the machine. The SSD typically ranges between 15 and 20 cm. The machine 
is usually operated at a tube current of 5 to 8 mA.

As seen in Figure 4.1, line c, a superficial beam of the quality shown is useful for irradiating 
tumors confined to about 5-mm depth (~90% depth dose). Beyond this depth, the dose dropoff 
is too severe to deliver adequate depth dose without considerable overdosing of the skin surface.

D. ORTHOVOLTAGE THERAPY OR DEEP THERAPY

The term orthovoltage therapy, or deep therapy, is used to describe treatment with x-rays pro-
duced at potentials ranging from 150 to 500 kV. Most orthovoltage equipment is operated at 
200 to 300 kV and 10 to 20 mA. Various filters have been designed to achieve HVLs between 
1 and 4 mm Cu. An orthovoltage machine is shown in Figure 4.2.

Although cones can be used to collimate the beam into a desired size, a movable diaphragm, 
consisting of lead plates, permits a continuously adjustable field size. The SSD is usually set at 50 cm.

Figure 4.2. Photograph of Siemens 
Stabilapan.

Figure 4.1. Depth–dose curves in water or soft tissues for 
various quality beams. Line a: Grenz rays, HVL = 0.04 mm al, 
field diameter = 33 cm, SSD = 10 cm. Line b: Contact therapy, 
HVL = 1.5 mm al, field diameter = 2.0 cm, SSD = 2 cm. Line c: 
Superficial therapy, HVL = 3.0 mm al, field diameter = 3.6 cm, 
SSD = 20 cm. Line d: Orthovoltage, HVL = 2.0 mm Cu, field 
size = 10 × 10 cm, SSD = 50 cm. Line e: Cobalt-60 γrays, field 
size = 10 × 10 cm, SSD = 80 cm. (Plotted from data in Cohen 
M, Jones DEa, Green D, eds. Central axis depth–dose data 
for use in radiotherapy. Br J Radiol. 1978[suppl 11]. the British 
Institute of radiology, London, with permission.)
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Figure 4.1, line d, shows a depth–dose curve for a moderately filtered orthovoltage beam. 
Although the actual depth–dose distribution would depend on many conditions such as  kilovoltage, 
HVL, SSD, and field size, some generalizations can be made from this curve about the orthovolt-
age beam characteristics. The maximum dose occurs close to the skin surface, with 90% of that 
value occurring at a depth of about 2 cm. Thus, in a single field treatment, adequate dose cannot be 
delivered to a tumor beyond this depth. However, by increasing beam filtration or HVL and com-
bining two or more beams directed at the tumor from different directions, a higher dose to deeper 
tumors is delivered. As will be discussed in further detail in Chapter 11, there are severe limitations 
to the use of orthovoltage beam in treating lesions deeper than 2 to 3 cm. The greatest limitation 
is the skin dose, which becomes prohibitively large when adequate doses are to be delivered to 
deep-seated tumors. In the early days of radiation therapy, when orthovoltage was the highest 
energy available, treatments were given until radiation tolerance of the skin was reached. Although 
 methods were developed to use multiple beams and other techniques to keep the skin dose under 
tolerance limits, the problem of high skin dose remained an overriding concern in the orthovoltage 
era. With the availability of cobalt teletherapy, the skin-sparing properties of higher-energy radia-
tion (Fig. 4.1, line e) became the major reason for the modern trend to megavoltage beams.

Although skin dose and depth–dose distribution have been presented here as two examples of 
the limitations posed by low-energy beams, there are other properties such as increased absorbed 
dose in bone and increased scattering that make orthovoltage beams unsuitable for the treatment 
of tumors behind bone.

E. SUPERVOLTAGE THERAPY

X-ray therapy in the range of 500 to 1,000 kV has been designated as high-voltage therapy or 
supervoltage therapy. In a quest for higher-energy x-ray beams, considerable progress was made 
in the 1950s and 1960s toward developing higher-voltage machines. The major problem at that 
time was insulating the high-voltage transformer. It soon became apparent that conventional 
transformer systems were not suitable for producing potential much above 300 kVp. However, 
with the rapidly advancing technology of the times, new approaches to the design of high-energy 
machines were found. One of these machines is the resonant transformer, in which the voltage is 
stepped up in a very efficient manner.

E.1. Resonant Transformer Units

Resonant transformer units have been used to generate x-rays from 300 to 2,000 kV.  The schematic 
diagram of the apparatus is shown in Figure 4.3. In this apparatus, the secondary of the high- voltage 
transformer (without the iron core) is connected in parallel with capacitors distributed lengthwise 
inside the x-ray tube. The combination of the transformer secondary and the capacitance in parallel 
exhibits the phenomenon of resonance. At the resonant frequency, the oscillating potential attains 
very high amplitude. Thus, the peak voltage across the x-ray tube becomes very large when the 
transformer is tuned to resonate at the input frequency. Since the electrons attain high energies 
before striking the target, a transmission-type target (Section 3.4) may be used to obtain the x-ray 
beam on the other side of the target. The electrical insulation is provided by pressurized Freon gas.

F. MEGAVOLTAGE THERAPY

X-ray beams of energy 1 MV or greater can be classified as megavoltage beams. Although the 
term strictly applies to the x-ray beams, the γ-ray beams produced by radionuclides are also 
commonly included in this category if their energy is 1 MeV or greater. Examples of clinical 
megavoltage machines are accelerators such as Van de Graaff generator, linear accelerator, beta-
tron and microtron, and teletherapy γ-ray units such as cobalt-60.

Cooling water

Target

X-rays

Focusing
coil

Filament
Electrons

Input
line voltageFigure 4.3. Diagram of a resonant transformer unit.
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4.2. VAN DE GRAAFF GENERATOR 

The Van de Graaff machine is an electrostatic accelerator designed to accelerate charged particles. 
In radiotherapy, the unit accelerates electrons to produce high-energy x-rays, typically at 2 MV.

Figure 4.4 shows a schematic diagram illustrating the basic principle of a Van de Graaff 
 generator. In this machine, a charge voltage of 20 to 40 kV is applied across a moving belt of insu-
lating material. A corona discharge takes place and electrons are sprayed onto the belt. These elec-
trons are carried to the top where they are removed by a collector connected to a spherical dome. 
As the negative charges collect on the sphere, a high potential is developed between the sphere and 
the ground. This potential is applied across the x-ray tube consisting of a filament, a series of metal 
rings, and a target. The rings are connected to resistors to provide a uniform drop of potential from 
the bottom to the top. X-rays are produced when the electrons strike the target.

Van de Graaff machines are capable of reaching voltages up to 25 MV, limited only by size 
and required high-voltage insulation. Normally the insulation is provided by a mixture of nitro-
gen and CO2 or sulfur hexafluoride (SF6). The generator is enclosed in a steel tank and is filled 
with the gas mixture at a pressure of about 20 atm.

Van de Graaff and resonant transformer (Section 4.1.E) units for clinical use are no lon-
ger produced commercially. The reason for their demise is the emergence of technically better 
machines such as cobalt-60 units and linear accelerators.

4.3. LINEAR ACCELERATOR

The linear accelerator (linac) is a device that uses high-frequency electromagnetic waves to accel-
erate charged particles such as electrons to high energies through a linear tube. The high-energy 
electron beam itself can be used for treating superficial tumors, or it can be made to strike a 
target to produce x-rays for treating deep-seated tumors.

There are several types of linear accelerator designs, but the ones used in radiation therapy 
accelerate electrons either by traveling or stationary electromagnetic waves of frequency in the 
microwave region (~3,000 megacycles/s). The difference between traveling wave and station-
ary wave accelerators is the design of the accelerator structure. Functionally, the traveling wave 
 structures require a terminating, or “dummy,” load to absorb the residual power at the end of 
the structure, thus preventing a backward reflected wave. On the other hand, the standing wave 
structures provide maximum reflection of the waves at both ends of the structure so that the com-
bination of forward and reverse traveling waves will give rise to stationary waves. In the standing 
wave design, the microwave power is coupled into the structure via side coupling cavities rather 
than through the beam aperture. Such a design tends to be more efficient than the traveling wave 
designs since axial, beam transport cavities, and the side cavities can be independently optimized 
(3). However, it is more expensive and requires installation of a circulator (or isolator) between 
the power source and the structure to prevent reflections from reaching the power source. For 
further details on this subject and linear accelerator operation the reader is referred to Karzmark, 
Nunan, and Tanabe (3).
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Figure 4.4. a Van de Graaff generator.
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Figure 4.5 is a block diagram of a medical linear accelerator showing major components 
and auxiliary systems. A power supply provides direct current (DC) power to the modulator, 
which includes the pulse-forming network and a switch tube known as hydrogen thyratron. High- 
voltage pulses from the modulator section are flat-topped DC pulses of a few microseconds in 
duration. These pulses are delivered to the magnetron or klystron2 and simultaneously to the 
electron gun. Pulsed microwaves produced in the magnetron or klystron are injected into the 
accelerator tube or structure via a waveguide system. At the proper instant electrons, produced by 
an electron gun, are also pulse injected into the accelerator structure. Figure 4.6 shows the time 
duration of klystron (or magnetron) voltage pulse, microwave pulse, electron gun voltage pulse, 
and radiation pulse. The pulse duration in each case is the same (~5 ms). The interpulse duration 
is longer (~5 ms).

The accelerator structure (or accelerator waveguide) consists of a copper tube with its inte-
rior divided by copper disks or diaphragms of varying aperture and spacing. This section is 
evacuated to a high vacuum. As the electrons are injected into the accelerator structure with 
an initial energy of about 50 keV, the electrons interact with the electromagnetic field of the 

2 Magnetron and klystron are both devices for producing microwaves. Whereas magnetrons are  generally less 
expensive than klystrons, the latter have a long life span. In addition, klystrons are capable of  delivering 
higher-power levels required for high-energy accelerators and are preferred as the beam  energy approaches 
20 MeV or higher.
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44 Part I Basic Physics

microwaves. The electrons gain energy from the sinusoidal electric field by an acceleration 
process analogous to that of a surf rider.

As the high-energy electrons emerge from the exit window of the accelerator structure, they 
are in the form of a pencil beam of about 3 mm in diameter. In the low-energy linacs (up to 
6 MV) with relatively short accelerator tube, the electrons are allowed to proceed straight on 
and strike a target for x-ray production. In the higher-energy linacs, however, the accelerator 
structure is too long and, therefore, is placed horizontally or at an angle with respect to the hori-
zontal. The electrons are then bent through a suitable angle (usually about 90 or 270 degrees) 
between the accelerator structure and the target. The precision bending of the electron beam is 
accomplished by the beam transport system consisting of bending magnets, focusing coils, and 
other components.

A. THE MAGNETRON

The magnetron is a device that produces microwaves. It functions as a high-power oscillator, 
generating microwave pulses of several microseconds’ duration and with a repetition rate of 
several hundred pulses per second. The frequency of the microwaves within each pulse is about 
3,000 MHz.

The magnetron has a cylindrical construction, having a central cathode and an outer anode 
with resonant cavities machined out of a solid piece of copper (Fig. 4.7). The space between the 
cathode and the anode is evacuated. The cathode is heated by an inner filament and the electrons 
are generated by thermionic emission. A static magnetic field is applied perpendicular to the 
plane of the cross section of the cavities and a pulsed DC electric field is applied between the 
cathode and the anode. The electrons emitted from the cathode are accelerated toward the anode 
by the action of the pulsed DC electric field. Under the simultaneous influence of the magnetic 

A B

C
Anode

C

E

Cathode

+

−

−

−

+

+

+

T

Cathode

Peripheral
cavity

Filament
connections

Cooling water
connections

Output
waveguide

Tuning
knob

Figure 4.7. A, B: Cutaway  magnetron 
pictures. C: Cross-sectional diagram 
 showing principle of magnetron operation. 
(From Karzmark CJ, Morton rJ. A Primer on 
Theory and Operation of Linear Accelerators 
in Radiation Therapy. rockville, MD: U.S. 
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field, the electrons move in complex spirals toward the resonant cavities, radiating energy in the 
form of microwaves. The generated microwave pulses are led to the accelerator structure via the 
waveguide.

Typically, magnetrons operate at a 2-MW peak power output to power low-energy linacs 
(6 MV or less). Although most higher-energy linacs use klystrons, accelerators of energy as high 
as 25 MeV have been designed to use magnetrons of about 5 MW power.

B. THE KLYSTRON

The klystron is not a generator of microwaves but rather a microwave amplifier. It needs to be 
driven by a low-power microwave oscillator.

Figure 4.8 shows a cross-sectional drawing of an elementary two-cavity klystron. The electrons 
produced by the cathode are accelerated by a negative pulse of voltage into the first cavity, called 
the buncher cavity, which is energized by low-power microwaves. The microwaves set up an 
alternating electric field across the cavity. The velocity of the electrons is altered by the action of 
this electric field to a varying degree by a process known as velocity modulation. Some electrons 
are speeded up while others are slowed down and some are unaffected. This results in bunching 
of electrons as the velocity-modulated beam passes through a field-free space in the drift tube.

As the electron bunches arrive at the catcher cavity (Fig. 4.8), they induce charges on the ends 
of the cavity and thereby generate a retarding electric field. The electrons suffer deceleration, 
and by the principle of conservation of energy, the kinetic energy of electrons is converted into 
high-power microwaves.

C. THE LINAC X-RAY BEAM

Bremsstrahlung x-rays are produced when the electrons are incident on a target of a high-Z 
material such as tungsten. The target is water cooled, and it is thick enough to absorb the 
incident electrons. As a result of bremsstrahlung-type interactions (Section 3.4.A), the electron 
energy is converted into a spectrum of x-ray energies with maximum energy equal to the inci-
dent electron energy. The average photon energy of the beam is approximately one-third of the 
maximum energy.

D. THE ELECTRON BEAM

As mentioned previously, the electron beam, as it exits the window of the accelerator tube, is 
a narrow pencil about 3 mm in diameter. In the electron mode of linac operation, this beam, 
instead of striking the target, is made to strike an electron scattering foil to spread the beam as 
well as get a uniform electron fluence across the treatment field. The scattering foil consists of a 
thin high-Z metallic foil (e.g., lead, tantalum). The thickness of the foil is such that most of the 
electrons are scattered instead of suffering bremsstrahlung. However, a small fraction of the total 
energy is still converted into bremsstrahlung and appears as x-ray contamination of the electron 
beam. Most systems also employ a secondary low-Z foil of variable thickness to flatten the elec-
tron beam. The low atomic number material is chosen to minimize additional brehmsstrahlung 
radiation produced in the beam.
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Figure 4.8. Cross-sectional drawing of a two-cavity klystron. (From Karzmark CJ, Morton rJ. A Primer on 
Theory and Operation of Linear Accelerators in Radiation Therapy. rockville, MD: U.S. Department of Health and 
Human Services, Bureau of radiological Health; 1981, with permission.)
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In some linacs, the broadening of the electron beam is accomplished by electromagnetic scan-
ning of the electron pencil beam over a large area. Although this minimizes the x-ray contami-
nation, some x-rays are still produced by electrons striking the collimator walls or other high 
atomic number materials in the electron collimation system.

E. TREATMENT HEAD

The treatment head (Fig. 4.9A–C) consists of a thick shell of high-density shielding material 
such as lead, tungsten, or lead–tungsten alloy. It contains an x-ray target, scattering foil, flat-
tening filter, ion chamber, fixed and movable collimator, and light localizer system. The head 
provides sufficient shielding against leakage radiation in accordance with radiation protection 
guidelines (see Chapter 16).

F. TARGET AND FLATTENING FILTER

In Section 3.4.A, we discussed the angular distribution of x-rays produced by electrons of various 
energies incident on a target. Since linear accelerators produce electrons in the megavoltage range, 
the x-ray intensity is peaked in the forward direction. To make the beam intensity uniform across 
the field, a flattening filter is inserted in the beam (Fig. 4.9A). This filter is usually made of lead, 
although tungsten, uranium, steel, aluminum, or a combination has also been used or suggested. 
The choice of target and flattening filter materials has been discussed by Podgorsak et al. (4).

G. BEAM COLLIMATION AND MONITORING

The treatment beam is first collimated by a fixed primary collimator located immediately beyond 
the x-ray target. In the case of x-rays, the collimated beam then passes through the flattening 
filter. In the electron mode, the filter is moved out of the way (Fig. 4.9B).

The flattened x-ray beam or the electron beam is incident on the dose monitoring chambers. 
The monitoring system consists of several ion chambers or a single chamber with multiple plates. 
Although the chambers are usually transmission type, i.e., flat parallel plate chambers to cover 
the entire beam, cylindrical thimble chambers have also been used in some linacs.

The function of the ion chamber is to monitor dose rate, integrated dose, and field symmetry. 
Since the chambers are in a high-intensity radiation field and the beam is pulsed, it is important 
to make sure that the ion collection efficiency of the chambers remains unchanged with changes 
in the dose rate. Bias voltages in the range of 300 to 1,000 V are applied across the chamber elec-
trodes, depending on the chamber design. Contrary to the beam calibration chambers, the moni-
tor chambers in the treatment head are usually sealed so that their response is not influenced by 
temperature and pressure of the outside air. In some linacs (e.g., Elekta), however, the monitor 
chambers are not sealed but have automatic pressure and temperature compensation system. In 
either case, these chambers have to be periodically checked to ensure that their response is inde-
pendent of environmental temperature and pressure.
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After passing through the ion chambers, the beam is further collimated by a continuously 
movable x-ray collimator. This collimator consists of two pairs of lead or tungsten blocks (jaws) 
which provide a rectangular opening from 0 × 0 to the maximum field size (40 × 40 cm2 or a 
little less) projected at a standard distance such as 100 cm from the x-ray source (focal spot on 
the target). The collimator blocks are constrained to move so that the block edge is always along 
a radial line passing through the x-ray source position.

In addition to the x-ray jaws, modern accelerators are equipped with multileaf collimators to 
provide irregularly shaped field blocking and intensity modulation for intensity-modulated radi-
ation therapy (IMRT). The topics of multileaf collimators and IMRT are discussed in  Chapters 
13 and 20.

The field size definition is provided by a light localizing system in the treatment head. 
A combination of mirror and a light source located in the space between the chambers and the 
jaws projects a light beam as if emitting from the x-ray focal spot. Thus the light field is congru-
ent with the radiation field. Frequent checks are required to ensure this important requirement 
of field alignment.

Whereas the x-ray collimation systems of most medical linacs are similar, the electron col-
limation systems vary widely. Since electrons scatter readily in air, the beam collimation must be 
achieved close to the skin surface of the patient. There is a considerable scattering of electrons from 
the collimator surfaces including the movable jaws. Dose rate can change by a factor of two or 
three as the collimator jaws are opened to maximum field size limits. If the electrons are collimated 
by the same jaws, as for x-rays, there will be an extremely stringent requirement on the accuracy 
of the jaw opening, since output so critically depends on the surface area of the collimator. This 
problem has been solved by keeping the x-ray collimator wide open and attaching an auxiliary col-
limator for electrons in the form of trimmers extended down to the skin surface. In other systems, 
the auxiliary electron collimator consists of a set of attachable cones of various sizes.

The dose distribution in an electron field is significantly influenced by the collimation system 
provided with the machine because of electron scattering.

H. GANTRY

Most of the linear accelerators currently produced are so constructed that the source of radiation 
can rotate about a horizontal axis (Fig. 4.10). As the gantry rotates, the collimator axis (suppos-
edly coincident with the central axis of the beam) moves in a vertical plane. The point of inter-
section of the collimator axis and the axis of rotation of the gantry is known as the isocenter. 
Modern accelerators, like the one shown in Figure 4.10, are also equipped with gantry-mounted 
imaging systems for image-guided radiation therapy (to be discussed in Chapter 25).

4.4. BETATRON 

The operation of the betatron is based on the principle that an electron in a changing magnetic 
field experiences acceleration in a circular orbit. Figure 4.11 shows a schematic drawing of the 
machine. The accelerating tube is shaped like a hollow doughnut and is placed between the 
poles of an alternating current magnet. A pulse of electrons is introduced into this evacuated 
doughnut by an injector at the instant that the alternating current cycle begins. As the magnetic 
field rises, the electrons experience acceleration continuously and spin with increasing velocity 

Figure 4.10. Photograph of Varian 
trilogy linear accelerator. (Courtesy of 
Varian Oncology Systems, Palo alto, 
California.)
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around the tube. By the end of the first quarter cycle of the alternating magnetic field, the elec-
trons have made several thousand revolutions and achieved maximum energy. At this instant or 
earlier, depending on the energy desired, the electrons are made to spiral out of the orbit by an 
additional attractive force. The high-energy electrons then strike a target to produce x-rays or a 
scattering foil to produce a broad beam of electrons.

Betatrons were first used for radiotherapy in the early 1950s. They preceded the introduction 
of linear accelerators by a few years. Although the betatrons can provide x-ray and electron 
therapy beams over a wide range of energies, from less than 6 to more than 40 MeV, they are 
inherently low-electron-beam current devices. The x-ray dose rates and field size capabilities of 
medical betatrons are low compared with medical linacs and even modern cobalt units. How-
ever, in the electron therapy mode, the beam current is adequate to provide a high dose rate. The 
reason for this difference between x-ray and electron dose rates is that the x-ray production via 
bremsstrahlung as well as beam flattening requires a much larger primary electron beam current 
(about 1,000 times) than that required for the electron therapy beam.

The availability of medium energy linacs with high x-ray dose rates, large field sizes, and elec-
tron therapy energies up to 20 MeV has given the linacs a considerable edge in popularity over 
the betatrons. Moreover, many radiation therapists regard the small field size and dose rate capa-
bilities of the betatron as serious disadvantages to the general use of the device. Thus, a signifi-
cant increase in betatron installations in this country, paralleling medical linacs, seems unlikely.

4.5. MICROTRON 

The microtron is an electron accelerator that combines the principles of both the linear accelera-
tor and the cyclotron (Section 4.6). In the microtron, the electrons are accelerated by the oscil-
lating electric field of one or more microwave cavities (Fig. 4.12A,B). A magnetic field forces the 
electrons to move in a circular orbit and return to the cavity. As the electrons receive higher and 
higher energy by repeated passes through the cavity, they describe orbits of increasing radius 
in the magnetic field. The cavity voltage, frequency, and magnetic field are so adjusted that the 
electrons arrive each time in the correct phase at the cavity. Because the electrons travel with an 
approximately constant velocity (almost the speed of light), the above condition can be main-
tained if the path length of the orbits increases with one microwave wavelength per revolution. 
The microwave power source is either a klystron or a magnetron.

The extraction of the electrons from an orbit is accomplished by a narrow deflection tube of 
steel that screens the effect of the magnetic field. When the beam energy is selected, the deflection 
tube is automatically moved to the appropriate orbit to extract the beam.

The principal advantages of the microtron over a linear accelerator of comparable energy 
are its simplicity, easy energy selection, and small beam energy spread as well as the smaller size 
of the machine. Because of the low energy spread of the accelerated electrons and small beam 
emittance (product of beam diameter and divergence), the beam transport system is greatly sim-
plified. These characteristics have encouraged the use of a single microtron to supply a beam to 
several treatment rooms.

Although the method of accelerating electrons used in the microtron was proposed as early 
as in 1944 by Veksler (5), the first microtron for radiotherapy (a 10-MeV unit) was described by 
Reistad and Brahme (6) in 1972. Later, a 22-MeV microtron (7) was developed by AB Scanditro-
nix and installed at the University of Umeå, Sweden. This particular model (MM 22) produced 
two x-rays beams of energy 6 or 10 and 21 MV and 10 electron beams of 2, 5, 7, 9, 11, 13, 16, 
18, 20, and 22 MeV.

The circular microtron, as described above and shown schematically in Figure 4.11A, is a 
bulky structure because it requires a large magnetic gap to accommodate accelerating cavity and 
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Figure 4.11. Diagram illustrating the operation of a betatron.
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large diameter magnetic field to accommodate the large number of spaced orbits with limited 
energy gain per orbit. These constraints are removed by a racetrack microtron, which uses a 
standing wave linac structure (instead of a single cavity) to accelerate the electrons (Fig. 4.12B). 
The parameters of a 50-MeV racetrack microtron developed at the Royal Institute of Technol-
ogy, Stockholm, are given by Rosander et al. (8). A review is also provided by Karzmark et al. (3).

4.6. CYCLOTRON 

The cyclotron is a charged particle accelerator, mainly used for nuclear physics research. In 
radiation therapy, these machines have been used as a source of high-energy protons for proton 
beam therapy. More recently, the cyclotrons have been adopted for generating neutron beams. 
In the latter case, the deuterons (1

2H � )are accelerated to high energies and then made to strike 
a suitable target to produce neutrons by nuclear reactions. One such reaction occurs when a 
beam of deuterons, accelerated to a high energy (~15 to 50 MeV), strikes a target of low atomic 
number, such as beryllium. Neutrons are produced by a process called stripping (Section 2.8.D). 
Another important use of the cyclotron in medicine is as a particle accelerator for the production 
of certain radionuclides.

A schematic diagram illustrating the principle of cyclotron operation is shown in Fig-
ure 4.13. The machine consists essentially of a short metallic cylinder divided into two sec-
tions, usually referred to as Ds. These Ds are highly evacuated and placed between the poles 
of a DC magnet (not shown), producing a constant magnetic field. An alternating potential 
is applied between the two Ds. Positively charged particles such as protons or deuterons are 
injected into the chamber at the center of the two Ds. Under the action of the magnetic field, 
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Figure 4.12. A: Schematic diagram of a circular microtron unit. (reprinted with permission from aB 
 Scanditronix, Uppsala, Sweden.) B: Electron orbits and accelerating cavities in a racetrack microtron. (From 
 Karzmark CJ, Nunan CS, tanabe E. Medical Electron Accelerators. New York, NY: McGraw-Hill; 1993, with permission.)
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the particles travel in a circular orbit. The frequency of the alternating potential is adjusted 
such that as the particle passes from one D to the other, it is accelerated by the electric field of 
the right polarity. With each pass between the Ds, the particle receives an increment of energy 
and the radius of its orbit increases. Thus, by making many revolutions, the particle such as a 
deuteron achieves kinetic energy as high as 30 MeV.

There is a limit to the energy that a particle can attain by the above process. According to the the-
ory of relativity, as the particle reaches high velocity (in the relativistic range), further  acceleration 
causes the particle to gain in mass. This causes the particle to get out of step with the frequency of 
the alternating potential applied to the Ds. This problem has been solved in the synchrotrons where 
the frequency of the potential is adjusted to compensate for the increase in particle mass.

4.7. MACHINES USING RADIONUCLIDES 

Radionuclides such as radium-226, cesium-137, and cobalt-60 have been used as sources of 
g rays for teletherapy.3 These g rays are emitted from the radionuclides as they undergo radioac-
tive disintegration.

Of all the radionuclides, 60Co has proved to be the most suitable for external beam radio-
therapy. The reasons for its choice over radium and cesium are higher possible specific activity 
(curies per gram), greater radiation output per curie, and higher average photon energy. These 
characteristics for the three radionuclides are compared in Table 4.1. In addition, radium is much 
more expensive and has greater self-absorption of its radiation than either cesium or cobalt.

A. COBALT-60 UNIT

A.1. Source

The 60Co source is produced by irradiating ordinary stable 59Co with neutrons in a reactor. The 
nuclear reaction can be represented by 59Co(n,g) 60Co.

The 60Co source, usually in the form of a solid cylinder, disks, or pallets, is contained inside 
a stainless-steel capsule and sealed by welding. This capsule is placed into another steel capsule 
which is again sealed by welding. The double-welded seal is necessary to prevent any leakage of 
the radioactive material.

3 Teletherapy is a general term applied to external beam treatments in which the source of radiation is at a large 
distance from the patient.
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Figure 4.13. Diagram illustrating the principle of operation of  
a cyclotron.

TABLE 4.1   Teletherapy Source Characteristics

Radionuclide Half-Life (y)
G-Ray Energy 

(MeV)

Γ-Valuea 

 

Specific Activity 
Achieved in Practice 

(Ci/g)

radium-226 (filtered 
by 0.5 mm Pt)

1,622 0.83 (avg.) 0.825 ~0.98

Cesium-137    30.0 0.66 0.326 ~50

Cobalt-60     5.26 1.17, 1.33 1.30 ~200

a Exposure rate constant (Γ) is discussed in Chapter 8. the higher the Γ value, the greater the exposure rate or output 
per curie of the teletherapy source.

Rm2 

Ci − h
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The 60Co source decays to 60Ni with the emission of β particles (Emax = 0.32 MeV) and two 
photons per disintegration of energies 1.17 and 1.33 MeV (decay scheme given in Fig. 1.5). 
These g rays constitute the useful treatment beam. The β particles are absorbed in the cobalt 
metal and the stainless-steel capsules resulting in the emission of bremsstrahlung x-rays and a 
small amount of characteristic x-rays. However, these x-rays of average energy around 0.1 MeV 
do not contribute appreciably to the dose in the patient because they are strongly attenuated 
in the material of the source and the capsule. The other “contaminants” to the treatment beam 
are the lower-energy g rays produced by the interaction of the primary g radiation with the 
source itself, the surrounding capsule, the source housing, and the collimator system. The scat-
tered components of the beam contribute significantly (~10%) to the total intensity of the beam 
(9). All these secondary interactions thus, to some extent, result in heterogeneity of the beam. 
In addition, electrons are also produced by these interactions and constitute what is usually 
referred to as the electron contamination of the photon beam.

A typical teletherapy 60Co source is a cylinder of diameter ranging from 1.0 to 2.0 cm and is 
positioned in the cobalt unit with its circular end facing the patient. The fact that the radiation 
source is not a point source complicates the beam geometry and gives rise to what is known as 
the geometric penumbra.

A.2. Source Housing

The housing for the source is called the sourcehead (Fig. 4.14). It consists of a steel shell filled 
with lead for shielding purposes and a device for bringing the source in front of an opening in 
the head from which the useful beam emerges.

Also, a heavy metal alloy sleeve is provided to form an additional primary shield when the 
source is in the off position.

Figure 4.14. Photograph of cobalt unit, theratron 780. (Courtesy of atomic Energy of Canada, Ltd., 
Ottawa, Canada.) Illustration of transmission penumbra: A: Nondivergent collimating block. B: Divergent 
collimating block.
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A number of methods have been developed for moving the source from the off position to 
the on position. These methods have been discussed in detail by Johns and Cunningham (10). 
It will suffice here to mention briefly four different mechanisms: (a) the source mounted on a 
rotating wheel inside the sourcehead to carry the source from the off position to the on position;  
(b) the source mounted on a heavy metal drawer plus its ability to slide horizontally through a 
hole running through the sourcehead—in the on position the source faces the aperture for the 
treatment beam and in the off position the source moves to its shielded location and a light 
source mounted on the same drawer occupies the on position of the source; (c) mercury is 
allowed to flow into the space immediately below the source to shut off the beam; and (d) the 
source is fixed in front of the aperture and the beam can be turned on and off by a shutter con-
sisting of heavy metal jaws. All of the above mechanisms incorporate a safety feature in which 
the source is returned automatically to the off position in case of a power failure.

A.3. Beam Collimation and Penumbra

A collimator system is designed to vary the size and shape of the beam to meet the individual treat-
ment requirements. The simplest form of a continuously adjustable diaphragm consists of two pairs 
of heavy metal blocks. Each pair can be moved independently to obtain a square or a rectangle-
shaped field. Some collimators are multivane type, i.e., multiple blocks to control the size of the 
beam. In either case, if the inner surface of the blocks is made parallel to the central axis of the 
beam, the radiation will pass through the edges of the collimating blocks resulting in what is known 
as the transmission penumbra (illustrated in Fig. 4.15A). The extent of this penumbra will be more 
pronounced for larger collimator openings because of greater obliquity of the rays at the edges of 
the blocks. This effect has been minimized in some designs by shaping the collimator blocks so that 
the inner surface of the blocks remains always parallel to the edge of the beam (Fig. 4.15B). In these 
collimators, the blocks are hinged to the top of the collimator housing so that the slope of the blocks 
is coincident with the included angle of the beam. Although the transmission penumbra can be mini-
mized with such an arrangement, it cannot be completely removed for all field sizes.

The term penumbra, in a general sense, means the region, at the edge of a radiation beam, 
over which the dose rate changes rapidly as a function of distance from the beam axis (10). The 
transmission penumbra, mentioned above, is the region irradiated by photons which are trans-
mitted through the edge of the collimator block.

Another type of penumbra, known as the geometric penumbra, is illustrated in Figure 4.16. 
The geometric width of the penumbra (Pd) at any depth (d) from the surface of a patient can be 
determined by considering similar triangles ABC and DEC. From geometry, we have
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 (4.1)

If AB = s, the source diameter, OM = SDD, the source to diaphragm distance, OF = SSD, the 
source to surface distance, then from the previous equation, the penumbra (DE) at depth d is 
given by

 Pd �
s(SSD � d � SDD)

SDD
 (4.2)

The penumbra at the surface can be calculated by substituting d = 0 in Equation 4.2.
As Equation 4.2 indicates, the penumbra width increases with increase in source diameter, 

SSD, and depth but decreases with an increase in SDD. The geometric penumbra, however, is 
independent of field size as long as the movement of the diaphragm is in one plane, that is, SDD 
stays constant with increase in field size.

Collimator

Source

A B

Figure 4.15. Illustration 
of transmission penumbra: 
A: Nondiverging  collimating 
block. B: Diverging 
 collimating block.
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Because SDD is an important parameter in determining the penumbra width, this distance 
can be increased by extendable penumbra trimmers. These trimmers consist of heavy metal bars 
to attenuate the beam in the penumbra region, thus “sharpening” the field edges. The penum-
bra, however, is not eliminated completely but reduced since SDD with the trimmers extended 
is increased. The new SDD is equal to the source to trimmer distance. An alternative way of 
reducing the penumbra is to use secondary blocks, placed close to the patient, for redefining or 
shaping the field. As will be discussed in Chapter 13, the blocks should not be placed closer than 
15 to 20 cm from the patient because of excessive electron contaminants produced by the block 
carrying tray.

The combined effect of the transmission and geometric penumbras is to create a region of 
dose variation at the field edges. A dose profile of the beam measured across the beam in air at a 
given distance from the source would show dosimetrically the extent of the penumbra. However, 
at a depth in the patient the dose variation at the field border is a function of not only geometric 
and transmission penumbras but also the scattered radiation produced in the patient. Thus, dosi-
metrically, the term physical penumbra width has been defined as the lateral distance between 
two specified isodose curves4 at a specified depth (11).

4.8. HEAVY PARTICLE BEAMS 

Whereas x-rays and electrons are the main radiations used in radiotherapy, heavy particle beams 
offer special advantages with regard to dose localization and therapeutic gain (greater effect on 
tumor than on normal tissue). These particles include neutrons, protons, deuterons, a particles, 
negative pions, and heavy ions accelerated to high energies. Their use in radiation therapy is still 
experimental, and because of the enormous cost involved, only a few institutions have been able 
to acquire these modalities for clinical trials. From the literature, which is full of encouraging 
as well as discouraging reports about their efficacy, it appears that the role of heavy particles in 
radiation therapy is not yet established. However, the radiobiologic interest in the field remains 
as strong as ever.

A. NEUTRONS

High-energy neutron beams for radiotherapy are produced by deuterium–tritium (D–T) genera-
tors, cyclotrons, or linear accelerators. The bombarding particles are either deuterons or protons 
and the target material is usually beryllium, except in the D–T generator in which tritium is used 
as the target.

4An isodose curve is a line passing through points of equal dose.
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Figure 4.16. Diagram for calculating geometric penumbra.
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A.1. D–T Generator

A low-energy deuteron beam (100 to 300 keV) incident on a tritium target yields neutrons by 
the following reaction:
 2

1H � 1
3H S 2

4He � 0
1n � 17.6 MeV (4.3)

The disintegration energy of 17.6 MeV is shared between the helium nucleus (a particle) and the 
neutron, with about 14 MeV given to the neutron. The neutrons thus produced are essentially 
monoenergetic and isotropic (same yield in all directions). The major problem is the lack of suf-
ficient dose rate at the treatment distance. The highest dose rate that has been achieved so far is 
about 15 cGy/min at 1 m. The advantage of D–T generators over other sources is that its size is 
small enough to allow isocentric mounting on a gantry.

A.2. Cyclotron

Deuterons accelerated to high energies (~15 to 50 MeV) by a cyclotron bombard a low 
atomic number target such as beryllium to produce neutrons according to a stripping reac-
tion (see Section 2.8.D):

 1
2H � 4

9Be S 5
10B � 0

1n

Neutrons are produced mostly in the forward direction with a spectrum of energies, as shown in 
Figure 4.15. The average neutron energy is about 40% to 50% of the deuteron energy.

The bombarding particles can also be protons accelerated to high energies by a cyclotron or a 
linear accelerator. The neutron spectrum produced by 41 MeV protons is shown in Figure 4.17. 
A hydrogenous material filter (e.g., polyethylene) is used to reduce the number of low-energy 
neutrons in the spectrum.

B. PROTONS AND HEAVY IONS

Proton beams for therapeutic application range in energy from 150 to 250 MeV. These beams 
can be produced by a cyclotron, synchrocyclotron, or a linear accelerator. The major advantage 
of high-energy protons and other heavy charged particles is their characteristic distribution of 
dose with depth (Fig. 4.18). As the beam traverses the tissues, the dose deposited is approxi-
mately constant with depth until near the end of the range where the dose peaks out to a high 
value followed by a rapid falloff to zero. The region of high dose at the end of the particle range 
is called the Bragg peak.
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Figure 4.18. Depth–dose distribution characteristic of heavily 
charged particles, showing the Bragg peak.
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Figure 14.19 shows the range–energy relationship for protons. The approximate range for 
other particles with the same initial velocity can be calculated by the following relationship:

 R1/R2 = (M1/M2) · (Z2/Z1)
2 (4.4)

where R1 and R2 are particle ranges, M1 and M2 are the masses, and Z1 and Z2 are the charges of 
the two particles being compared. Thus from the range energy data for protons one can calculate 
the range of other particles.

The energy of heavily charged particles or stripped nuclei is often expressed in terms of 
kinetic energy per nucleon (specific kinetic energy) or MeV/u where u is the mass number 
of the nucleus. Particles with the same MeV/u have approximately the same velocity. For 
example, 150 MeV protons, 300 MeV deuterons, and 600 MeV helium ions all have approxi-
mately the same velocity and ranges of about 16 cm, 32 cm, and 16 cm in water, respectively. 
However, for ions heavier than helium, the range for the same MeV/u is somewhat less than 
that for protons. As predicted by Equation 4.4, the range is dependent on A/Z2, where A is 
the mass number and Z is the nuclear charge. Since A/Z2 decreases as the ions get heavier, the 
range of heavier ions is less than the range of lighter ions for the same MeV/u with the excep-
tion of protons.

C. NEGATIVE PIONS

The existence of pi mesons was theoretically predicted by Yukawa in 1935 when he postulated 
that protons and neutrons in the nucleus are held together by a mutual exchange of pi mesons. 
A pi meson (or pion) has a mass 273 times that of electron and may have a positive charge, a 
negative charge, or may be neutral. The charged pions decay into mu mesons and neutrinos with 
a mean life of 2.54 × 10−8 seconds and the neutral pions decay into pairs of photons with a 
mean life of about 10−16 seconds.
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York, NY: academic Press; 1980, with 
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 p� S m� � n

  p� S m� � v�

 p0 S hn1 � hn2

Only negative pions have been used for radiation therapy.
Beams of negative pions can be produced in a nuclear reaction. Protons of energy in the 

range of 400 to 800 MeV, produced in a cyclotron or a linear accelerator, are usually used for 
pion beam production for radiotherapy. Beryllium is a suitable target material. Pions of positive, 
negative, and zero charge with a spectrum of energies are produced and negative pions of suit-
able energy are extracted from the target using bending and focusing magnets. Pions of energy 
close to 100 MeV are of interest in radiation therapy, providing a range in water of about 24 cm.

The Bragg peak exhibited by pions is more pronounced than other heavy particles because 
of the additional effect of nuclear disintegration by π− capture. This phenomenon, commonly 
known as star formation, occurs when a pion is captured by a nucleus in the medium near the 
end of its range. A pion capture results in the release of several other particles such as protons, 
neutrons, and a particles.

Although pion beams have attractive radiobiologic properties, they suffer from the problems 
of low dose rates, beam contamination, and high cost.

• Kilovoltage, supervoltage, Van de Graaff, betatrons, and cobalt-60 units have been 
largely replaced by linear accelerators. A few of these machines, however, are still in 
use, e.g., endocavitary x-rays (for rectal cancers), superficial x-rays (for skin cancers), 
and cobalt-60 γ rays (for head and neck cancers).

• Linear accelerator:

•	 Energized	by	microwaves	of	frequency	~3,000	MHz.

•	 Major	components:	power	supply,	modulator	(pulse-forming	network),	hydrogen	
thyratron (switch tube), magnetron (microwave generator) or klystron (microwave 
amplifier), waveguide system (to conduct microwaves), electron gun, accelerator 
structure, circulator (to prevent reflected microwaves from reaching the microwave 
power source—magnetron or klystron), focusing coils, bending magnets, automatic 
frequency control (AFC), and treatment head.

• Treatment head:

•	 Shielded	by	lead,	tungsten,	or	lead–tungsten	alloy.

•	 Tungsten	target	(in	position	for	the	x-ray	mode).	Focal	spot	size	~2	to	3	mm	in	diam-
eter.

•	 Dual	scattering	foil	(in	position	for	the	electron	mode).	The	function	of	scattering	foil	
is to spread the electron beam as well as make it uniform in cross section.

•	 Flattening	filter	(in	position	for	the	x-ray	mode).	The	function	of	the	flattening	filter	
is to make the x-ray beam intensity uniform across the field.

•	 Primary	collimator	provides	a	fixed	maximum	aperture	for	the	x-ray	beam.

•	 Secondary	collimators	(x-ray	jaws)	are	movable	and	provide	variable	rectangular	
field sizes.

•	 Multileaf	collimators	provide	irregularly	shaped	fields	as	well	as	intensity	modula-
tion of the beam in the IMRT mode.

•	 Monitor	chambers	(dual	flat	ion	chambers)	monitor	dose	delivery	(when	calibrated)	
and beam flatness.

•	 Electron	applicators	(in	the	electron	mode)	collimate	electron	beam	close	to	the	
patient surface (~5 cm away). They are interlocked for the choice of electron mode as 
well electron beam energy.

K E Y  P O I N t S

(continued)
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• Microtron:

•	 Microtron	combines	the	principle	of	linear	accelerator	and	cyclotron.

•	 Beam	characteristics	are	similar	to	linear	accelerator.	The	difference	is	primarily	in	the	
electron beam acceleration technology and electron transport. Treatment heads are 
similarly equipped.

• Penumbra: a dose transition region near the borders of the field. Penumbras are of three 
kinds:

•	 Geometric	penumbra	is	due	to	the	finite	dimensions	of	the	source	(or	focal	spot).	Its	
width is proportional to source diameter. It increases with increase in SSD and depth 
and decreases with increase in SDD.

•	 Transmission	penumbra	is	caused	by	variable	transmission	of	beam	through	
 nondivergent collimator edge.

•	 Physical	penumbra	is	the	spread	of	dose	distribution	near	field	borders	and	is		usually	
specified by the lateral width of isodose levels (e.g., 90% to 20%). It is influenced by 
geometric penumbra, beam energy, and the lateral transport of electrons in the  tissues.

• Neutron beams are generated in D–T generators (deuterons bombarding tritium target) 
or cyclotrons (deuterons bombarding beryllium target).

• Proton, negative pion, and heavy particle beams are produced in cyclotrons or linear 
accelerators by bombarding appropriate targets with appropriate particles.

• Protons and heavier charged particles exhibit the Bragg peak. The Bragg peak for negative 
pions is accentuated because of pion capture by nuclei—a process called star formation.
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When an x- or γ-ray beam passes through a medium, interaction between photons and 
matter can take place with the result that energy is transferred to the medium. The initial step in 
the energy transfer involves the ejection of electrons from the atoms of the absorbing medium. 
These high-speed electrons transfer their energy by producing ionization and excitation of the 
atoms along their paths. If the absorbing medium consists of body tissues, sufficient energy 
may be deposited within the cells, destroying their reproductive capacity. However, most of the 
absorbed energy is converted into heat, producing no biologic effect.

5.1. IONIZATION 

Ionization is the process by which a neutral atom acquires a positive or a negative charge. Ion-
izing radiations can strip electrons from atoms as they travel through media. An atom from 
which electron has been removed is a positive ion. In some cases, the stripped electron may sub-
sequently combine with a neutral atom to form a negative ion. The combination of a positively 
charged ion and a negatively charged ion (usually a free electron) is called an ion pair.

Charged particles such as electrons, protons, and a-particles are known as directly ionizing 
radiation provided they have sufficient kinetic energy to produce ionization by collision1 as they 
penetrate matter. The energy of the incident particle is lost in a large number of small increments 
along the ionization track in the medium, with an occasional interaction in which the ejected 
electron receives sufficient energy to produce a secondary track of its own, known as a d ray. If, 
on the other hand, the energy lost by the incident particle is not sufficient to eject an electron from 
the atom but is used to raise the electrons to higher-energy levels, the process is termed excitation.

Uncharged particles such as neutrons and photons are indirectly ionizing radiation because 
they liberate directly ionizing particles from matter when they interact with matter. Ionizing pho-
tons interact with the atoms of a material or absorber to produce high-speed electrons by three 
major processes: photoelectric effect, Compton effect, and pair production. Before considering 
each process in detail, we shall discuss the mathematical aspects of radiation absorption.

5.2. PHOTON BEAM DESCRIPTION 

An x-ray beam emitted from a target or a g-ray beam emitted from a radioactive source consists 
of a large number of photons, usually with a variety of energies. A beam of photons can be 
described by many terms, some of which are defined as follows:

1. The fluence (Φ) of photons is the quotient dN by da, where dN is the number of photons that 
enter an imaginary sphere of cross-sectional area da:

 � �
dN
da

 (5.1)

2. Fluence rate or flux density (f) is the fluence per unit time:

 f�
d�

dt
 (5.2)

where dt is the time interval.

1 The process of collision is an interaction between the electromagnetic fields associated with the colliding 
 particle and orbital electron. Actual physical contact between the particles is not required.

Interactions of Ionizing Radiation5
C H A P T E R
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3. Energy fluence (Ψ) is the quotient of dEfl by da, where dEfl is the sum of the energies of all 
the photons that enter a sphere of cross-sectional area da:

 � �
dEfl

da
 (5.3)

For a monoenergetic beam, dEfl is just the number of photons dN times energy hn carried by 
each photon:

 dEfl � dN ~ hn (5.4)

4. Energy fluence rate, energy flux density, or intensity (c) is the energy fluence per unit time:

 c�
d�

dt
 (5.5)

5.3. PHOTON BEAM ATTENUATION 

An experimental arrangement designed to measure the attenuation characteristics of a photon 
beam is shown in Figure 5.1. A narrow beam of monoenergetic photons is incident on an 
absorber of variable thickness. A detector is placed at a fixed distance from the source and 
sufficiently farther away from the absorber so that only the primary photons (those photons 
that passed through the absorber without interacting) are measured by the detector. Any pho-
ton scattered by the absorber is not supposed to be measured in this arrangement. Thus, if a 
photon interacts with an atom, it is either completely absorbed or scattered away from the 
detector.

Under these conditions, the reduction in the number of photons (dN) is proportional to the 
number of incident photons (N) and to the thickness of the absorber (dx). Mathematically,

 dN ∝ Ndx

 dN = –mNdx (5.6)

where m is the constant of proportionality, called the attenuation coefficient. The minus sign 
indicates that the number of photons decreases as the absorber thickness increases. The above 
equation can also be written in terms of intensity (I ):

 dI = –mIdx 

or

 
dI
I

 � �mdx (5.7)

If thickness x is expressed as a length, then m is called the linear attenuation coefficient. For 
example, if the thickness is measured in centimeters, the units of m are 1/cm, or cm−1.

Incident
photon
fluence

Scattered
photons

Detector

Transmitted
photon
fluence

Collimator

Figure 5.1. Diagram to illustrate an experimental arrangement for studying narrow-beam 
 attenuation through an absorber. Measurements are under “good geometry” (i.e., scattered  photons 
are not measured).
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Equation 5.7 is identical to Equation 2.1, which describes radioactive decay, and m is analo-
gous to decay constant l. As before, the differential equation for attenuation can be solved to 
yield the following equation:

 I(x) � I0e
�mx (5.8)

where I(x) is the intensity transmitted by a thickness x and I0 is the intensity incident on the 
absorber. If I(x) is plotted as a function of x for a narrow monoenergetic beam, a straight 
line will be obtained on semilogarithmic paper (Fig. 5.2A), showing that the attenuation of a 
monoenergetic beam is described by an exponential function.

The term analogous to half-life (Section 2.4) is the half-value layer (HVL) defined as the thick-
ness of an absorber required to attenuate the intensity of the beam to half its original value. That 
means that when x = HVL, I/I0 = 1/2, by definition. Thus, from Equation 5.8 it can be shown 
that

 HVL �
 ln 2
m

 �
0.693
m

 (5.9)

As mentioned previously, exponential attenuation strictly applies to a monoenergetic beam. 
 Figure 5.2B is a general attenuation curve for a monoenergetic beam or a beam whose HVL 
does not change with absorber thickness. Such a curve may be used to calculate the number of 
HVLs required to reduce the transmitted intensity to a given percentage of the incident intensity.

A practical beam produced by an x-ray generator, however, consists of a spectrum of photon 
energies. Attenuation of such a beam is no longer exponential. This effect is seen in  Figure 5.3, 
in which the plot of transmitted intensity on semilogarithmic paper is not a straight line. 
The slope of the attenuation curve decreases with increasing absorber thickness because the 
absorber or filter preferentially removes the lower-energy photons. As shown in Figure 5.3, the 
first HVL is defined as that thickness of material which reduces the incident beam intensity by 
50%. The second HVL reduces the beam to 50% of its intensity after it has been transmitted 
through the first HVL. Similarly, the third HVL represents the quality of the beam after it has 
been transmitted through the absorber of thickness equal to two HVLs. In general, for a hetero-
geneous beam, the first HVL is less than the subsequent HVLs. As the filter thickness increases, 
the average energy of the transmitted beam increases or the beam becomes increasingly harder. 
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Figure 5.2. A: Graph showing percent transmission of a narrow monoenergetic photon beam as a function  
of absorber thickness. For this quality beam and absorber material, hVL = 2 cm and m = 0.347 cm−1. B:  Universal 
 attenuation curve showing percent transmission of a narrow monoenergetic beam as a function of absorber 
 thickness in units of half-value layer (hVL).
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Thus, by increasing the filtration in such an x-ray beam, one increases the penetrating power 
or the HVL of the beam.

5.4. COEFFICIENTS 

A. ATTENUATION COEFFICIENT

In the previous section, we discussed the linear attenuation coefficient m, which has units of 
length−1 (e.g., cm−1). In general, this coefficient depends on the energy of the photons and the 
nature of the material. Since the attenuation produced by a thickness x depends on the number 
of electrons presented in that thickness, m depends on the density of the material. Thus, by divid-
ing m by density r, the resulting coefficient (m/r) will be independent of density; m/r is known 
as the mass attenuation coefficient. This is a more fundamental coefficient than the linear coef-
ficient, since the density has been factored out and its dependence on the nature of the material 
does not involve density but rather the atomic composition.

If ρ is measured in g/cm3, then the mass attenuation coefficient has units of cm2/g. When using 
m/r in the attenuation Equation 5.8, the thickness should be expressed as rx, which has units of 
g/cm2, because mx = (m/r)(rx) and rx = (g/cm3)(cm).

In addition to the cm and g/cm2 units, the absorber thickness can also be expressed in units of 
electrons/cm2 and atoms/cm2. The corresponding coefficients for the last two units are electronic 
attenuation coefficient (em) and atomic attenuation coefficient (am), respectively:

 em�
m
r ~ 

1
N0

 cm2/electron (5.10)

 am�
m
r    
~

 

Z
N0

 cm2/atom (5.11)

where Z is the atomic number and N0 is the number of electrons per gram and N0 is given by:

 N0 �
NA  

~
 

Z

AW

 (5.12)

where NA is Avogadro’s number and AW is the atomic weight (see Section 1.3).
The attenuation coefficient represents the fraction of photons removed per unit thickness. 

The transmitted intensity I(x) in Equation 5.8 is caused by photons that did not interact with the 
material. Those photons that produced interactions will transfer part or all of their energy to the 
material and result in part or all of that energy being absorbed.
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Figure 5.3. Schematic graph showing 
 transmission of an x-ray beam with a spectrum  
of photon energies through an aluminum absorber. 
First half-value layer (hVL) = 0.99 mm al, second 
hVL = 1.9 mm al, and third hVL = 2.0 mm al.

82453_ch05_p058-074.indd   61 1/7/14   5:29 PM



62 part I Basic physics

B. ENERGY TRANSFER COEFFICIENT

When a photon interacts with the electrons in the material, a part or all of its energy is converted 
into kinetic energy of electrons. If only a part of the photon energy is given to the electron, the 
photon itself is scattered with reduced energy. The scattered photon may interact again with a par-
tial or complete transfer of energy to the electrons. Thus, a photon may experience one or multiple 
interactions in which the energy lost by the photon is converted into kinetic energy of electrons.

If we consider a photon beam traversing a material, the fraction of photon energy transferred 
into kinetic energy of charged particles per unit thickness of absorber is given by the energy 
transfer coefficient (mtr). This coefficient is related to m as follows:

 mtr �
Etr

hn
m (5.13)

where Etr is the average energy transferred into kinetic energy of charged particles per interac-
tion. The mass energy transfer coefficient is given by mtr/r.

C. ENERGY ABSORPTION COEFFICIENT

Most of the electrons set in motion by the photons will lose their energy by inelastic collisions 
(ionization and excitation) with atomic electrons of the material. A few, depending on the atomic 
number of the material, will lose energy by bremsstrahlung interactions with the nuclei. The 
bremsstrahlung energy is radiated out of the local volume as x-rays and is not included in the 
calculation of locally absorbed energy.

The energy absorption coefficient (men) is defined as the product of energy transfer coefficient 
and (1 – g) where g is the fraction of the energy of secondary charged particles that is lost to 
bremsstrahlung in the material.

 men � mtr(1 � g) (5.14)

As before, the mass energy absorption coefficient is given by men/r.
For most interactions involving soft tissues or other low-Z material in which electrons lose 

energy almost entirely by ionization collisions, the bremsstrahlung component is negligible. 
Thus, men = mtr under those conditions. These coefficients can differ appreciably when the kinetic 
energies of the secondary particles are high and the material traversed has a high atomic num-
ber. The energy absorption coefficient is an important quantity in radiotherapy since it allows 
the evaluation of energy absorbed in the tissues, a quantity of interest in predicting the biologic 
effects of radiation.

5.5. INTERACTIONS OF PHOTONS WITH MATTER 

Attenuation of a photon beam by an absorbing material is caused by five major types of 
interactions. One of these, photodisintegration, was considered in Section 2.8F. This reaction 
between photon and nucleus is only important at very high photon energies (>10 MeV). The 
other four processes are coherent scattering, the photoelectric effect, the Compton effect, and 
the pair production. Each of these processes can be represented by its own attenuation coef-
ficient, which varies in its particular way with the energy of the photon and with the atomic 
number of the absorbing material. The total attenuation coefficient is the sum of individual 
coefficients for these processes:

 m /r� scoh /r� t /r� sc /r�p/r (5.15)

where scoh, t, sc, and p are attenuation coefficients for coherent scattering, photoelectric effect, 
Compton effect, and pair production, respectively.

5.6. COHERENT SCATTERING 

The coherent scattering, also known as classical scattering or Rayleigh scattering, is illustrated 
in Figure 5.4. The process can be visualized by considering the wave nature of electromagnetic 
radiation. This interaction consists of an electromagnetic wave passing near the electron and 
setting it into oscillation. The oscillating electron reradiates the energy at the same frequency as 
the incident electromagnetic wave. These scattered x-rays have the same wavelength as the inci-
dent beam. Thus, no energy is changed into electronic motion and no energy is absorbed in the 
medium. The only effect is the scattering of the photon at small angles. The coherent scattering is 
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probable in high-atomic-number materials and with photons of low energy. The process is only 
of academic interest in radiation therapy.

5.7. PHOTOELECTRIC EFFECT 

The photoelectric effect is a phenomenon in which a photon is absorbed by an atom, and as a 
result one of its orbital electrons is ejected (Fig. 5.5). In this process, the entire energy (hn) of 
the photon is first absorbed by the atom and then essentially all of it is transferred to the atomic 
electron. The kinetic energy of the ejected electron (called the photoelectron) is equal to hn–EB, 
where EB is the binding energy of the electron. Interactions of this type can take place with elec-
trons in the K, L, M, or N shells.

After the electron has been ejected from the atom, a vacancy is created in the shell, thus 
leaving the atom in an excited state. The vacancy can be filled by an outer orbital electron with 
the emission of a characteristic x-ray (Section 3.4B). There is also the possibility of emission of 
Auger electrons (Section 2.7C), which occurs when the energy released as a result of the outer 
electron filling the vacancy is given to another electron in a higher shell, which is subsequently 
ejected. Because the K-shell binding energy of soft tissues is only about 0.5 keV, the energy of the 
characteristic photons produced in biologic absorbers is very low and can be considered to be 
locally absorbed. For higher-atomic-number materials, the characteristic photons are of higher 
energy and may deposit energy at large distances compared with the range of the photoelectron. 
In such cases, the local energy absorption is reduced by the energy emitted as characteristic 
radiation (also called fluorescent radiation), which is considered to be remotely absorbed.

The probability of photoelectric absorption depends on the photon energy as illustrated in 
Figure 5.6, where the mass photoelectric attenuation coefficient (t/r) is plotted as a function of 
photon energy. Data are shown for water, representing a low-atomic-number material similar 
to tissue, and for lead, representing a high-atomic-number material. On logarithmic paper, the 
graph is almost a straight line with a slope of approximately –3; therefore, we get the following 
relationship between t/r and photon energy:

 t/r � 1/E3 (5.16)

The graph for lead has discontinuities at about 15 and 88 keV. These are called absorption 
edges, and correspond to the binding energies of L and K shells. A photon with energy less than 
15 keV does not have enough energy to eject an L electron. Thus, below 15 keV, the interaction is  
limited to the M- or higher-shell electrons. When the photon has an energy that just equals the 

Atom

λ
λ

Figure 5.4. Diagram illustrating the process of coherent scattering. the 
scattered photon has the same wavelength as the incident photon. No 
energy is transferred.

Characteristic
x-rays Auger

electrons

K L M N

Atom

e(photoelectron)

hν(photon)

Figure 5.5. Illustration of the photoelectric effect.
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binding energy of the L shell, resonance occurs and the probability of photoelectric absorption 
involving the L shell becomes very high. Beyond this point, if the photon energy is increased, the 
probability of photoelectric attenuation decreases approximately as 1/E3 until the next discon-
tinuity, the K absorption edge. At this point on the graph, the photon has 88 keV energy, which 
is just enough to eject the K electron. As seen in Figure 5.6, the absorption probability in lead at 
this critical energy increases dramatically, by a factor of about 10.

The discontinuities or absorption edges for water are not shown in the graph because the 
K absorption edge for water occurs at very low photon energies (~0.5 keV).

The data for various materials indicate that photoelectric attenuation depends strongly on the 
atomic number of the absorbing material. The following approximate relationship holds:

 t/r ∝ Z3 (5.17)

This relationship forms the basis of many applications in diagnostic radiology. The difference 
in Z of various tissues such as bone, muscle, and fat amplifies differences in x-ray absorption, 
provided the primary mode of interaction is photoelectric. This Z3 dependence is also exploited 
when using contrast materials such as BaSO4 mix and Hypaque. In therapeutic radiology, the 
low-energy beams produced by superficial and orthovoltage machines cause unnecessary high 
absorption of x-ray energy in bone as a result of this Z3 dependence; this problem will be dis-
cussed later in Section 5.10. By combining Equations 5.16 and 5.17, we have

 t/r ∝ Z3/E3 (5.18)

The angular distribution of electrons emitted in a photoelectric process depends on the photon 
energy. For a low-energy photon, the photoelectron is emitted most likely at 90 degrees relative 
to the direction of the incident photon. As the photon energy increases, the photoelectrons are 
emitted in a more forward direction.

5.8. COMPTON EFFECT 

In the Compton process, the photon interacts with an atomic electron as though it were a “free” 
electron, that is, the binding energy of the electron is much less than the energy of the bombard-
ing photon. In this interaction, the electron receives some energy from the photon and is emitted 
at an angle u (Fig. 5.7). The photon, with reduced energy, is scattered at an angle f.

The Compton process can be analyzed in terms of a collision between two particles, a photon 
and an electron. By applying the laws of conservation of energy and momentum, one can derive 
the following relationships:

 E � hn0

a(1 �  cos f)

1 � a(1 �  cos f)
 (5.19)
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Figure 5.6. Mass photoelectric attenuation coefficient 
(t/r) plotted against photon energy. Curves for water  
(Zeff = 7.42) and lead (Z = 82). (Data from Grodstein GW.  
X-ray Attenuation Coefficients from 10 keV to 100 MeV. pub. 
No. 583. Washington, DC: U.S. Bureau of Standards; 1957.)
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  hn� � hn0 �
1

1 � a(1 �  cos f)
 (5.20)

   cot u� (1 � a) tan f /2 (5.21)

where hn0, hn′, and E are the energies of the incident photon, scattered photon, and electron, 
respectively, and a = hn0/m0c

2, where m0c
2 is the rest energy of the electron (0.511 MeV). If hn0 

is expressed in MeV, then a = hn0/0.511.

A. SPECIAL CASES OF COMPTON EFFECT

Direct Hit

If a photon makes a direct hit with the electron, the electron will travel forward (u = 0 degrees) 
and the scattered photon will travel backward (f = 180 degrees) after the collision. In such 
a  collision, the electron will receive maximum energy Emax and the scattered photon will be 
left with minimum energy hn′min. One can calculate Emax and hn′min by substituting cos f =  
cos 180 degrees = –1 in Equations 5.19 and 5.20:

 E max � hn0

2a
1 � 2a

 (5.22)

 hn� min � hn0

1
1 � 2a

 (5.23)

Grazing Hit

If a photon makes a grazing hit with the electron, the electron will be emitted at right angles 
(u = 90 degrees) and the scattered photon will go in the forward direction (f = 0 degrees). By 
substituting cos f = cos 0 degrees = 1 in Equations 5.19 and 5.20, one can show that for this 
collision E = 0 and hn′ = hn0.

90-Degree Photon Scatter

If a photon is scattered at right angles to its original direction (f = 90 degrees), one can calculate 
E and hn′ from Equations 5.19 and 5.20 by substituting cos f = cos 90 degrees = 0. The angle 
of the electron emission in this case will depend on a, according to Equation 5.21.

ExamplEs. Some useful examples will now be given to illustrate application of the Compton 
effect to practical problems.
a. Interaction of a low-energy photon. If the incident photon energy is much less than the rest 

energy of the electron, only a small part of its energy is imparted to the electron, resulting in a 
scattered photon of almost the same energy as the incident photon. For example, suppose hn0 = 
51.1 keV; then a = hn0/m0c

2 = 0.0511 MeV/0.511 MeV = 0.1. From Equations 5.22 and 5.23:

 E max � 51.1 (keV) 
2(0.1)

1 � 2(0.1)
 � 8.52 keV (5.24)

 hn� min � 51.1 (keV)
1

1 � 2(0.1)
 � 42.58 keV (5.25)

“Free” electron

e (Compton electron)

hν 

�(scattered photon)

hν0(incident photon)
θ

φ

Figure 5.7. Diagram illustrating the 
Compton effect.
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Thus, for a low-energy photon beam, the Compton scattered photons have approximately 
the same energy as the original photons. Indeed, as the incident photon energy  approaches 
zero, the Compton effect becomes the classical scattering process described in Section 5.6.

b. Interaction of a high-energy photon. If the incident photon has a very high energy (much 
greater than the rest energy of the electron), the photon loses most of its energy to the Comp-
ton electron and the scattered photon has much less energy. Suppose hn0 = 5.11 MeV; then 
a = 10.0. From Equations 5.22 and 5.23,

 E max � 5.11 (MeV) 
2(10)

1 � 2(10)
 � 4.87 MeV (5.26)

 hn� min � 5.11 (keV) 
1

1 � 2(10)
 � 0.24 MeV (5.27)

In contrast to example (a) above, the scattered photons produced by high-energy photons 
carry away only a small fraction of the initial energy. Thus, at high photon energy, the 
 Compton effect causes a large amount of energy absorption compared with the Compton 
interactions involving low-energy photons.

c. Compton scatter at f = 90 degrees and 180 degrees. In designing radiation protection bar-
riers (walls) to attenuate scattered radiation, one needs to know the energy of the photons 
scattered at different angles. The energy of the photons scattered by a patient under treat-
ment at 90 degrees with respect to the incident beam is of particular interest in calculating 
barrier or wall thicknesses against scattered radiation.

By substituting f = 90 degrees in Equation 5.20, we obtain

 hn� �
hn0

1 � a
 (5.28)

For high-energy photons with a >> 1, the previous equation reduces to

 hn� �
hn0

a
 (5.29)

or

hn′ = m0c
2 = 0.511 MeV

Similar calculations for scatter at f = 180 degrees will indicate hn′ = 0.255 MeV. Thus, if the 
energy of the incident photon is high (a >> 1), we have the following important generalizations:

a. the radiation scattered at right angles is independent of incident energy and has a maximum 
value of 0.511 MeV;

b. the radiation scattered backward is independent of incident energy and has a maximum 
value of 0.255 MeV.

The maximum energy of radiation scattered at angles between 90 and 180 degrees will lie 
between the above energy limits. However, the energy of the photons scattered at angles less 
than 90 degrees will be greater than 0.511 MeV and will approach the incident photon energy 
for the condition of forward scatter. Because the energy of the scattered photon plus that of 
the electron must equal the incident energy, the electron may acquire any energy between zero 
and Emax (given by Equation 5.22).

B. DEPENDENCE OF COMPTON EFFECT ON ENERGY AND ATOMIC NUMBER

It was mentioned previously that the Compton effect is an interaction between a photon and 
a free electron. Practically, this means that the energy of the incident photon must be large 
compared with the electron-binding energy. This is in contrast to the photoelectric effect, which 
becomes most probable when the energy of the incident photon is equal to or slightly greater 
than the binding energy of the electron. Thus, as the photon energy increases beyond the binding 
energy of the K electron, the photoelectric effect decreases rapidly with energy ( Equation 5.16) 
(Fig. 5.6) and the Compton effect becomes more and more important. However, as shown in 
Figure 5.8, the Compton effect also decreases with increasing photon energy.

Because the Compton interaction involves essentially free electrons in the absorbing material, 
it is independent of atomic number Z. It follows that the Compton mass attenuation coefficient 
(sc/r) is independent of Z and depends only on the number of electrons per gram. Although the 
number of electrons per gram of elements decreases slowly but systemically with atomic number, 
most materials except hydrogen can be considered as having approximately the same number of 
electrons per gram (Table 5.1). Thus, sc/r is nearly the same for all materials.
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TABLE 5.1  Number of Electrons per Gram of Various Materials

Material Density (g/cm3) Atomic Number Number of Electrons per Gram

hydrogen  0.0000899  1 6.00 × 1023

Carbon  2.25  6 3.01 × 1023

Oxygen  0.001429  8 3.01 × 1023

aluminum  2.7 13 2.90 × 1023

Copper  8.9 29 2.75 × 1023

Lead 11.3 82 2.38 × 1023

Effective Atomic Number

Fat  0.916  6.46 3.34 × 1023

Muscle  1.04  7.64 3.31 × 1023

Water  1.00  7.51 3.34 × 1023

air  0.001293  7.78 3.01 × 1023

Bone  1.65 12.31 3.19 × 1023

(Data from Johns he, Cunningham Jr. The Physics of Radiology. 4th ed. Springfield, IL: Charles C thomas; 1983.)

From the previous discussion, it follows that if the energy of the beam is in the region where 
the Compton effect is the only possible mode of interaction, approximately the same attenuation 
of the beam will occur in any material of equal density thickness,2 expressed as g/cm2. For exam-
ple, in the case of a 60Co g-ray beam that interacts by Compton effect, the attenuation per g/cm2 
for bone is nearly the same as that for soft tissue. However, 1 cm of bone will attenuate more 
than 1 cm of soft tissue, because bone has a higher electron density,3 re (number of electrons per 
cubic centimeter), which is given by density times the number of electrons per gram. If the den-
sity of bone is assumed to be 1.65 g/cm3 and that of soft tissue 1.04 g/cm3, then the attenuation 
produced by 1 cm of bone will be equivalent to that produced by 1.53 cm of soft tissue:

 (1  cm)
(re)bone

(re)muscle

 � (1  cm) �
1.65 (g/cm3) � 3.19 � 1023 (electrons/g)

1.04 (g/cm3) � 3.31 � 1023 (electrons/g)
 �1.53  cm

5.9. PAIR PRODUCTION 

If the energy of the photon is greater than 1.02 MeV, the photon may interact with matter through 
the mechanism of pair production. In this process (Fig. 5.9), the photon interacts strongly with 
the electromagnetic field of an atomic nucleus and gives up all its energy in the process of  

2Density thickness is equal to the linear thickness multiplied by density (i.e., cm × g/cm3 = g/cm2).
3 In the literature, the term electron density has been defined both as the number of electrons per gram and as 
the number of electrons per cubic centimeter. The reader should be aware of this possible source of confusion.

Figure 5.8. a plot of Compton electronic coefficient 

e
s

c
 against photon energy. the mass  coefficient (s

c
/r) is 

obtained by multiplying the electronic coefficient with 
the number of electrons per gram for a given material. 
(Data from hubbell Jh. Proton Cross Sections Attenuation 
Coefficients and Energy Absorption Coefficients from 10 keV 
to 100 GeV. pub. No. 29. Washington, DC: U.S. National 
Bureau of Standards; 1969.)
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68 part I Basic physics

creating a pair consisting of a negative electron (e−) and a positive electron (e+). Because the rest 
mass energy of the electron is equivalent to 0.51 MeV, a minimum energy of 1.02 MeV is required 
to create the pair of electrons. Thus, the threshold energy for the pair production process is 
1.02 MeV. The photon energy in excess of this threshold is shared between the particles as kinetic 
energy. The total kinetic energy available for the electron–positron pair is given by (hn – 1.02) 
MeV.  The particles tend to be emitted in the forward direction relative to the incident photon.

The most probable distribution of energy is for each particle to acquire half the available 
kinetic energy, although any energy distribution is possible. For example, in an extreme case, it is 
possible that one particle may receive all the energy, while the other receives no energy.

The pair production process is an example of an event in which energy is converted into mass, 
as predicted by Einstein’s equation E = mc2. The reverse process, namely the conversion of mass 
into energy, takes place when a positron combines with an electron to produce two photons, 
called the annihilation radiation.

A. ANNIHILATION RADIATION

The positron created as a result of pair production process loses its energy as it traverses the 
matter by the same type of interactions as an electron does, namely by ionization, excitation, 
and bremsstrahlung. Near the end of its range, the slowly moving positron combines with one of 
the free electrons in its vicinity to give rise to two annihilation photons, each having 0.51 MeV 
energy. Because momentum is conserved in the process, the two photons are ejected in opposite 
directions (Fig. 5.10).

B. VARIATION OF PAIR PRODUCTION WITH ENERGY AND ATOMIC NUMBER

Because the pair production results from an interaction with the electromagnetic field of the 
nucleus, the probability of this process increases rapidly with atomic number. The attenuation 
coefficient for pair production (Π) varies with Z2 per atom, Z per electron, and approximately 
Z per gram. In addition, for a given material, the likelihood of this interaction increases as 
the logarithm of the incident photon energy above the threshold energy; these relationships 
are shown in Figure 5.11. To remove the major dependence of the pair production process on 
atomic number, the coefficients per atom have been divided by Z2 before plotting. For energies 
up to about 20 MeV, the curves are almost coincident for all materials, indicating that aΠ ∝ Z 2. 
At higher energies, the curves for high-Z materials fall below the low-Z materials because of the 
screening of the nuclear charge by the orbital electrons.

Figure 5.9. Diagram  illustrating the 
pair  production process.

e (electron)

hν > 1.02 Mev

Photon

+
e (positron)

Figure 5.10. Diagram illustrating the production of annihilation radiation.

e
+
e

hν = 0.51 Mev

hν = 0.51 Mev
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5.10.  RELATIVE IMPORTANCE OF VARIOUS TYPES OF 
 INTERACTIONS 

The total mass attenuation coefficient (m/r) is the sum of the four individual coefficients:

 (m/r) �  (t/r) �  (scoh /r) �  (sc /r) �  (p/r) (5.30)

 total photoelectric coherent Compton pair

As noted previously, coherent scattering is only important for very low photon energies  
(<10 keV) and high-Z materials. At therapeutic energies, it is often omitted from the sum.

Figure 5.12 is the plot of total coefficient (m/r) total versus energy for two different materials, 
water and lead, representative of low- and high-atomic-number materials. The mass attenuation 
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coefficient is large for low energies and high-atomic-number media because of the predominance 
of photoelectric interactions under these conditions.

The attenuation coefficient decreases rapidly with energy until the photon energy far exceeds 
the electron-binding energies and the Compton effect becomes the predominant mode of interac-
tion. In the Compton range of energies, the m/r of lead and water do not differ greatly, since this 
type of interaction is independent of atomic number. The coefficient, however, decreases with 
energy until pair production begins to become important. The dominance of pair production 
occurs at energies much greater than the threshold energy of 1.02 MeV.

The relative importance of various types of interactions is presented in Table 5.2. These data 
for water will also be true for soft tissue. The photon energies listed in column 1 of Table 5.2 
represent monoenergetic beams. As discussed in Chapter 3, an x-ray tube operating at a given 
peak voltage produces radiation of all energies less than the peak energy. As a rough approxima-
tion and for the purposes of Table 5.2, one may consider the average energy of an x-ray beam to 
be equivalent to one-third of the peak energy. Thus, a 26-keV monoenergetic beam in column 1  
should be considered as equivalent to an x-ray beam produced by an x-ray tube operated at 
about 78 kVp. Of course, the accuracy of this approximation is limited by the effects of filtration 
on the energy spectrum of the beam.

5.11. INTERACTIONS OF CHARGED PARTICLES 

Whereas photons interact with matter by photoelectric, Compton, or pair production processes, 
charged particles (electrons, protons, a-particles, and nuclei) interact principally by ionization 
and excitation. Radiative collisions in which the charged particle interacts by the bremsstrahlung 
process are possible but are much more likely for electrons than for heavier charged particles.

The charged particle interactions or collisions are mediated by Coulomb force between the elec-
tric field of the traveling particle and electric fields of orbital electrons and nuclei of atoms of the 
material. Collisions between the particle and the atomic electrons result in ionization and excita-
tion of the atoms. Collisions between the particle and the nucleus result in radiative loss of energy 
or bremsstrahlung. Particles also suffer scattering without significant loss of energy. Because of 
much smaller mass, electrons suffer greater multiple scattering than do heavier  particles.

In addition to the Coulomb force interactions, heavy charged particles give rise to nuclear 
reactions, thereby producing radioactive nuclides. For example, a proton beam passing through 
tissue produces short-lived radioisotopes 11C, 13N, and 15O, which are positron emitters.

The rate of kinetic energy loss per unit path length of the particle (dE/dx) is known as the 
stopping power (S). The quantity S/r is called the mass stopping power, where r is the density of 
the medium and is usually expressed in MeV cm2/g.

A. HEAVY CHARGED PARTICLES

Charged particles may be classified as light or heavy, depending upon their masses. Electrons 
and positrons are called “light” particles because of their very tiny mass (∼1/1840 of mass of a 

TABLE 5.2   Relative Importance of Photoelectric (t), Compton (s), and Pair Production 
() Processes in Water

Relative Number of Interactions (%)

Photon Energy (MeV) T S P

 0.01 95   5 0

 0.026 50  50 0

 0.060  7  93 0

 0.150  0 100 0

 4.00  0  94 6

10.00  0  77 23

24.00  0  50 50

100.00  0  16 84

(Data from Johns he, Cunningham Jr. The Physics of Radiology. 3rd ed. Springfield, IL: Charles C thomas; 1969.)

82453_ch05_p058-074.indd   70 1/7/14   5:29 PM



Chapter 5 Interactions of Ionizing radiation 71 

proton). A charged particle is called “heavy” if its rest mass is large compared to the rest mass of 
an electron. Examples include protons, mesons, a-particles, and atomic nuclei.

The rate of energy loss per unit path length or stopping power caused by ionization inter-
actions for charged particles is proportional to the square of the particle charge and inversely 
proportional to the square of its velocity. Thus, as the particle slows down, its rate of energy loss 
increases and so does the ionization or absorbed dose to the medium. As was seen in Figure 4.16, 
the dose deposited in water increases at first very slowly with depth and then very sharply near 
the end of the range, before dropping to an almost zero value. This peaking of dose near the end 
of the particle range is called the Bragg peak.

Because of the Bragg peak effect and minimal scattering, protons and heavier charged particle 
beams provide a much sought after advantage in radiotherapy—the ability to concentrate dose 
inside the target volume and minimize dose to surrounding normal tissues. Clinical applications 
of proton beams are discussed in Chapter 26.

B. ELECTRONS

Interactions of electrons when passing through matter are quite similar to those of heavy par-
ticles. However, because of their relatively small mass, the electrons suffer greater multiple scat-
tering and changes in the direction of motion. As a consequence, the Bragg peak is not observed 
for electrons. Multiple changes in direction during the slowing down process smear out the 
Bragg peak.

In water or soft tissue, electrons, like other charged particles, lose energy predominantly by 
ionization and excitation. This results in deposition of energy or absorbed dose in the medium. As 
stated earlier, the ionization process consists of stripping electrons from the atoms. If the energy 
transferred to the orbital electron is not sufficient to overcome the binding energy, it is displaced 
from its stable position and then returns to it; this effect is called excitation. Furthermore, in the 
process of ionization, occasionally the stripped electron receives sufficient energy to produce an 
ionization track of its own. This ejected electron is called a secondary electron, or a d ray.

Again, because of its small mass, an electron may interact with the electromagnetic field of a 
nucleus and be decelerated so rapidly that a part of its energy is lost as bremsstrahlung. The rate 
of energy loss as a result of bremsstrahlung increases with the increase in the energy of the elec-
tron and the atomic number of the medium. Electron interactions and the clinical applications 
of electron beams will be discussed in Chapter 14.

5.12. INTERACTIONS OF NEUTRONS 

Like x-rays and γ-rays, neutrons are indirectly ionizing. However, their mode of interaction 
with matter is different. Neutrons interact basically by two processes: (a) recoiling protons from 
hydrogen and recoiling heavy nuclei from other elements, and (b) nuclear disintegrations. The 
first process may be likened to a billiard-ball collision in which the energy is redistributed after 
the collision between the colliding particles. The energy transfer is very efficient if the colliding 
particles have the same mass (e.g., a neutron colliding with a hydrogen nucleus). On the other 
hand, the neutron loses very little energy when colliding with a heavier nucleus. Thus, the most 
efficient absorbers of a neutron beam are the hydrogenous materials such as paraffin wax or 
polyethylene. Lead, which is a very good absorber for x-rays, is a poor shielding material against 
neutrons.

Dose deposited in tissue from a high-energy neutron beam is predominantly contributed by 
recoil protons. Because of the higher hydrogen content, the dose absorbed in fat exposed to a 
neutron beam is about 20% higher than in muscle. Nuclear disintegrations produced by neutrons 
result in the emission of heavy charged particles, neutrons, and γ-rays and give rise to about 30% 
of the tissue dose. Because of such diverse secondary radiation produced by neutron interactions, 
the neutron dosimetry is relatively more complicated than the other types of clinical beams.

5.13. COMPARATIVE BEAM CHARACTERISTICS 

No one kind of radiation beam is ideal for radiation therapy. Whereas x-rays and electrons are 
currently the most used beams, particle beams have some unique physical and radiobiologic 
characteristics that have attracted the attention of many investigators. For details the reader is 
referred to Raju (1).
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Physical advantages of a radiation therapy beam are derived from the depth dose distributions 
and scatter characteristics. Figures 5.13, 5.14, and 5.15 compare the depth dose characteristics of 
various beams. It is seen that the depth dose distribution of neutron beams is qualitatively similar 
to the 60Co γ-rays. The heavy charged particle beams, the Bragg peaks of which were modulated 
using filters (as is typically done in clinical situations), show a flat dose distribution at the peak 
region and a sharp dose drop-off beyond the range. Electron beams also show a constant dose 
region up to about half the particle range and a sharp dose drop-off beyond that point. However, 
for higher electron energies, the characteristic falloff in dose becomes more gradual. Protons, on 
the other hand, maintain a sharp cutoff in dose beyond the range, irrespective of energy.

• Charged particles are directly ionizing radiation. Uncharged particles such as neutrons 
and photons are indirectly ionizing—they liberate directly ionizing particles that are 
responsible for producing ionization and excitation of atoms.

• Photon beam attenuation is characterized by attenuation coefficient m. For a narrow 
monoenergetic beam, the attenuation is given by I(x) = I0e

−mx.

• HVL and attenuation coefficient are related by HVL = 0.693/m.

• m, mtr, and men are parameters that, respectively, characterize photon beam attenuation, 
energy transfer, and energy absorption as the beam traverses a medium.

• Photon beams interact with matter through five major processes: coherent scattering, 
 photoelectric effect, Compton effect, pair production, and photodisintegration.

• Coherent scattering involves no net loss of energy. This type of interaction is probable 
with low-energy photons and high-Z materials—not important for radiation therapy 
beams interacting with body tissues, which have low Z.

• Photoelectric effect involves complete absorption of photon energy by the atom and 
transferring that energy to an orbital electron, which is ejected. The process results in 
the emission of photoelectron, characteristic x-rays (fluorescent radiation), and Auger 
electrons.

•	 Photoelectric	probability	varies	as	1/E3 and Z3.

•	 Photoelectric	effect	in	water	(or	soft	tissue)	is	predominant	for	photon	energies	of	up	
to 25 keV (average energies of x-ray beams generated at potentials up to 75 kVp).

• Compton effect involves photon interaction with a “free electron” (loosely bound 
 electron—binding energy much less than the incident photon energy).

•	 Compton	interaction	probability	in	water	increases	with	photon	energy	from	10	to	
150 keV. It then decreases with further increase in energy. However, it is the predomi-
nant mode of interaction in water for 30 keV to 24 MeV.  That includes all x-ray 
beams used in radiation therapy.

•	 Compton	probability	is	almost	independent	of	Z. It depends on electron density 
( number of electrons per cm3).

•	 Maximum	energy	of	a	photon	scattered	at	90	degrees	is	0.511	MeV,	and	at	 
180 degrees it is 0.255 MeV.

• Pair production involves a high-energy photon interaction with the electromagnetic 
field of a nucleus. Photon energy is all used up in creating a pair of electron (e−) and 
positron (e+) and providing it with kinetic energy.

•	 The	threshold	energy	for	pair	production	is	1.02	MeV—just	enough	to	create	the	
 electron–positron pair.

•	 Pair	production	probability	increases	slowly	with	energy	beyond	1.02	MeV.	It	
increases from about 6% at 4 MeV to 20% at 7 MeV (average energies of 12 to 
21 MV x-ray beams).

•	 Pair	production	coefficient	varies	approximately	as	Z2 per atom, Z per electron, and 
Z per gram.

•	 The	reverse	of	pair	production	process	is	the	electron–positron	annihilation,	giving	
rise to two photons each of 0.511 MeV ejected in the opposite direction.

K e Y  p O I N t S

(continued)
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R e f e r e n c e

• Photodisintegration involves a photon creating a nuclear reaction (described in  
Section 2.8F). In most cases, it results in the emission of a neutron. The process is only 
important at high photon energies and is responsible for neutron contamination of 
therapy beams of energy greater than 10 MV.

• Particle interactions

•	 Charged	particles	interact	primarily	by	ionization	and	excitation.	Radiative	collisions	
(bremsstrahlung) are possible but more likely for electrons than heavier charged  
particles.

•	 All	charged	particles	exhibit	a	Bragg	peak	near	the	end	of	their	range.	The	Bragg	peak	
is not observed in electron beams because of excessive scattering and smearing of the 
Bragg peaks.

•	 Neutrons	interact	by	ejecting	recoil	protons	or	producing	nuclear	disintegrations.

•	 Lead	is	an	efficient	absorber	of	x-rays	but	not	of	neutrons.	The	most	efficient	 
absorber of neutrons is a hydrogenous material such as water, paraffin wax, and 
 polyethylene.

K e Y  p O I N t S  ( c o n t i n u e d )

1. Raju MR. Heavy Particle Radiotherapy. New York, NY: Academic Press; 1980.
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Measurement of Ionizing Radiation6
6.1. INTRODUCTION 

In the early days of x-ray usage for diagnosis and therapy, attempts were made to measure ion-
izing radiation on the basis of chemical and biologic effects. For instance, radiation effects on 
photographic emulsions, changes in the color of some chemical compounds, and reddening of 
the human skin could be related to the amount of radiation absorbed. However, these effects 
were poorly understood at the time and could only provide a crude estimation of radiation dose. 
For example, in radiotherapy, a unit called skin erythema dose (SED) was defined as that amount 
of x- or g-radiation that just produced reddening of the human skin. However, the unit has many 
drawbacks. Skin erythema depends on many conditions, such as the type of skin, the quality of 
radiation, the extent of skin exposed, dose fractionation (dose per fraction and interval between 
fractions), and differences between early and delayed skin reactions.

Although the SED was later discarded in favor of a more precisely measurable unit such as 
the roentgen, the skin erythema was used by physicians as an approximate index of response to 
the radiation treatments. This happened in the orthovoltage era when the skin was the limiting 
organ to the delivery of tumoricidal doses. The reliance on skin reaction for the assessment of 
radiation response had to be abandoned when megavoltage beams with the skin-sparing proper-
ties became the main tools of radiation therapy.

In 1928, the International Commission on Radiation Units and Measurements (ICRU) 
adopted the roentgen as the unit of measuring x- and g-radiation exposure. The unit is denoted 
by R. It may be mentioned at this point that the quantity exposure measured in R can be con-
verted into a quantity called absorbed dose (to be discussed in Chapter 8).

6.2. THE ROENTGEN 

The roentgen is a unit of exposure. The quantity exposure is a measure of ionization produced in 
air by photons. The ICRU (1) defines exposure (X) as the quotient of dQ by dm where dQ is the 
absolute value of the total charge of the ions of one sign produced in air when all the electrons 
(negatrons and positrons) liberated by photons in air of mass dm are completely stopped in air:

 X�
dQ

dm
 (6.1)

The SI unit for exposure is coulomb per kilogram (C/kg), but the special unit is roentgen (R):1

 1 R = 2.58 × 10−4 C/kg air 

The definition of roentgen is illustrated in Figure 6.1. An x-ray beam in passing through air 
sets in motion electrons by photoelectric effect, Compton effect, or pair production. These 
high-speed electrons produce ionization along their tracks. Because of the electric field pro-
duced by the voltage applied across the ion-collection plates, the positive charges move toward 
the negative plate and the negative charges move toward the positive plate. This constitutes a 
current. The collected charge of either sign can be measured by an electrometer.

1 Roentgen was originally defined as 1 R = 1 electrostatic unit (esu)/cm3 air at standard temperature and 
 pressure (STP) (0°C, 760 mmHg). The current definition of 1 R = 2.58 × 10−4 C/kg air is equivalent to the 
original if the charge is expressed in coulombs (1 esu = 3.333 × 10−10 C) and the volume of air is changed to 
mass (1 cm3 of air at STP weighs 1.293 × 10−6 kg).
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According to the definition of roentgen, the electrons produced by photons in a specified vol-
ume (shaded in Fig. 6.1) must spend all their energies by ionization in air enclosed by the plates 
(region of ion collection) and the total ionic charge of either sign should be measured. However, 
some electrons produced in the specified volume deposit their energy outside the region of ion 
collection and thus are not measured. On the other hand, electrons produced outside the speci-
fied volume may enter the ion-collecting region and produce ionization there. If the ionization 
loss is compensated by the ionization gained, a condition of electronic equilibrium exists. Under 
this condition, the definition of roentgen is effectively satisfied. This is the principle of the free-air 
ionization chamber, described below.

6.3. FREE-AIR IONIZATION CHAMBER 

The free-air, or standard, ionization chamber is an instrument used in the measurement of expo-
sure in roentgens according to its definition. Generally, such a primary standard is used only for 
the calibration of secondary instruments designed for field use. The free-air chamber installa-
tions are thus confined principally to some of the national standards laboratories.

A free-air chamber is represented schematically in Figure 6.2. An x-ray beam, originating 
from a focal spot S, is defined by the diaphragm D, and passes centrally between a pair of  parallel 
plates. A high voltage (field strength of the order of 100 V/cm) is applied between the plates to 
collect ions produced in the air between the plates. The ionization is measured for a length L 
defined by the limiting lines of force to the edges of the collection plate C. The lines of force are 
made straight and perpendicular to the collector by a guard ring G.

As discussed previously, electrons produced by the photon beam in the specified volume 
(shaded in Fig. 6.2) must spend all their energy by ionization of air between the plates. Such a 
condition can exist only if the range of the electrons liberated by the incident photons is less than 
the distance between each plate and the specified volume. In addition, for electronic equilibrium 
to exist, the beam intensity (photon fluence per unit time) must remain constant across the length 
of the specified volume, and the separation between the diaphragm and the ion-collecting region 
must exceed the electron range in air.

If ΔQ is the charge collected in Coulombs and r is the density (kg/m3) of air, then the exposure 
Xp at the center of the specified volume (point P) is

 Xp �
�Q

r ~ Ap ~ L
 ~ 

1
2.58 � 10�4

  R (6.2)

where Ap is the cross-sectional area (in meters squared) of the beam at point P and L (in meters) 
is the length of the collecting volume. In practice, it is more convenient to state the exposure (X) 
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at the position of the diaphragm. Suppose f1 and f2 are the distances of the x-ray source to the 
diaphragm and point P, respectively. Because the intensities at point P and at the diaphragm are 
related by an inverse square law factor ( f1/f2)

2, which also relates the area of the beams at the 
diaphragm and at point P, the exposure XD at the diaphragm is given by

 XD �
�Q

r ~ AD ~ L
 ~ 

1
2.58 � 10�4

  R (6.3)

where AD is the diaphragm aperture area.
Accurate measurements with a free-air ionization chamber require considerable care. A few 

corrections that are usually applied include (a) correction for air attenuation; (b) correction for 
recombination of ions; (c) correction for the effects of temperature, pressure, and humidity on 
the density of air; and (d) correction for ionization produced by scattered  photons. For details of 
various corrections, the reader is referred to National Bureau of Standards handbook (2).

There are limitations on the design of a free-air chamber for the measurement of roent-
gens for high-energy x-ray beams. As the photon energy increases, the range of the electrons 
liberated in air increases rapidly. This necessitates an increase in the separation of the plates 
to maintain electronic equilibrium. Too large a separation, however, creates problems of non-
uniform electric field and greater ion recombination. Although the plate separation can be 
reduced by using air at high pressures, the problems still remain in regard to air attenuation, 
photon scatter, and reduction in the efficiency of ion collection. Because of these problems, 
there is an upper limit on the photon energy above which the roentgen cannot be accurately 
measured. This limit occurs at about 3 MeV.

6.4. THIMBLE CHAMBERS 

Free-air ionization chambers are too delicate and bulky for routine use. Their main function is 
in the standardizing laboratories where they can be used to calibrate field instruments such as a 
thimble chamber.

The principle of the thimble chamber is illustrated in Figure 6.3. In Figure 6.3A, a spherical 
volume of air is shown with an air cavity at the center. Suppose this sphere of air is irradiated 
uniformly with a photon beam. Also, suppose that the distance between the outer sphere and 
the inner cavity is equal to the maximum range of electrons generated in air. If the number of 
electrons entering the cavity is the same as that leaving the cavity, electronic equilibrium exists. 
Suppose also that we are able to measure the ionization charge produced in the cavity by the 
electrons liberated in the air surrounding the cavity. Then, by knowing the volume or mass of air 
inside the cavity, we can calculate the charge per unit mass or the beam exposure at the center of 
the cavity. Now if the air wall in Figure 6.3A is compressed into a solid shell as in Figure 6.3B, 
we get a thimble chamber. Although the thimble wall is solid, it is air equivalent (i.e., its effective 
atomic number is the same as that of air). In addition, the thickness of the thimble wall is such 
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that the electronic equilibrium occurs inside the cavity, just as it did in Figure 6.3A. As before, 
it follows that the wall thickness must be equal to or greater than the maximum range of the 
electrons liberated in the thimble wall.

Since the density of the solid air-equivalent wall is much greater than that of free air, the thick-
nesses required for electronic equilibrium in the thimble chamber are considerably reduced. For 
example, in the 100- to 250-kVp x-ray range, the wall thickness of the thimble (assuming unit 
density) is about 1 mm, and in the case of 60Co g rays (average hn ≈ 1.25 MeV), it is approxi-
mately 5 mm. In practice, however, a thimble chamber is constructed with wall thicknesses of 
1 mm or less, and this is supplemented with close-fitting caps of Plexiglas or other plastic to 
bring the total wall thickness up to that needed for electronic equilibrium for the radiation in 
question. These “build-up” caps are required when making measurements in free air.

A. CHAMBER WALL

Figure 6.3C shows a typical thimble ionization chamber. The wall is shaped like a sewing  
thimble—hence the name. The inner surface of the thimble wall is coated by a special mate-
rial to make it electrically conducting. This forms one electrode. The other electrode is a rod of 
low-atomic-number material such as graphite or aluminum held in the center of the thimble but 
electrically insulated from it. A suitable voltage is applied between the two electrodes to collect 
the ions produced in the air cavity.

As mentioned previously, most of the ionization produced in the cavity air is caused by elec-
trons that are liberated in the surrounding wall (for at least up to 2 MeV photons) and enter the 
air cavity. Therefore, in order for the thimble chamber to be equivalent to a free-air chamber, the 
thimble wall should be air equivalent. This condition would ensure that the energy spectrum of 
electrons liberated in the thimble wall is similar to that in air.

For the thimble chamber to be air equivalent, the effective atomic number of the wall material 
and the central electrode must be such that the system as a whole behaves like a free-air cham-
ber. The most commonly used wall materials are made either of graphite (carbon), Bakelite, or 
a plastic coated on the inside by a conducting layer of graphite or of a conducting mixture of 
Bakelite and graphite. The effective atomic number of the wall is generally a little less than that 
of air. It is closer to that of carbon (Z = 6). As a consequence, such a wall should give rise to less 
ionization in the air cavity than a free-air wall. However, the usually greater atomic number of 
the central electrode, its dimensions, and the placement geometry within the thimble can provide 
compensation for the lower atomic number of the wall.

B. EFFECTIVE ATOMIC NUMBER

It is instructive to discuss the term effective atomic number (Z) in greater detail. Z is the atomic 
number of an element with which photons interact the same way as with the given composite 
material. Since photoelectric effect is highly Z dependent (Section 5.7), Z is considered for pho-
toelectric interactions. Mayneord (3) has defined the effective atomic number of a compound as 
follows:

 Z � aa1Z
2.94
1  �  a2

2.94
  � a2.94

3 � Á � a2.94
n b

1
2.94

 (6.4)

where a1, a2, a3, . . ., an are the fractional contributions of each element to the total number of 
electrons in the mixture.

C

A B

Air cavity

Thimble wall Insulator

Central
electrode

Air cavity

Solid air shell

Air cavity

Air shell

Figure 6.3. Schematic diagram illustrating the 
nature of the thimble ionization chamber. A: air shell 
with air cavity. B: Solid air shell with air cavity. C: the 
thimble chamber.
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Example 1. Calculation of Z for Air

Composition by weight: nitrogen 75.5%, oxygen 23.2%, and argon 1.3%

Number of electrons/g of air: 
NAZ
Aw

 × (fraction by weight)

 Nitrogen = 
6.02 � 1023 � 7

14.007
 � 0.755 � 2.27 � 1023 

 Oxygen = 
6.02 � 1023 � 8

15.999
 � 0.232 � 0.7 � 1023 

 Argon = 
6.02 � 1023 � 18

39.94
 � 0.013 � 0.04 � 1023 

Total number of electrons/g of air = 3.01 × 1023 (Table 5.1)

 a1 for nitrogen �
2.27
3.01

 � 0.754 

 a2 for oxygen �
0.70
3.01

 � 0.233 

 a3 for argon �
0.04
3.01

 � 0.013 

 Z � ( (0.754) � 72.94 � (0.233) � 82.94 � (0.013) � 18)1/2.94 � 7.67 

Since Mayneord’s work, other authors have proposed different values for the exponential depen-
dences in computing the mean atomic number (i.e., values of m for a Zm in Equation 6.4). For 
example, the mean atomic numbers contained within Table 5.1 and Appendix A.7 were calcu-
lated by Johns and Cunningham (4) using m = 3.5.

C. CHAMBER CALIBRATION

A thimble chamber could be used directly to measure exposure if (a) it was air equivalent, (b) its 
cavity volume was accurately known, and (c) its wall thickness was sufficient to provide elec-
tronic equilibrium. Under the above conditions, the exposure X is given by

 X �
Q

r ~n
 #

1
A

 (6.5)

where Q is the ionization charge liberated in the cavity air of density r and volume n; A is the 
fraction of the energy fluence transmitted through the air-equivalent wall of equilibrium thick-
ness. The factor A is slightly less than 1.00 and is used here to calculate the exposure for the 
energy fluence that would exist at the point of measurement in the absence of the chamber.

There are practical difficulties in designing a chamber that would rigorously satisfy the condi-
tions of Equation 6.5. It is almost impossible to construct a thimble chamber that is exactly air 
equivalent, although with a proper combination of wall material and the central electrode one 
can achieve acceptable air equivalence in a limited photon energy range. In addition, it is difficult 
to determine accurately the chamber volume directly. Therefore, in actual practice, the thimble 
chambers are always calibrated against a free-air chamber for x-rays up to a few hundred kilo-
volts (2). At higher energies (up to 60Co g rays), the thimble chambers are calibrated against a 
standard cavity chamber with nearly air-equivalent walls (e.g., graphite) and accurately known 
volume. In any case, the exposure calibration of a thimble chamber removes the need for know-
ing its cavity volume (see Chapter 8).

Although adequate wall thickness is necessary to achieve electronic equilibrium, the wall pro-
duces some attenuation of the photon flux. Figure 6.4 shows the effect of wall thickness on the 
chamber response. When the wall thickness is much less than that required for equilibrium or 
maximum ionization, too few electrons are generated in the wall, and thus the chamber response 
is low. Beyond the equilibrium thickness, the chamber response is again reduced because of 
increased attenuation of the beam in the wall. The true exposure (without attenuation) can be 
obtained by extrapolating linearly the attenuation curve beyond the maximum back to zero 
thickness, as shown in Figure 6.4. If the chamber response is normalized to the maximum read-
ing, then the extrapolated value for zero wall thickness gives the correction factor 1/A used in 
Equation 6.5. The correction for zero wall thickness, however, is usually allowed for in the expo-
sure calibration of the chamber and is inherent in the calibration factor. Thus, when the calibra-
tion factor is applied to the chamber reading ( corrected for changes in temperature and pressure 
of cavity air), it converts the value into true exposure in free air (without chamber). The exposure 
value thus obtained is free from the wall attenuation or the perturbing influence of the chamber.
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D. DESIRABLE CHAMBER CHARACTERISTICS

A practical ion chamber for exposure measurement should have the following characteristics:

1. There should be minimal variation in sensitivity or exposure calibration factor over a wide 
range of photon energies.

2. There should be suitable volume to allow measurements for the expected range of exposures. 
The sensitivity (charge measured per roentgen) is directly proportional to the chamber- 
sensitive volume. For example, the reading obtained for a given exposure with a 30-cm3 
chamber will be approximately 50 times higher than that obtained with a 0.6-cm3 chamber. 
However, the ratio may not be exactly 50, because a chamber response also depends on the 
chamber design, as discussed previously.

3. There should be minimal variation in sensitivity with the direction of incident radiation. 
Although this kind of variation can be minimized in the design of the chamber, care is taken 
to use the chamber in the same configuration with respect to the beam as specified under 
chamber calibration conditions.

4. There should be minimal stem “leakage.” A chamber is known to have stem leakage if it 
records ionization produced anywhere other than its sensitive volume. The problem of stem 
leakage is discussed later in this chapter.

5. The chamber should have been calibrated for exposure against a standard instrument for all 
radiation qualities for which exposure is to be measured.

6. There should be minimal ion recombination losses. If the chamber voltage is not high enough 
or regions of low electric field strength occur inside the chamber, such as in the vicinity of 
sharply concave surfaces or corners, ions may recombine before contributing to the mea-
sured charge. The problem becomes more severe with high-intensity or pulsed beams.

6.5. FARMER CHAMBERS 

In the early days of radiotherapy, condenser chambers (e.g., Victoreen R meter) were most com-
monly used for measuring exposure rate in air for relatively lower-energy beams (≤2 MeV). 
Although there were no basic limitations to their use for higher-energy radiation, the design 
of the stem and excessive stem leakage created dosimetric problems, especially when making 
measurements in phantoms. In 1955, Farmer (5) designed a chamber that provided a stable and 
reliable secondary standard for x-rays and g rays for all energies in the therapeutic range. This 
chamber connected to a specific electrometer (to measure ionization charge) is known as the 
Baldwin-Farmer substandard dosimeter.

The original design of the Farmer chamber was later modified by Aird and Farmer (6) to provide 
better (flatter) energy response characteristics and more constancy of design from one chamber to 
another. This chamber is shown schematically in Figure 6.5. Actual dimensions of the thimble and 
the central electrode are indicated on the diagram. The thimble wall is made of pure graphite and 
the central electrode is of pure aluminum. The insulator consists of polytrichlorofluoroethylene. 
The collecting volume (air cavity volume) of the chamber is nominally 0.6 cm3 (0.6 mL).

There are three electrodes in a well-guarded ion chamber: the central electrode or the col-
lector, the thimble wall, and the guard electrode. The collector electrode collects the ionization 
charge and delivers the current to a charge-measuring device, an electrometer. The electrometer 
is provided with a dual polarity high-voltage source to hold the collector at a high bias voltage 
(e.g., 300 V). The thimble is at ground potential and the guard is kept at the same potential as the 
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collector. The guard electrode serves two different purposes. One is to prevent the leakage cur-
rent from the high-voltage electrode (the collector) and the other is to define the ion-collecting 
volume. Most often the collector is operated with a positive voltage to collect negative charge, 
although either polarity should collect the same magnitude of ionization charge if the chamber 
is designed with minimal polarity effects (to be discussed later).

The energy response of the chamber designed by Aird and Farmer is shown in the form of a 
plot of calibration factor as a function of beam half-value layer (Fig. 6.6). The response is almost 
constant from 0.3 mm Cu half-value layer upward and within 4% from 0.05 mm Cu upward. 
Aird and Farmer found the total stem leakage of this chamber to be about 0.4% when irradiated 
with 4-MV x-rays with the whole stem in the beam.

Farmer chambers, like the one described above, and other Farmer-type chambers are com-
mercially available. The latter chambers are constructed similar to the original Farmer chamber 
but vary with respect to the composition of the wall material or the central electrode. Examples 
include PTW, Capintec, NEL, Exradin, and others, each with several models and refinements. In 
general, the user is cautioned against using a chamber the characteristics of which have not been 
evaluated and found acceptable. For further details of chamber design and characteristics the 
reader is referred to Boag (7).

A. COMPONENTS AND CHARACTERISTICS OF FARMER-TYPE CHAMBERS

Chamber wall: The thimble wall material of a Farmer-type chamber may be graphite or plastic 
such as PMMA (acrylic), nylon, A.E. (air-equivalent) plastic, and T.E. (tissue-equivalent) plas-
tic. In the case of a plastic thimble, the inner surface of the wall is made conducting with a 
thin coating of graphite. The wall thickness of Farmer-type chambers varies between different 
makes and models. The approximate range is 0.04 to 0.09 g/cm2.

Outer Electrode: The outer electrode is the thimble wall (if made of a conducting material) or 
the inner surface of the thimble wall coated with a conducting material.

Central Electrode: The central electrode consists of a thin aluminum rod of 1 mm diameter. It is 
the collector electrode that delivers the ionization current to a charge-measuring device, the 
electrometer.

Guard Electrode: A cylindrical conductor that wraps around the insulator surrounding the 
central electrode in the stem of the chamber. A second insulator wraps around the guard 
 electrode,  separating the guard from the outer electrode. The guard is kept at the same poten-
tial as the central electrode. Because there is no potential difference between the guard and the 
central electrode, any charge leakage does not get to the central electrode. The function of the 
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guard is to reduce the leakage of any extraneous charge to the collecting electrode. The guard 
also passes ground loop and capacitive field noise currents away from the signal-carrying 
central electrode, significantly improving the signal to noise ratio.

Chamber (or cavity) volume: Because the thimble is vented to the outside, the cavity volume 
determines the mass of air in the cavity and, therefore, the sensitivity (charge measured/unit 
exposure) of the chamber. Farmer-type chambers have a cylindrical cavity with a nominal 
volume of 0.6 mL. The cavity radius is approximately 0.3 cm.

Energy dependence: Energy dependence (change in response/unit exposure with beam energy) 
for an ion chamber, in general, depends on the composition and thickness of the wall  material.

The energy response of the chamber designed by Aird and Farmer is shown in the form of a plot 
of calibration factor as a function of beam half-value layer (Fig. 6.6).

Stem effect: The stem effect arises out of radiation-induced signal in the chamber stem and the 
cable, if exposed. The stem effect originating in the stem is directly related to the length of the 
unguarded stem. The amount of stem effect (originating either in the stem or the cable) is a func-
tion of energy as well as type of beam (photon or particle). Fully guarded Farmer-type chambers 
have almost immeasurable stem effect. However, the stem effect must be checked periodically.

The stem correction may be determined as illustrated in Figure 6.7. Measurements are made 
with the chamber oriented in each of the two positions shown. A number of points in the field 
are selected for such measurements and correction factors are obtained as a function of the stem 
length exposed in the field relative to the length of the stem exposed during calibration (e.g., 5 cm  
from the center of the chamber-sensitive volume, assuming that the chamber was calibrated at 
the center of a 10 × 10-cm field).

6.6. ELECTROMETERS 

Since the ionization current or charge to be measured can be very small, special electrometer 
circuits have been designed to measure it accurately. The most commonly used electrometers for 
ion chamber dosimetry are negative-feedback operational amplifiers.

A. OPERATIONAL AMPLIFIERS

Figure 6.8 schematically shows three simplified circuits that are used to measure ionization in 
the integrate mode, rate mode, and direct-reading dosimeter mode. The operational amplifier is 
designated as a triangle with two input points. The negative terminal is called the inverting ter-
minal and the positive one is the noninverting position. This terminology implies that a negative 
voltage applied to the inverting terminal will give a positive amplified voltage and a positive volt-
age applied to the noninverting terminal will also give a positive amplified voltage. A negative-
feedback connection is provided, which contains either a capacitor or a resistor.

The operational amplifier has a high open-loop gain (>104) and a high input impedance 
(>1012 ohm). Because of this, the output voltage is dictated by the feedback element, independent 
of the open-loop gain, and the potential between the positive and negative inputs of the ampli-
fier (called the error voltage) is maintained very low <100 mV). For example, if the ionization 
current is 10−8 A and the resistor in the feedback circuit of Figure 6.8B is 109 ohm, the output 
voltage will be  current times the resistance or 10 V. Assuming an open-loop gain of 104, the error 
voltage between the input terminals of the amplifier will be 10−3 V or 1 mV. This leads to a very 
stable operation, and the voltage across the feedback element can be accurately measured with 
the closed-loop gain of almost unity.

Chamber
orientation2

1

Field border

Figure 6.7. Geometry of stem correction determination.
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In the integrate mode (Fig. 6.8A), the charge Q collected by the ion chamber is deposited on the 
feedback capacitor C. The voltage V across C is read by a voltmeter and is given by Q/C, where 
C is the capacity. Measurement of this voltage is essentially the measurement of ionization charge.

In the rate mode (Fig. 6.8B), the capacitor is replaced by a resistance R. Irradiation of the cham-
ber causes an ionization current I to flow through the resistor, generating a voltage V = IR across 
the resistance. The measurement of this voltage reflects the magnitude of the ionization current.

For total capacitative or resistive feedback circuits, the closed-loop gain of the operational 
amplifier is unity (i.e., the output voltage is given by the voltage across the feedback element). If a 
variable fraction of the output voltage is fed back to the input as by a voltage divider (Fig. 6.8C), 
the electrometer can be converted into a direct-exposure reading (R or R/min) instrument for a 
given chamber and a given quality of radiation.

Special electrometer circuits have been designed to measure accurately ionization currents, 
even as low as 10−15 A. The reader is referred to Johns and Cunningham (4) for further details.

Several combinations of chambers and electrometers using operational amplifiers are com-
mercially available. Figure 6.9A,B shows one such system. A Farmer-type 0.6-cm3 ion chamber 
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Model 206 electrometer.
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is connected through a shielded cable to an electrometer. The system can be used to measure 
integrated charge or ionization current. Both the chamber and the electrometer are calibrated so 
that the reading can be converted into exposure.

6.7. SPECIAL CHAMBERS 

A cylindrical thimble chamber is most often used for exposure (or dose) calibration of radiation 
beams when the dose gradient across the chamber volume is minimal. It is not suitable for sur-
face dose measurements. As will be discussed in Chapters 8 and 13, high-energy photon beams 
exhibit a dose buildup effect, that is, a rapid increase of dose with depth in the first few millime-
ters. To measure the dose at a point in this buildup region or at the surface, the detector must 
be very thin along the direction of the beam so that there is no dose gradient across its sensitive 
volume. In addition, the chamber cavity must not significantly perturb the radiation field. Special 
chambers have been designed to achieve the above requirements.

A. EXTRAPOLATION CHAMBER

Failla (9) designed an ionization chamber for measuring surface dose in an irradiated phantom 
in 1937. He called this chamber an extrapolation chamber (Fig. 6.10). The beam enters through 
a thin foil window that is carbon coated on the inside to form the upper electrode. The lower 
or the collecting electrode is a small coin-shaped region surrounded by a guard ring and is con-
nected to an electrometer. The electrode spacing can be varied accurately by micrometer screws. 
By measuring the ionization per unit volume as a function of electrode spacing, one can estimate 
the incident dose by extrapolating the ionization curves to zero electrode spacing.

The extrapolation chambers of the type described above have been used for special dosimetry 
(e.g., the measurement of dose in the superficial layers of a medium and the dosimetry of elec-
trons and β particles).

B. PLANE-PARALLEL CHAMBERS

Plane-parallel chambers (sometimes also called parallel-plate chambers) are similar to the 
extrapolation chambers except for the variable electrode spacing. The electrode spacing of the 
plane-parallel chambers is small (~2 mm) but fixed. A thin wall or window (e.g., foils of 0.01- to 
0.03-mm-thick Mylar, polystyrene, or mica) allows measurements practically at the surface of 
a phantom without significant wall attenuation. By adding layers of phantom material on top 
of the chamber window, one can study the variation in dose as a function of depth, at shallow 
depths where cylindrical chambers are unsuitable because of their larger cavity volume.

The small electrode spacing in a plane-parallel chamber minimizes cavity perturbations in 
the radiation field. This feature is especially important in the dosimetry of electron beams where 
cylindrical chambers may produce significant perturbations in the electron fluence due to the 
presence of their large air cavity.

The commonly used plane-parallel chambers (e.g., Markus, Holt, Capintec, Roos, Exradin, 
and NACP ) have a range of specifications with regard to sensitive volume, electrode spacing, 
entrance window thickness, width of guard ring, and so on, depending upon their usage and 
desired accuracy. For example, the Advanced Markus chamber (shown in Fig. 6.11) has a vented 
sensitive volume of 0.02 mL, electrode spacing of 1 mm, entrance window of 0.03 mm thick 
graphite-coated polyethylene membrane, guard ring of 2 mm width, and lower collector elec-
trode of graphite-coated acrylic of diameter 5.4 mm. This chamber is waterproof when used 
with its protective acrylic cover of 0.87 mm thickness.
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Figure 6.10. extrapolation 
ion chamber by Failla. (redrawn 
from Boag JW. Ionization cham-
bers. In: attix Fh, roesch WC, eds. 
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New York, NY: academic Press; 
1969:1.)
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6.8. ION COLLECTION 

A. SATURATION

As the voltage difference between the electrodes of an ion chamber exposed to radiation is 
increased, the ionization current increases at first almost linearly and later more slowly. The ion-
ization curve finally approaches a saturation value for the given exposure rate (Fig. 6.12). The 
initial increase of ionization current with voltage is caused by incomplete ion collection at low 
voltages. The negative and the positive ions tend to recombine unless they are quickly separated 
by the electric field. This recombination can be minimized by increasing the field strength.

If the voltage is increased much beyond saturation, the ions, accelerated by the electric field, 
can gain enough energy to produce ionization by collision with gas molecules. This results in 
a rapid multiplication of ions, and the current, once again, becomes strongly dependent on the 
applied voltage. The chamber should be used in the saturation region so that small changes in 
the voltage do not result in changes in the ionic current.

B. COLLECTION EFFICIENCY

As previously discussed, the maximum field that can be applied to the chamber is limited by the 
onset of ionization by collision. Depending on the chamber design and the ionization intensity, 
a certain amount of ionization loss by recombination can be expected. Especially at very high 
ionization intensity, such as is possible in the case of pulsed beams, significant loss of charge by 
recombination may occur even at maximum possible chamber voltages. Under these conditions, 
the recombination losses may have to be accepted and the correction applied for these losses. 
The collection efficiency, defined as the ratio of the number of ions collected to the number pro-
duced, may be determined either by calculation (7,8) or by measurements (8).

Experimentally, the measured current is plotted against the inverse of the polarizing voltage 
in the region of losses below 5%. The “ideal” saturation current is then determined by linear 
interpolation of the curve to infinite polarizing voltage. Another, simpler, method, called the 
two-voltage testing technique, has been described by Boag and Currant (10) for determining the 
efficiency of ion collection. In this method, measurements are made at two different voltages, 
one given working voltage and the other much lower voltage. By combining the two readings in 
accordance with the theoretical formula by Boag and Currant (10), one can obtain the collection 
efficiency at the given voltage.

Figure 6.11. Photograph of a 0.02-cm3 advanced 
Markus chamber (PtW type 3045).
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Figure 6.12. Saturation curve for an ion chamber.
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A more practical method of determining ion recombination correction (Pion) consists of mea-
suring ionization at two bias voltages, V1 and V2, so that V1 = 2V2. The ratio of the two readings 
is related to Pion. Figure 6.13 is based on the work by Boag (11) and Almond (12) and may be 
used to determine Pion for a chamber for continuous radiation (e.g., 60Co), pulsed radiation, or 
pulsed scanning beams produced by accelerators.

Whenever possible, the voltage on the chamber should be arranged to give less than 1% to 
2% loss of charge by recombination, that is, collection efficiency of better than 99%. In a 0.6-cm3 
Farmer-type chamber, this is generally achieved if the collection voltage is about 300 V or higher 
and a dose per pulse in the chamber cavity is 0.1 cGy or less.

6.9. CHAMBER POLARITY EFFECTS 

It is sometimes found that for a given exposure the ionic charge collected by an ion chamber 
changes in magnitude as the polarity of the collecting voltage is reversed. There are many pos-
sible causes of such polarity effects, some of which have been reviewed by Boag (11). With the 
chamber operating under saturation conditions, major causes of the polarity effects include the 
following:

a. High-energy electrons such as Compton electrons ejected from the central electrode by 
high-energy photons constitute a current (also called the Compton current) independent of 
gas (cavity air) ionization. This may add to or reduce the collector current, depending on 
the polarity of the collecting electrode. In addition, some of these electrons may stop in the 
collector but may not be entirely balanced by ejection of recoil electrons from the collector. 
The above effects are minimized by making the collecting electrode very thin. Errors due 
to these causes are likely to be appreciable for parallel-plate chambers with small electrode 
spacing. However, the true ionization current in these cases can be determined by taking the 
mean of two currents obtained by reversing the chamber polarity.

b. The Extracameral current collected outside the sensitive volume of the chamber may cause 
the polarity effect. Such a current may be collected at inadequately screened collector circuit 
points. Also, irradiation of the cable connecting the chamber with the electrometer can cause 
the extracameral current as well as the Compton current discussed above. The errors caused 
by these effects can be minimized but not eliminated by reversing the chamber  polarity and 
taking the mean value of the collector current.
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Figure 6.13. Ion recombination correction factors (Pion) for continuous radiation (60Co, Van de Graaff ), pulsed 
 radiation (accelerator-produced x-rays and electron beams), and pulsed scanning beams. these data are applicable 
when V1 = 2V2. (From aaPM. a protocol for the determination of absorbed dose from high-energy photon and electron 
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In general, the chamber polarity effects are relatively more severe for measurements in electron 
beams than photon beams, and in addition, the effect increases with decreasing electron energy. 
Therefore, it is important to determine polarity effects of a chamber at various depths in a phan-
tom. The polarity effect is very much dependent on chamber design and irradiation conditions. 
Several commercially available chambers have been studied for this effect (13,14) and the reader 
is referred to these reports for further details.

Many of the polarity effects and stem leakage can be minimized in the design of the chamber 
and the associated circuitry. Also, the adequacy of the chamber voltage is an important factor in 
minimizing some of the other polarity effects [not mentioned here but discussed by Boag (7)]. 
Finally, it is recommended that the difference between the ionization currents measured at posi-
tive and negative polarizing potential should be less than 0.5% for any radiation beam quality.

6.10. ENVIRONMENTAL CONDITIONS 

If the ion chamber is not sealed, its response is affected by air temperature and pressure. In 
fact, most chambers are unsealed and communicate to the outside atmosphere. Because the 
density of air depends on the temperature and pressure, in accordance with the gas laws,  
the density of air in the chamber volume will likewise depend on these atmospheric conditions. 
The density or the mass of air in the chamber volume will increase as the temperature decreases 
or pressure increases. Since exposure is given by the ionization charge collected per unit mass 
of air ( section 6.2), the chamber reading for a given exposure will increase as the temperature 
decreases or as the pressure increases.

In the United States, the calibration laboratories [National Institute of Standards and Tech-
nology (NIST) and Accredited Dose Calibration Laboratories (ADCLs)] provide chamber cali-
bration factors for reference environmental conditions of temperature To = 22°C and pressure 
Po = 760 mmHg or 101.33 kilopascal (kPa) (1 atmosphere). The temperature and pressure 
 correction, PT,P, at different conditions is given by

 PT,P � a760
P

 b a 273.2 � T
273.2 � 22.0

 b    (For P in mmHg) 

or

 PT,P � a101.33
P

 b a 273.2 � T
273.2 � 22.0

 b    (For P in kPa)  (6.6)

Note:  Temperatures in the above equations are converted to the absolute scale of temperature 
(in degrees Kelvin) by adding 273.2 to the Celsius temperatures.

6.11. MEASUREMENT OF EXPOSURE 

Exposure in units of roentgen can be measured with a thimble chamber having an exposure 
calibration factor traceable to the NIST for a given quality of radiation. The chamber is held at 
the desired point of measurement in the same configuration as used in the chamber calibration 
(usually with its axis perpendicular to the beam axis). Precautions are taken to avoid media, 
other than air, in the vicinity of the chamber that might scatter radiation. The chamber reading 
can be converted to exposure as follows:

 X � M ~ NX ~PT,P ~ PST ~ Pion (6.7)

Where X is exposure in roentgens (R), M is the chamber reading (coulombs) measured under 
equilibrium conditions and corrected for any polarity effect, NX is the chamber exposure calibra-
tion factor (R/coulomb) for the given quality beam, PT,P is the temperature and pressure correc-
tion, PST is the stem leakage correction, and Pion is the ion recombination correction. The quantity 
X is the exposure that would be expected in air at the point of measurement in the absence of 
the chamber. In other words, the correction for any perturbation produced in the beam by the 
presence of the chamber is inherent in the chamber calibration factor NX.

For low-energy beams such as superficial and orthovoltage x-rays, the thimble chambers 
are usually calibrated and used without a buildup cap. For higher energies such as cobalt-60, 
a Lucite (acrylic) buildup cap is used in chamber calibration as well as for exposure measure-
ments in a given beam. The use of thimble chambers for the determination of absorbed dose in 
a phantom is discussed in Chapter 8.
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• Exposure is a measure of ionization in air produced by photons.

•	 The	unit	of	exposure	is	the	roentgen	(R):	1	R	= 2.58 × 10−4 C/kg of air.

•	 The	free-air	ionization	chamber	is	a	standard	ion	chamber	that	can	measure	
 exposure for relatively low-energy photon beams in which electronic equilibrium can 
be achieved in free air. It measures exposure in accordance with its definition.

• Chambers that require calibration by a standard chamber are called secondary cham-
bers (e.g., Farmer or Farmer-type chambers).

• Exposure calibration factor of a secondary ion chamber converts its reading (corrected 
for conditions different than those specified in the chamber calibration certificate) into 
exposure in roentgens in dry air in the absence of a chamber.

• Farmer or Farmer-type chambers can be used to calibrate all beam energies used in 
radiotherapy. Various calibration protocols using ion chamber dosimetry are discussed 
in Chapter 8.

• The electrometer is a charge-measuring device. The most commonly used electrometers 
are negative-feedback operational amplifiers. They are connected to the ion chamber 
through a shielded cable.

• Extrapolation and parallel-plate (or plane-parallel) chambers are suitable for measur-
ing surface dose or dose in the buildup region where dose gradients are high.

• Ion recombination correction depends on chamber design, bias voltage, beam type 
(photons or electrons), beam intensity, and whether the beam is pulsed, pulse scanned, 
or continuous (as in cobalt-60).

• If the chamber reading changes with change in polarity of its bias voltage, it is exhibit-
ing polarity effect. Polarity effect should be less than 0.5% for a well-designed chamber.

• For a chamber that is open to the outside temperature and pressure of air, the reading 
must be corrected by a factor given by Equation 6.6. This correction factor is relative 
to the environmental conditions specified at the standards laboratory.

K e Y  P O I N t S

R e f e r e n c e s

 1. International Commission on Radiation Units and Mea-
surements. Radiation Quantities and Units. Report No. 33. 
Washington, DC: International Commission on Radiation 
Units and Measurements; 1980.

 2. Wyckoff HO, Attix FH. Design of Free-air Ionization Cham-
bers. National Bureau of Standards Handbook No. 64. 
Washington, DC: U.S. Government Printing Office; 1957.

 3. Mayneord WV. The significance of the röntgen. Acta Int 
Union Against Cancer. 1937;2:271.

 4. Johns HE, Cunningham JR. The Physics of Radiology.  
4th ed. Springfield, IL: Charles C. Thomas; 1983.

 5. Farmer FT. A substandard x-ray dose-meter. Br J Radiol. 
1955;28:304.

 6. Aird EGA, Farmer FT. The design of a thimble chamber for 
the Farmer dosimeter. Phys Med Biol. 1972;17:169.

 7. Boag JW. Ionization chambers. In: Attix FH, Roesch WC, 
eds. Radiation Dosimetry. Vol 2. New York, NY: Academic 
Press; 1969:1.

 8. International Commission on Radiation Units and Mea-
surements. Physical Aspects of Irradiation. Report No. 10b. 
Handbook 85. Washington, DC: NBS; 1964.

 9. Failla G. The measurement of tissue dose in terms of the 
same unit for all ionizing radiations. Radiology. 1937;29: 
202.

10. Boag JW, Currant J. Current collection and ionic recombi-
nation in small cylindrical ionization chambers exposed to 
pulsed radiation. Br J Radiol. 1980;53:471.

11. Boag JW. The recombination correction for an ionization 
chamber exposed to pulsed radiation in a “swept beam” 
technique. Phys Med Biol. 1982;27:201.

12. Almond PR. Use of a Victoreen 500 electrometer to deter-
mine ionization chamber collection efficiencies. Med Phys. 
1981;8:901.

13. Mattsson LO, Johansson KA, Svensson H. Calibration and 
use of plane-parallel ionization chambers for the determina-
tion of absorbed dose in electron beams. Acta Radiol Oncol. 
1981;20:385.

14. Gerbi BJ, Khan FM. The polarity effect for commercially 
available plane-parallel ionization chambers. Med Phys. 
1987;14:210.

82453_ch06_p075-088.indd   88 1/8/14   4:19 PM



89

In Chapter 5, we described an x-ray beam in terms of photon fluence and energy fluence. 
Such a description requires the knowledge of the number and energy of the photons in the beam. 
In this chapter, we will characterize an x-ray beam in terms of its ability to penetrate materials 
of known composition. The penetrating ability of the radiation is often described as the quality 
of the  radiation.

An ideal way to describe the quality of an x-ray beam is to specify its spectral distribution, 
that is, energy fluence in each energy interval as shown in Figure 3.9. However, spectral distribu-
tions are difficult to measure and, furthermore, such a complete specification of the beam qual-
ity is not necessary in most clinical situations. Since the biologic effects of x-rays are not very 
sensitive to the quality of the beam, in radiotherapy one is interested primarily in the penetration 
of the beam into the patient rather than its detailed energy spectrum. Thus, a crude but simpler 
specification of the beam quality is often used, namely the half-value layer.

7.1. HALF-VALUE LAYER 

As defined earlier (Chapter 5), the term half-value layer (HVL) is the thickness of an absorber of 
specified composition required to attenuate the intensity of the beam to half its original value. 
Although all photon beams can be described in terms of their HVL, the quality of a g-ray beam 
is usually stated in terms of the energy of the g rays or its nuclide of origin, which has a known 
emission spectrum. For example, the quality of a g-ray beam emitted from a 60Co source can be 
stated in terms of 1.17 and 1.33 MeV (average 1.25 MeV) or simply cobalt-60 beam. Because all 
x-ray beams produced by radiation generators are heterogeneous in energy (i.e., possess continu-
ous energy spectra that depend on the peak voltage, target material, and beam filtration), they 
are usually described by the HVL, a single parameter specifying the overall penetrating ability 
of the beam.

In the case of low-energy x-ray beams (below megavoltage range), it is customary to describe 
the quality in terms of HVL together with kVp, although HVL alone is adequate for most clini-
cal applications. On the other hand, in the megavoltage x-ray range, the quality is specified by 
the peak energy and rarely by the HVL. The reason for this convention is that in the megavolt-
age range the beam is so heavily filtered through the transmission-type target and the flattening 
filter that any additional filtration does not significantly alter the beam quality or its HVL. Thus, 
for a “hard” beam with a fixed filtration, the x-ray energy spectrum is a function primarily of 
the peak energy and so is the beam quality. The average energy of such a beam is approximately 
one-third of the peak energy.

7.2. FILTERS 

In Section 3.5, we briefly discussed the energy spectrum of an x-ray beam. The x-rays produced 
by an x-ray generator show a continuous distribution of energies of bremsstrahlung photons 
on which are superimposed discrete lines of characteristic radiation (Fig. 7.1). The curve A in 
Figure 7.1 schematically represents the energy spectrum of a 200-kVp x-ray beam filtered by 
a 1-mm-thick aluminum filter. This distribution includes the effects of attenuation in the glass 
envelope of the x-ray tube, the surrounding oil, and the exit window of the tube housing as well. 
This so-called inherent filtration is equivalent to approximately 1-mm Al in most x-ray tubes.

The K-characteristic x-rays produced in the tungsten target possess discrete energies between 
58 and 69 keV (Table 3.1). Other emission lines of tungsten, however, have much lower energies 

Quality of X-ray Beams7
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and are not shown in Figure 7.1 because they are effectively removed by the inherent filtration 
as well as the added filtration.

The energy fluence of the K lines of tungsten can be preferentially reduced using a tin filter. 
Because the K absorption edge of tin is at about 29.2 keV (Table 3.2), it strongly absorbs pho-
tons above 29.2 keV by the photoelectric process. However, lower-energy photons cannot eject 
the K electrons. As seen in curve B of Figure 7.1, the energy fluence in the region from 30 to 70 
keV is considerably reduced relative to either the higher-energy part of the spectrum or the spec-
trum below 29 keV. Because the L absorption edge of tin is only 4.5 keV, there is little reduction 
in the spectrum below 29 keV. In addition to the above effects, tin produces its own characteris-
tic radiation by the photoelectric process involving the K shell, and these lines are superimposed 
on the spectrum below the tin absorption edge.

To absorb preferentially the energy fluence below the K edge of tin, including the character-
istic x-rays of tin, a copper filter is quite efficient. The K edge of copper is at 9 keV, and there-
fore, the photons below 29 keV are strongly absorbed by the copper filter as seen in curve C 
of Figure 7.1. The very-low-energy characteristic x-rays produced by copper can be effectively 
absorbed by adding an aluminum filter next to the copper filter.

Combination filters containing plates of tin, copper, and aluminum have been designed to 
increase the resulting HVL of the orthovoltage beams without reducing the beam intensity 
to unacceptably low values. Such filters are called Thoraeus filters (1) and are described in 
Table 7.1. It is important that the combination filters be arranged in the proper order, with 
the highest-atomic-number material nearest the x-ray target. Thus, a Thoraeus filter is inserted 
with tin facing the x-ray tube and the aluminum facing the patient, with the copper sandwiched 
between the tin and the aluminum plates.

In the diagnostic and superficial x-ray energy range (Section 4.1), primarily aluminum filters 
are used to harden the beam. The HVLs of these beams are also expressed in terms of millimeters 
of aluminum. In the orthovoltage range, however, combination filters are often used to obtain 
HVLs in the range of about 1 to 4 mm Cu. For cesium and cobalt teletherapy machines, on the 
other hand, filters are not needed because the beams are almost monoenergetic.

Although a megavoltage x-ray beam has a spectrum of energies, the beam is hardened by the 
inherent filtration of the transmission target as well as by transmission through the flattening 
filter. Thus, no additional filtration is required to improve the beam quality. The primary pur-
pose of the flattening filter is to make the beam intensity uniform in cross section rather than to 
improve the beam quality. It may also be mentioned that the flatness of the beam is irrelevant if 
patients are treated with some form of intensity-modulated radiation therapy (IMRT). Accord-
ingly, some vendors are moving toward flattening-filter free (FFF) machines.
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Figure 7.1. Schematic graph showing changes in 
spectral distribution of a 200-kVp x-ray beam with various 
filters. Curve a is for al, curve B is for Sn + al, and curve C 
is for Sn + Cu + al.

TABLE 7.1  Thoraeus Filters Used with Orthovoltage X-rays

Filter Composition

thoraeus I 0.2 mm Sn + 0.25 mm Cu + 1 mm al
thoraeus II 0.4 mm Sn + 0.25 mm Cu + 1 mm al
thoraeus III 0.6 mm Sn + 0.25 mm Cu + 1 mm al
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7.3. MEASUREMENT OF BEAM QUALITY PARAMETERS 

A. HALF-VALUE LAYER

As discussed in Section 5.3, the HVL of a beam is related to the linear attenuation coefficient (m) 
by the following equation:

 HVL �
0.693
m

 (7.1)

Like the attenuation coefficient, the HVL must be measured under narrow-beam or “good” geom-
etry conditions. These conditions can be achieved by using a narrow beam and a large distance 
between the absorber and the detector (Fig. 5.1). Under good geometry conditions, the exposure 
reading is mainly a result of the photons that are transmitted through the absorber without inter-
action and practically no scattered photons are detected by the chamber. The attenuation data 
are obtained by measuring transmitted exposure through absorbers of varying thickness but con-
stant composition. These data are then plotted on a semilogarithmic graph to determine HVL. 
If the beam has a low filtration or contains an appreciable amount of low-energy component in 
the spectrum, the slope of the attenuation curve decreases with increasing absorber thickness 
(Fig. 5.3). Thus, different HVL beams can be obtained from such a beam by using different filters. 
In general, the HVL increases with increasing filter thickness as the beam becomes increasingly 
“harder,” that is, contains a greater proportion of higher-energy photons. Beyond a certain thick-
ness, however, additional filtration may result in “softening” of the beam by Compton scattering.

Because an increase in filtration is accompanied by a reduction in the available exposure rate, 
the filtration is carefully chosen to obtain a suitable HVL as well as acceptable beam output. 
In addition, as discussed in the previous section, certain filters are more efficient than others in 
selectively removing low-energy photons from the beam, including characteristic x-rays that are 
undesirable for therapy because of their low energy.

B. PEAK  VOLTAGE

Neither the HVL nor the tube potential nor both provide sufficient information regarding the 
spectral distribution of the radiation. However, for most clinical purposes, these two parameters 
give an appropriate specification of radiation quality. It has been recommended (2) that the qual-
ity of the clinical beams in the superficial and orthovoltage range be specified by the HVL and 
the kVp in preference to the HVL alone.

The determination of x-ray tube potential is difficult because the high-tension circuits of most 
x-ray equipment are sealed and hence are not easily accessible for direct voltage measurement. 
Indirect methods, therefore, are often used to measure the kVp without approach to the high-
tension circuits. However, if access to the high-voltage terminals can be achieved, direct measure-
ments can be made by precision voltage dividers or a sphere-gap apparatus.

Direct Measurement

Voltage DiViDer. If the high-tension leads of the x-ray tube are accessible, then the effective volt-
age across the tube can be measured directly by a voltage divider. The voltage divider is a circuit in 
which several high resistances are connected in series to form a resistance tower, which is placed 
across the high-tension leads. The total potential is thus divided among the separate resisters. 
The effective voltage between any two points is given by the effective current through the tower 
times the resistance between the two points. The ratio of total resistance to the output resistance 
between two selected points gives the calibration factor, which when multiplied by the observed 
output voltage across those points gives the total voltage across the voltage divider. For further de-
tails of the method, the reader is referred to Gilbertson and Fingerhut (3) and Giarratano et al. (4).

Sphere-gap MethoD. The sphere-gap method is one of the oldest methods of determining the 
kVp. Each high-voltage lead of the x-ray tube is connected to a polished metallic sphere by a 
cable adapter. The distance between the two spheres is reduced until an electric spark passes 
between them. By knowing the critical distance, corrected for air density and humidity, one can 
calculate the peak voltage across the x-ray tube.

Indirect Measurement

FluoreScence MethoD. The fluorescence method is based on two principles (5). First, the peak 
photon energy is given by the peak potential (i.e., hvmax in keV is numerically equal to the kVp). 
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Second, K-edge absorption is a threshold phenomenon in which K-orbit fluorescence (character-
istic x-ray production) occurs when the photon energy is just equal to or greater than the binding 
energy of the K-shell electron. Hence, by using materials of several different K absorption edges, 
one can calibrate the kVp dial on the machine.

Figure 7.2 illustrates an experimental arrangement for the procedure. A secondary radia-
tor (attenuator), the K absorption edge of which is accurately known, is placed at an angle of 
45 degrees to the central axis of the beam. While one ionization chamber, placed behind the radi-
ator, measures the transmitted x-rays, a second chamber, placed at an angle of 90 degrees to the 
beam axis, measures scattered and fluorescent radiation. This chamber is shielded to prevent the 
reception of radiation other than that from the radiator. Furthermore, a differential filter (low-Z 
absorber) is used in front of this chamber to minimize the effect of low-energy scattered x-rays.

When the tube voltage is below the K edge, both the transmitted and the scattered radiations 
increase with increasing tube voltage. When the tube voltage rises above the K edge, there is a 
sudden increase in absorption at and beyond the K edge. Consequently, the transmitted radiation 
decreases and the secondary radiation increases due to the production of characteristic fluores-
cent radiation. Thus, if the ratio of the transmitted to the secondary radiation is plotted against 
the tube potential, a break in the curve is observed at the K-edge threshold (Fig. 7.3). The applied 
kVp at that point is numerically equal to the K-edge absorption energy expressed in keV.

attenuation MethoD. The attenuation method, described by Morgan (6) and Newell and 
Henny (7), is based on the observation that the slope of the transmission curve of an x-ray beam 
at high filtration depends on the peak kilovoltage. The apparatus consists of a detector such as 
an ion chamber with two caps of copper or aluminum of different thicknesses. The instrument 
is first calibrated by determining the ratio of the detector response with the two caps in place as 
a function of kVp of x-ray beams produced by a generator of accurately known peak potentials. 
Accordingly, an unknown kVp of an x-ray beam can be estimated from the calibration curve by 
determining the ratio of the detector response for the same two caps. This method, however, has 
a limited accuracy and depends strongly on the waveform of the x-ray tube potential.

X-ray
source

Diaphragm

Chamber 2

Chamber 1

Filter

Attenuator

Figure 7.2. experimental arrangement for measuring tube  
voltage by the K fluorescence method. Chamber 1 measures  
radiation transmitted through the attenuator and chamber 2 measures  
characteristic as well as scattered x-rays. the filter in front of chamber 2 
absorbs most of the scattered radiation from the attenuator.
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Figure 7.3. Plot of the transmitted (chamber 1 reading) to  
scattered radiation (chamber 2 reading) as a function of tube 
kilovoltage. the discontinuity occurs in the curve at the tube voltage 
numerically equal to the K-edge threshold of the attenuator.
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penetraMeter. The operation of the penetrameter consists of comparing transmission 
through two materials with x-ray absorptions that change differently with photon energy. 
The original penetrameter was designed by Benoist in 1901 (8). The design was optimized 
in 1966 by Stanton et al. (9). Their device consists of a rectangular central reference block of 
polyethylene, on both sides of which are identical metal step wedges. Aluminum wedges are 
recommended for the low kilovolt range and brass wedges for the higher kilovolt. The central 
polyethylene block is surrounded on its sides by lead scatter shields.

For kilovoltage measurement, the penetrameter is radiographed in the beam with heavy filtra-
tion and scatter shielding. The optical density ratios of adjacent wedge and reference areas are 
used to obtain the “matching step position.” If the instrument has been calibrated against known 
potentials, the desired peak voltage can be read from the calibration curve.

Another penetrameter is known as the Ardran-Crooks cassette (10). This device consists of a 
film that is covered partly with a slow intensifying screen and partly with a fast screen. A copper 
step system is superimposed on the fast screen, while the slow screen is kept uncovered to serve 
as a reference. A sheet of lead allows only a small (0.5-cm diameter) beam to pass through each 
copper step and the uncovered slow screen. When a radiograph is taken, the match of a step den-
sity with the reference depends on the kilovoltage. By using an appropriate calibration curve, one 
can determine the desired kilovolts. A commercial version of the Ardran-Crooks penetrameter is 
known as the Wisconsin Test Cassette.1

C. EFFECTIVE ENERGY

Because x-ray beams used in radiology are heterogeneous in energy, it is convenient sometimes to 
express the quality of an x-ray beam in terms of the effective energy. The effective (or equivalent) 
energy of an x-ray beam is the energy of photons in a monoenergetic beam that are attenuated at the 
same rate as the radiation in question. Since the attenuation curve for a given material is character-
ized by the slope or the linear attenuation coefficient (m), the effective energy is determined by finding 
the energy of monoenergetic photons that have the same m as the given beam. In general, however, 
the m or the effective energy of a heterogeneous beam varies with the absorber thickness (Fig. 5.3).

Because m and HVL are interrelated (Equation 7.1), the effective energy may also be defined 
as the energy of a monoenergetic photon beam having the same HVL as the given beam.  
Figure 7.4 shows the relationship between effective energy and HVL for x-ray beams in the 
superficial and orthovoltage range. These data were calculated by using Equation 7.1 to obtain m 
and finding the energy of a monoenergetic photon beam with the same m given in the Appendix.

Although lead is commonly used to express HVLs for the megavoltage beams, it is not neces-
sarily the best choice for characterizing the beam quality in this energy range. It has been shown 
that the low-atomic-number materials such as water are more sensitive to changes in spectral 
quality of megavoltage x-rays than the high-atomic-number materials such as lead (11). This can 
be seen in Figure 7.5 in which HVL is plotted as a function of peak photon energy. The HVL in 
terms of lead begins to decrease with an increase in energy beyond about 20 MV. This is because 
the mass attenuation coefficient of lead first decreases and then increases with an increase in 
energy, whereas for water it monotonically decreases (see Section 5.10).

1Available from Radiation Measurements, Inc., Middleton, Wisconsin.
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D. MEAN ENERGY

The spectral distribution of a radiation field (particles or photons) is characterized by the 
distribution of fluence or energy fluence with respect to energy. Suppose Φ(E) denotes fluence 
Φ of photons with energy between 0 and E. The differential distribution (ΦE) of the fluence 
with respect to energy is given by

�E �
d�(E)

dE
The product ΦE dE is the fluence of photons with energies lying between E and E + dE. The 
total fluence (Φ) is given by

1Emax

0 �E dE

The mean energy (E) of a photon beam can be calculated as

 E � 1E
max

0
�E ~ dE

1E
max

0
�E ~ dE

 (7.2)

7.4. MEASUREMENT OF MEGAVOLTAGE BEAM ENERGY 

The complete energy spectrum of a megavoltage x-ray beam can be obtained by calculation using 
thin target bremsstrahlung spectra (12), scintillation spectrometry (13,14), and photoactivation 
(15). However, for the characterization of a megavoltage x-ray beam by a single energy parameter, 
namely by its maximum energy, one needs to determine the energy of the electron beam before 
incidence on the target. Several methods for determining this energy are discussed in Chapter 14.

The most practical method of determining the megavoltage beam energy is by measuring per-
cent depth dose distribution, tissue-air ratios, or tissue-maximum ratios (Chapters 9 and 10) and 
comparing them with the published data such as those from the Institute for Physical Sciences 
in Medicine (16). Although clinically relevant, the method is only approximate since depth dose 
distributions are relatively insensitive to small changes in the peak energy.

A sensitive method of monitoring x-ray beam spectral quality has been proposed by Nath and 
Schulz (17) and is referred to as the photoactivation ratio (PAR) method. The basic procedure 
involves irradiating a pair of foils that can be activated by the photodisintegration process (Sec-
tion 2.8F). The choice of foils must be such that one of them is sensitive to higher energies than the 
other in the energy spectrum of the x-ray beam. After irradiation, the induced radioactivity in the 
foils is measured using a scintillation counter. The ratio of induced activities gives the PAR, which 
can be related to the peak photon energy. The PAR method provides a more sensitive method of 
measuring x-ray spectral quality than the conventional method of measuring HVL in water.

7.5. MEASUREMENT OF ENERGY SPECTRUM 

Although the HVL is a practical parameter characterizing therapeutic beams, it is only approxi-
mate and cannot be used in systems that are sensitive to spectral distribution of photons. For 
example, some radiation detectors show a large variation in response with different photon ener-
gies (e.g., film, diodes), and even ion chambers are more or less energy dependent, depending on 
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their design. In such instances, spectral distribution is the relevant parameter of beam quality. In 
this and other  investigative work, it is important to determine experimentally spectral distribu-
tions of photon beams. There are many references dealing with spectrometry (12–15), and the 
interested reader is referred to those papers. Only one method, namely scintillation spectrometry, 
will be briefly described here.

The scintillation spectrometer consists of a crystal or phosphor, usually sodium iodide, attached 
to a photomultiplier tube (Fig. 7.6). When a photon beam is incident on the crystal, electrons are 
ejected that travel in the crystal and produce ionization and excitation of the crystal atoms. As a 
result, photons of energy in the optical or ultraviolet region are produced along the electron tracks. 
These light photons, on striking the photosensitive surface (photocathode) of a photomultiplier 
tube, eject low-energy photoelectrons, which are collected and multiplied about a million times by 
the photomultiplier dynodes. This results in an output pulse that is proportional to the energy of 
the original x-ray photon entering the crystal. A multichannel pulse height analyzer is used to sort 
out electronically different-size pulses. Each channel corresponds to particular input photon energy 
and accumulates counts or number of photons with a particular energy. The spectrum is then 
displayed in terms of photons per unit energy interval as a function of photon energy (Fig. 7.6).
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Figure 7.6. energy spectrum of an 
x-ray beam determined by a scintillation 
spectrometer (shown in the inset).

• Quality of x-ray beams is specified by kVp, filtration, and HVL (for diagnostic, superficial, 
and orthovoltage beams); and MV and percent depth dose in water (for megavoltage x-rays).

• Quality of cobalt-60 beams is designated simply as cobalt-60 because it is known that 
they have the same energy, namely g rays of 1.17 and 1.33 MeV.

• HVL must be measured under “good geometry” conditions: a narrow beam and a large dis-
tance between absorber and detector in order to avoid measurement of scattered radiation.

• Peak voltage (kVp) applied to an x-ray generator can be measured directly (e.g., 
voltage divider, sphere-gap method) or indirectly (e.g., fluorescence, attenuation, or a 
penetrameter device such as an Adrian-Crooks cassette).

• Peak energy (MV) of a megavoltage x-ray beam can be measured directly by 
 scintillation spectrometry or by photoactivation of appropriate foils (e.g., PAR method). 
Most  commonly used methods, however, are indirect, such as comparing measured 
percent depth dose distribution in water with published data.

• Effective or equivalent energy of an x-ray beam is the energy of a monoenergetic photon 
beam that has the same HVL as the given beam.

• Energy spectrum of an x-ray beam can be measured by scintillation spectrometry.  
The spectrum may be displayed in terms of photon fluence per unit energy interval as a 
function of photon energy.

K e Y  P O I N t S
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8.1. DEFINITION OF ABSORBED DOSE 

In Chapter 6, the quantity exposure and its unit, the roentgen (C/kg), were discussed. It was then 
pointed out that exposure applies only to x and g radiations, is a measure of ionization in air 
only, and cannot be used for photon energies above about 3 MeV. The quantity absorbed dose 
has been defined to describe the quantity of radiation for all types of ionizing radiation, includ-
ing charged and uncharged particles; all materials; and all energies. Absorbed dose is a measure 
of the biologically significant effects produced by ionizing radiation.

The current definition of absorbed dose, or simply dose, is the quotient d   / dm where d   
is the mean energy imparted by ionizing radiation to material of mass dm (1). The old unit of 
dose is rad (an acronym for radiation absorbed dose) and represents the absorption of 100 ergs 
of energy per gram of absorbing material:

 1 rad = 100 ergs/g = 10−2 J/kg (8.1)

The SI unit for absorbed dose is gray (Gy) and is defined as

 1 Gy = 1 J/kg (8.2)

Thus, the relationship between gray, centigray (cGy), and rad is

 1 Gy = 100 rad = 100 cGy (8.3)

or

 1 rad = 10−2 Gy = 1 cGy (8.4)

8.2. RELATIONSHIP BETWEEN KERMA, EXPOSURE,  
AND ABSORBED DOSE 

A. KERMA

The quantity kerma (K) (kinetic energy released in the medium) is defined as “the quotient of dEtr 
by dm, where dEtr is the sum of the initial kinetic energies of all the charged ionizing particles 
(electrons and positrons) liberated by uncharged particles (photons) in a material of mass dm” (1).

 K �
dEtr

dm
 (8.5)

The unit for kerma is the same as for dose, that is, J/kg. The name of its SI unit is gray (Gy).
For a photon beam traversing a medium, kerma at a point is directly proportional to the 

photon energy fluence � and is given by

 K � �a
m� tr

r
 b  (8.6)

where m� tr/r is the mass energy transfer coefficient for the medium averaged over the energy flu-
ence spectrum of photons. As discussed in Section 5.4,

 a
m� en

r
 b � a

m� tr

r
 b (1 � g�) (8.7)

where m� en/r is the averaged mass energy absorption coefficient and g�  is the average fraction of an 
electron energy lost to radiative processes. Therefore,

 K � �a
m� en

r
 b /(1 � g�) (8.8)

Measurement of Absorbed Dose8
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A major part of the initial kinetic energy of electrons in low-atomic-number materials  
(e.g., air, water, soft tissue) is expended by inelastic collisions (ionization and excitation) with 
atomic electrons. Only a small part is expended in the radiative collisions with atomic nuclei 
(bremsstrahlung). Kerma can thus be divided into two parts:

 K = Kcol + Krad (8.9)

where Kcol and Krad are the collision and the radiative parts of kerma, respectively. From  
Equations 8.8 and 8.9,

 Kcol � �a
m� en

r
 b  (8.10)

and

 Krad � �a
m� en

r
 b ~ a g�

1 � g�
 b  (8.11)

B. EXPOSURE AND KERMA

In Chapter 6, the quantity exposure was defined as dQ/dm where dQ is the total charge of the 
ions of one sign produced in air when all the electrons (negatrons and positrons) liberated by 
photons in (dry) air of mass dm are completely stopped in air.

Exposure is the ionization equivalent of the collision kerma in air. It can be calculated from 
Kcol by knowing the ionization charge produced per unit of energy deposited by photons. The 
mean energy required to produce an ion pair in dry air is almost constant for all electron  energies 
and has a value of W � 33.97 eV/ion pair (2). If e is the electronic charge (= 1.602 × 10−19 C), 
then W

e  is the average energy required per unit charge of ionization produced. Since 1 eV = 
1.602 × 10−19 J, We  = 33.97 J/C. Exposure (X) is given by

 X � (Kcol)air ~ a
e

W
b  (8.12)

From Equations 8.10 and 8.12,

 X � �aira
�men

r
b

air

~ a e

W
b

air

 (8.13)

C. ABSORBED DOSE AND KERMA

The relationship between absorbed dose (D) and the collision part of kerma (Kcol) is illustrated 
in Figure 8.1 when a broad beam of photons enters a medium. Whereas kerma is maximum at 
the surface and decreases with depth, the dose initially builds up to a maximum value and then 
decreases at the same rate as kerma. Before the two curves meet, the electron buildup is less than 
complete, and

 b = D/Kcol < 1 (8.14)

where b is the quotient of absorbed dose at a given point and the collision part of kerma at the 
same point.

Because of the increasing range of the electrons, complete electronic equilibrium does not exist 
within megavoltage photon beams. However, conceptually electronic equilibrium would exist 
if it were assumed that photon attenuation is negligible throughout the region of interest. Then

Buildup
region

D

D and K 
col, β= 1 

c.e.p.

A
bs

or
be

d 
do

se
 a

nd
 k

er
m

a

Equilibrium
region

K 
col

β < 1 β > 1

Depth or wall thickness

Figure 8.1. relationship between absorbed  
dose (D) and collision kerma (Kcol) for a megavoltage  
photon beam. b is the ratio of absorbed dose to 
collision kerma. the point designated as c.e.p. is 
the center of electron production (see text). (From 
Loevinger r. a formalism for calculation of absorbed 
dose to a medium from photon and electron beams. 
Med Phys. 1981;8:1, with permission.)
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 b = D/Kcol = 1 (8.15)

At depths greater than the maximum range of electrons, there is a region of quasie-quilibrium 
called the transient electron equilibrium in which

 b = D/Kcol > 1 (8.16)

In the transient equilibrium region, b is greater than unity because of the combined effect of 
attenuation of the photon beam and the predominantly forward motion of the electrons. Because 
the dose is being deposited by electrons originating upstream, one can think of a point some-
where upstream at a distance less than the maximum electron range from where the energy is 
effectively transported by secondary electrons. This point has been called the “center of electron 
production” (3). Since the center of electron production is located upstream relative to the point 
of interest, the dose is greater than kerma in the region of transient electronic equilibrium.

The relationship between absorbed dose and photon energy fluence � at a point is given by

 D � b ~ (m� en /r) ~� (8.17)

Suppose D1 is the dose at a point in some material in a photon beam and another material is sub-
stituted of a thickness of at least one maximum electron range in all directions from the point; 
then D2, the dose in the second material, is related to D1 by

 
D1

D2

 �
(b ~m� en /r)1 ~�1

(b ~m� en /r)2 ~�2

 (8.18)

The factor b has been calculated for 60Co and other photon energies for air, water, polysty-
rene, carbon, and aluminum (4,5). The results show that the value of b varies with energy, not 
medium. A fixed value of b = 1.005 has been used for 60Co in conjunction with ion chamber 
dosimetry (6).

For further details of the relationship between absorbed dose and kerma and its significance 
in dosimetry, the reader is referred to a paper by Loevinger (4).

8.3. CALCULATION OF ABSORBED DOSE FROM EXPOSURE 

A. ABSORBED DOSE TO AIR

Determination of absorbed dose from exposure is readily accomplished under conditions of elec-
tron equilibrium. However, for energies in the megavoltage range, the electron fluence produc-
ing absorbed dose at a point is characteristic of photon energy fluence some distance upstream. 
Consequently, there may be appreciable photon attenuation in this distance. The calculation of 
absorbed dose from exposure when rigorous electronic equilibrium does not exist is much more 
difficult, requiring energy-dependent corrections. Therefore, the determination of exposure and 
its conversion to absorbed dose is practically limited to photon energies up to 60Co. In the pres-
ence of charged particle equilibrium (CPE), the dose at a point in any medium is equal to the 
collision part of kerma; that is, b = 1. Dose to air (Dair) under these conditions is given by (see 
Equation 8.12)

 Dair = (Kcol)air = X ~ W
e

 (8.19)

Inserting units:

 Dair (J/kg) � X (R) ~2.58 � 10�4 aC/kg

R
 b ~33.97 (J/C) � 0.876 � 10�2 a J/kg

R
 b ~X (R)

Since 1 cGy = 10−2 J/kg,

 Dair (cGy) � 0.876 a cGy

R
 b ~X (R) (8.20)

From Equation 8.20, it is seen that the conversion factor from roentgen to cGy for air, under the 
conditions of electronic equilibrium, is 0.876.

B. ABSORBED DOSE TO ANY MEDIUM

In the presence of full CPE (i.e., b = 1 in Equation 8.17), the absorbed dose (D) to a medium 
can be calculated from the energy fluence � and the weighted mean mass energy absorption 
coefficient, m� en /r:

 D � � ~m� en /r (8.21)
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100 Part I Basic Physics

Suppose �air is the energy fluence at a point in air and �med is the energy fluence at the same point 
when a material other than air (medium) is interposed in the beam. Then, under conditions of 
electronic equilibrium in either case, the dose to air is related to the dose to the medium by the 
following relationship:

 
Dmed

Dair

 �
(m� en /r)med

(m� en /r)air

 ~ A (8.22)

where A is a transmission factor that equals the ratio �med/�air at the point of interest.
From Equations 8.19 and 8.22, we obtain the relationship between exposure to air and 

absorbed dose to a medium:

 Dmed � X ~
Wair

e
~
(men /r)med

(men /r)air

 (8.23)

Again, if X is in roentgens and Dmed is in cGy, we have

 Dmed � c0.876
(m� en /r)med

(m� en /r)air

 d ~ X ~ A (8.24)

The quantity in brackets has frequently been represented by the symbol fmed so that

 Dmed � fmed ~X ~ A (8.25)

where

 fmed � 0.876 
(m� en /r)med

(m� en /r)air

 (8.26)

The quantity fmed or simply the f factor is sometimes called the roentgen-to-rad conversion factor. 
As the above equation suggests, this factor depends on the mass energy absorption coefficient 
of the medium relative to the air. Thus, the f factor is a function of the medium composition as 
well as the photon energy.

A list of f factors for water, bone, and muscle as a function of photon energy is given in Table 8.1. 
Since for materials with an atomic number close to that of air, for example, water and soft tissue, 
the ratio (m� en /r)med/(m� en /r)air varies slowly with photon energy (~10% variation from 10 keV and 
10 MeV), the f factor for these materials does not vary much over practically the whole therapeutic 
range of energies. However, bone with a high effective atomic number not only has a much larger 
f factor between 10 and 100 keV, but also the f factor drops sharply from its maximum value of 
4.24 at 30 keV to about 1.0 at 175 keV. This high peak value and rapid drop of the f factor are the 
result of the photoelectric process for which the mass energy absorption coefficient varies approxi-
mately as Z3 and 1/E3 (see Chapter 5). At higher photon energies where the Compton process is 
the predominant mode of interaction, the f factors are approximately the same for all materials.

Strictly speaking, in the Compton range of energies, the f factor varies as a function of the 
number of electrons per gram. Since the number of electrons per gram for bone is slightly less 
than for air, water, or fat, the f factor for bone is also slightly lower than for the latter materials 
in the Compton region of the megavoltage energies. Of course, the f factor is not defined beyond  
3 MeV since the roentgen is not defined beyond this energy.

C. DOSE CALIBRATION WITH ION CHAMBER IN AIR

As discussed in Chapter 6, a cavity ion chamber is exposure calibrated against a free-air ion 
chamber or a standard cavity chamber, under conditions of electronic equilibrium. For lower-
energy radiations such as x-ray beams in the superficial or orthovoltage range, the chamber 
walls are usually thick enough to provide the desired equilibrium, and therefore, the chamber 
calibration is provided without a buildup cap. However, in the case of higher-energy radiations 
such as from cobalt-60, a buildup cap is used over the sensitive volume of the chamber so that 
the combined thickness of the chamber wall and the buildup cap is sufficient to provide the 
required equilibrium. This buildup cap is usually made up of acrylic (same as Plexiglas, Lucite, 
or Perspex) and must be in place when measuring exposure.

Suppose the chamber is exposed to the beam (Fig. 8.2A) and the reading M is obtained (cor-
rected for air temperature and pressure, stem leakage, collection efficiency, etc.). The exposure 
X is then given by

 X = M · Nx (8.27)

where Nx is the exposure calibration factor for the given chamber and the given beam quality. 
The exposure thus obtained is the exposure at point P (center of the chamber-sensitive volume) 

82453_ch08_p097-132.indd   100 1/7/14   6:55 PM



ChaPter 8 Measurement of absorbed Dose 101 

TABLE 8.1  f  Factors for Water, Bone, and Muscle under Conditions of Charged Particle Equilibrium

f Factor

Photon  
Energy (keV)

Water Bone Muscle

(Gy kg/C) (rad/R) (Gy kg/C) (rad/R) (Gy kg/C) (rad/R)

10 35.3 0.911 134 3.46 35.7 0.921

15 34.9 0.900 149 3.85 35.7 0.921

20 34.6 0.892 158 4.07 35.6 0.919

30 34.3 0.884 164 4.24 35.6 0.918

40 34.4 0.887 156 4.03 35.7 0.922

50 34.9 0.900 136 3.52 36.0 0.929

60 35.5 0.916 112 2.90 36.3 0.937

80 36.5 0.942 75.1 1.94 36.8 0.949

100 37.1 0.956 56.2 1.45 37.1 0.956

150 37.5 0.967 41.2 1.06 37.2 0.960

200 37.6 0.969 37.9 0.978 37.2 0.961

300 37.6 0.970 36.5 0.941 37.3 0.962

400 37.6 0.971 36.2 0.933 37.3 0.962

600 37.6 0.971 36.0 0.928 37.3 0.962

1,000 37.6 0.971 35.9 0.927 37.3 0.962

2,000 37.6 0.971 35.9 0.927 37.3 0.962

(Data from Wyckoff hO. (Communication.) Med Phys. 1983;10:715. Calculations are based on energy absorption coefficient data from hubbell Jh. 
Photon mass attenuation and energy-absorption coefficients from 1 keV to 20 MeV. Int J Appl Radiat Isot. 1982;33:1269.)

in free air in the absence of the chamber (Fig. 8.2B). In other words, the perturbing influence of 
the chamber is removed once the chamber calibration factor is applied.

Consider a small amount of soft tissue at point P that is just large enough to provide elec-
tronic equilibrium at its center (Fig. 8.2C). The dose at the center of this equilibrium mass of 
tissue is referred to as the dose in free space. The term “dose in free space” was introduced by 
Johns and Cunningham (7), who related this quantity to the dose in an extended tissue medium 
by means of tissue–air ratios (to be discussed in Chapter 9).

Equation 8.25 can be used to convert exposure into dose in free space, Df.s.:

 Df.s. = ftissue · X · Aeq (8.28)

where Aeq is the transmission factor representing the ratio of the energy fluence at the center 
of the equilibrium mass of tissue to that in free air at the same point. Thus, Aeq represents the 
ratio of the energy fluence at point P in Figure 8.2C to that at the same point in Figure 8.2B. 
For cobalt-60 beam, Aeq is close to 0.99 (7) and its value approaches 1.00 as the beam energy 
decreases to the orthovoltage range.

PP

AirAir
Chamber
with buildup
cap

Equilibrium
mass of tissue

BA

P

C

Figure 8.2. A: Chamber with buildup cap is placed in a radiation beam at point P in air and reading M is obtained.  
B: exposure in free air at P is calculated using equation 8.27. C: Dose in free space at P is calculated using equation 8.28.
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102 Part I Basic Physics

D. DOSE MEASUREMENT FROM EXPOSURE WITH ION CHAMBER IN A MEDIUM

Equations 8.27 and 8.28 provide the basis for absorbed dose calculation in any medium from 
exposure measurement in air. A similar procedure is valid when the exposure measurement is 
made with the chamber imbedded in a medium. Figure 8.3A shows an arrangement in which the 
chamber with its buildup cap is surrounded by the medium and exposed to a photon energy flu-
ence �b at the center of the chamber (point P). If the energy of the beam incident on the chamber 
is such that a state of electronic equilibrium exists within the air cavity, then the exposure at 
point P, with the chamber and the buildup cap removed, is given by

X = M · Nx

The exposure thus measured is defined in free air at point P due to energy fluence �c that would 
exist at P in the air-filled cavity of the size equal to the external dimensions of the buildup cap 
(Fig. 8.3B). To convert this exposure to absorbed dose at P in the medium, the air in the cavity 
must be replaced by the medium (Fig. 8.3C) and the following equation is applied:

Dmed = X · fmed · Am

or

 Dmed � M ~Nx ~
W
e

 ~ a
m� en

r
 b

air

med

~Am (8.29)

where Am is the transmission factor for the photon energy fluence at point P when the cavity in 
Figure 8.3B is replaced by the medium. If �m is the energy fluence at P in the medium, the factor 
Am is given by �m/�c. Am has been called the displacement factor.

The above equation is similar to Equation 8.28 except that Am is used instead of Aeq. How-
ever, the difference between Am and Aeq is small for a tissue equivalent medium since the equi-
librium mass of tissue to which Aeq applies is only slightly smaller than the mass of the medium 
displaced by a typical small ion chamber with its buildup cap.

An interesting question arises in regard to the necessity of the buildup cap being left on the cham-
ber when making measurements in a medium such as water. If the chamber has been calibrated for 
exposure in air with its buildup cap on (to achieve electronic equilibrium) and if a significant part of 
the cavity ionization is the result of electrons produced in the buildup cap, then replacing the buildup 
cap with the medium could alter the chamber reading. This substitution of a layer of medium for the 
buildup cap could change the electronic and photon fluence incident on the chamber wall by virtue 
of differences in the composition of the medium and the material of the buildup cap. However, in 
practical calibration measurements, no significant differences have been observed when exposing the 
chamber in water with and without the acrylic buildup cap. Day et al. (8) added Perspex sheaths up 
to 5 mm in thickness to a Baldwin-Farmer ionization chamber irradiated at a depth of 5 cm in a water 
phantom using radiations from 137Cs to 6 MV. The readings differed only by less than 0.5%.

8.4. THE BRAGG-GRAY CAVITY THEORY 

As discussed earlier, calculation of absorbed dose from exposure is subject to some major limita-
tions. For instance, it may not be used for photons above 3 MeV and may not be used in cases 

P

Air cavityMedium
Chamber with
buildup cap

A B C

ψb

P

ψc ψm

P

Figure 8.3. A: Chamber with buildup cap with its center at point P in a medium, exposed to a photon beam whose 
energy fluence is Ψb at P. reading M is obtained. B: exposure at P in air cavity of size equal to the external dimensions  
of the buildup cap is calculated. energy fluence at P is Ψc. C: absorbed dose at point P in the medium is calculated by  
equation 8.29. Ψm is the energy fluence at P.
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where electronic equilibrium does not exist. In addition, the term exposure applies only to x and 
g radiations and for that reason methods of Section 8.3 are not valid for particle dosimetry. The 
Bragg-Gray cavity theory, on the other hand, may be used without such restrictions to calculate 
dose directly from ion chamber measurements in a medium.

According to the Bragg-Gray theory (9,10), the ionization produced in a gas-filled cav-
ity placed in a medium is related to the energy absorbed in the surrounding medium (e.g., 
 Figure  8.3B with an air cavity embedded in a medium). When the cavity is sufficiently small so 
that its introduction into the medium does not alter the number or distribution of the electrons 
that would exist in the medium without the cavity, then the following Bragg-Gray relationship 
is satisfied:

 Dmed � Jg ~
W
e
~ (S/r)g

med (8.30)

where Dmed is the absorbed dose in the medium (in the absence of the cavity), Jg is the ionization 
charge of one sign produced per unit mass of the cavity gas, and (S/r)g

med is a weighted mean 
ratio of the mass stopping power of the medium to that of the gas for the electrons crossing the 
cavity. The product of Jg (W

e
) is the energy absorbed per unit mass of the cavity gas.

The basic Bragg-Gray relationship has been carefully examined by many investigators and 
several modifications of the theory have been proposed (11–14). These refinements resulted in 
more detailed considerations of what is appropriate to use for the mass stopping power ratio 
in Equation 8.30.

A. STOPPING POWER

The term stopping power refers to the energy loss by electrons per unit path length of a material 
(for greater details, see Section 14.1). An extensive set of calculated values of mass stopping powers 
has been published (15,16). As mentioned earlier, to use stopping power ratios in the Bragg-Gray 
formula, it is necessary to determine a weighted mean of the stopping power ratios for the electron 
spectrum set in motion by the photon spectrum in the materials concerned. Methods for calculat-
ing average stopping powers (S) for photon beams have been published (17). Several authors have 
worked out the theory of the stopping power ratio for an air-filled cavity in a medium such as 
water under electron irradiation. A good approximation is provided by the Spencer-Attix formula-
tion (11,18), which uses a restricted mass stopping power in Equation 8.30, defined as

 L /r�
1�

E0 �(E) # L /r(E)dE

1�

E0 �(E)dE
 (8.31)

where �(E) is the distribution of electron fluence in energy and L/r is the restricted mass colli-
sion stopping power with Δ as the cutoff energy.

The “primary electrons” (original electrons or electrons generated by photons) give rise to 
ionization as well as “secondary electrons” or d rays. The effects of the latter are accounted 
for in the Spencer-Attix formulation by using an arbitrary energy limit, Δ, below which energy 
transfers are  considered dissipative; that is, the secondary electron of energy less than Δ is 
assumed to dissipate its energy near the site of its release. Thus, when the integration is per-
formed ( Equation 8.31) to obtain the energy deposited in the cavity by the electron fluence, the 
lower energy limit should be Δ, greater than zero. For ion chambers it must have a value of the 
order of the energy of an electron that will just cross the cavity. The value of Δ for most cavity 
applications in ion chambers will lie between 10 and 20 keV.

The Spencer-Attix formulation of the Bragg-Gray cavity theory uses the following relationship:

 Dmed � Jg
# W

e
# aL
r
b

med

g
 (8.32)

where Lr  is the average restricted mass collisional stopping power of electrons. Tables A.1 to A.5 
in the Appendix give Lr  for various media and various photon and electron energies.

B. CHAMBER VOLUME

The quantity Jg in Equation 8.32 can be determined for a chamber of known volume or known 
mass of air in the cavity if the chamber is connected to a charge-measuring device. However, the 
chamber volume is usually not known to an acceptable accuracy. An indirect method of measur-
ing Jair is to make use of the exposure calibration of the chamber for 60Co g-ray beam. This in 
effect determines the chamber volume.
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Consider an ion chamber that has been calibrated with a buildup cap for 60Co exposure. Sup-
pose the chamber with this buildup cap is exposed in free air to a 60Co beam and that a transient 
electronic equilibrium exists at the center of the chamber. Also assume initially that the chamber 
wall and the buildup cap are composed of the same material (wall). Now, if the chamber (plus 
the buildup cap) is replaced by a homogeneous mass of wall material with outer dimensions 
equal to that of the cap, the dose Dwall at the center of this mass can be calculated as follows:

 Dwall � Jair
# aW

e
b # aL

r
b

air

wall

# (�cav)air
wall (8.33)

where (�cav)air
wall is the ratio of electron fluence at the reference point P (center of the cavity) with 

chamber cavity filled with wall material to that with the cavity filled with air. This correction is 
applied to the Bragg-Gray relation (Equation 8.29) to account for change in electron fluence.

As discussed by Loevinger (4),1 � in the above equation can be replaced by �, provided a 
transient electron equilibrium exists throughout the region of the wall from which secondary 
electrons can reach the cavity. Therefore,

 Dwall � Jair ~ a
W
e
b ~ aL
r
b

air

wall

~ (�cav)
air

wall
 (8.34)

If Dair is the absorbed dose to air that would exist at the reference point with the chamber removed 
and under conditions of transient electronic equilibrium in air, we get from Equation 8.18:

 Dair � Dwall ~ ab
m� en

r
 b

wall

air

~ (�chamb)wall
air  (8.35)

where (�chamb)wall
air  is the ratio that corrects for the change in photon energy fluence when air 

replaces the chamber (wall plus cap).
From Equations 8.34 and 8.35, we get

 Dair � Jair ~ a
W
e
b ~ aL
r
b

air

wall

~ ab
men

r
b

wall

air

~ (�cav)air
wall ~ (�chamb)wall

air  (8.36)

Also, Dair (under conditions of transient electronic equilibrium in air) can be calculated from 
exposure measurement in a 60Co beam with a chamber plus buildup cap, which bears an expo-
sure calibration factor Nx for 60Co g rays:

 Dair � k ~M ~Nx ~ a
W
e

 b ~bair ~Aion ~Pion (8.37)

where k is the charge per unit mass produced in air per unit exposure (2.58 × 10−4 C/kg/R), M is 
the chamber reading (C or scale division) normalized to standard atmospheric conditions, Aion is 
the correction for ionization recombination under calibration conditions, and Pion is the ioniza-
tion recombination correction for the present measurement.

Standard conditions for Nx are defined by the standards laboratories. The National Institute 
of Standards and Technology (NIST) specifies standard conditions as temperature at 22°C and 
pressure at 760 mmHg. Since exposure is defined for dry air, humidity correction of 0.997 (for 
change in W with humidity) is used by the NIST, which can be assumed constant in the relative 
humidity range of 10% to 90% for the measurement conditions with minimal error (19). Thus, 
the user does not need to apply additional humidity correction as long as it is used for dry air.

From Equations 8.36 and 8.37:

 Jair � k ~M ~Nx ~ (�cav)wall
air ~ (�chamb)air

wallbwall ~Aion ~ a
L
r
b

wall

air

~ a
men

r
b

air

wall

~Pion (8.38)

The product (�cav)wall
air ~ (�chamb)air

wall equals (�wall)air
wall, which represents a correction for the change 

in Jair due to attenuation and scattering of photons in the chamber wall and buildup cap. This 
factor has been designated as Awall in the American Association of Physicists in Medicine (AAPM) 
protocol (6). Thus, Equation 8.38 becomes

 Jair � k ~M ~Nx ~Awall ~Aion ~ a
L
r
b

wall

air

~ a
men

r
b

air

wall

~P
ion

 (8.39)

Now consider a more realistic situation in which the chamber wall and buildup cap are of dif-
ferent materials. According to the two-component model of Almond and Svensson (20), let a be 

1 Electron fluence at P with the cavity filled with wall material is proportional to �wall at P. With the air cavity 
in place, the electron fluence at P is proportional to the mean photon energy fluence at the surface of the cav-
ity, which can be taken as equal to �air at the center of the cavity.
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the fraction of cavity air ionization owing to electrons generated in the wall and the remaining 
(1 – a) from the buildup cap. Equation 8.39 can now be written as

 Jair � k ~M ~Nx ~Awall ~bwall ~Aion caa
L
r
b

wall

air

~ a
men

r
b

air

wall

� (1 � a)aL
r
b

cap

air

~ a
men

r
b

air

cap

d ~Pion (8.40)

or

Jair � k ~M ~Nx ~Awall ~bwall ~Aion ~Aa ~Pion

where Aa is the quantity in the brackets of Equation 8.40.
The fraction a has been determined experimentally by dose buildup measurements for vari-

ous wall thicknesses (Fig. 8.4). In addition, it has been shown (21) that a is independent of wall 
composition or buildup cap, as long as it is composed of low-atomic-number material.

Since Jair is the charge produced per unit mass of the cavity air, we have

 Jair

M ~Pion

rair ~Vc

 (8.41)

where Vc is the chamber volume and rair is the density of air normalized to standard conditions. 
Comparing Equations 8.40 and 8.41, we have

 Vc �
1

k ~rair ~Nx ~Awall ~bwall ~Aion ~Aa
 (8.42)

C. EFFECTIVE POINT OF MEASUREMENT

C.1. Plane-Parallel Chambers

Since the front plane (toward the source) of the air cavity is flat and is exposed to a uniform 
fluence of electrons, the point of measurement is at the front surface of the cavity. This would 
be strictly true if the electrons were monodirectional and forward directed, perpendicular to the 
cavity face. If a significant part of the cavity ionization is caused by back-scattered electrons, the 
point of measurement will shift toward the center. If the plane-parallel chamber has a small plate 
separation and the electron fluence is mostly forward directed, it is reasonable to assume that the 
point of measurement is the front surface of the cavity.

C.2. Cylindrical Chambers

Electrons (from an electron beam or generated by photons) transversing a cylindrical chamber of 
internal radius r will enter the sensitive volume of the chamber (air cavity) at different distances 
from the center of the chamber. Dutreix and Dutreix (22) showed that theoretically the point of 
measurement for a cylindrical chamber in a unidirectional beam is displaced by 0.85r from the 
center and toward the source. Derivation of this value is instructive in understanding the concept 
and is, therefore, presented here.

Figure 8.5 shows a cross section of a cylindrical chamber exposed to a parallel, uniform, and 
forwardly directed fluence Φ of electrons. For an electron entering the chamber at point A, the 
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106 Part I Basic Physics

point of measurement is at a distance X above the center. Considering electrons entering the cham-
ber at point A, the effective point of measurement is influenced by the number of electrons entering 
through a surface area ds at A of the chamber and the track length of these electrons in the cavity. 
Thus, the effective point of measurement, Xeff, can be determined by weighting the displacement X 
by the number of electrons (Φ · ds cos u) entering the chamber and the track length (2X):

 Xeff
� 1u�0

p/2
x ~ (2x) ~� ~  cos u ~ds

1u�0

p/2 2x ~� ~  cos u ~ds
 (8.43)

Substituting X = r cos u and ds = rdu,

 Xeff � rC10

p/2 
cos3u du

10

p/2

cos 2u du
 S � 8r/3p� 0.85r (8.44)

The above theoretical result is modified under actual irradiation conditions as some of the elec-
trons enter the chamber at oblique angles.

The shift in the point of measurement takes place because of the cylindricality of the chamber 
cavity. If there is a gradient of electron fluence across the cavity (as in the exponential falloff of 
the depth–dose curve), a shift in the point of measurement will result in a “gradient correction” 
to the dose measured at a point corresponding to the center of the chamber (to be discussed).

8.5. CALIBRATION OF MEGAVOLTAGE BEAMS:  
TG-51 PROTOCOL 

The AAPM and International Atomic Energy Agency (IAEA) periodically publish standard pro-
tocols for linear accelerator dose calibration protocols. In 1983, AAPM Task Group 21 (TG-21) 
published an absorbed dose calibration protocol (6) using an ion chamber calibrated with an 
exposure calibration factor, NX, in a 60Co beam. TG-21 introduced a factor Ngas to represent 
calibration of the cavity gas in terms of absorbed dose to the gas in the chamber per unit charge 
or electrometer reading. For photon beams, the equation for dose to the medium (Dmed) is given 
by the Bragg-Gray relationship using the Spencer-Attix formulation:

 Dmed � M ~Ngas ~ a
L
r
b

air

med

~Pion ~Prepl ~Pwall (8.45)

where M is the charge measured, Pion is a correction factor for ion recombination losses, Prepl is a 
replacement factor that corrects for perturbation in the electron and photon fluences at point P 
as a result of insertion of the cavity in the medium, and Pwall is a factor that accounts for pertur-
bation caused by the wall being different from the medium. For electron beams, the equation for 
Dmed within the TG-21 protocol was as follows:

Figure 8.5. Diagram to illustrate the determination of effective 
point of measurement for a cylindrical chamber exposed to a  
unidirectional electron beam.
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 Dmed � M ~Ngas ~ JaL
r
b

air

med

~PrepR
Ez

~Pion (8.46)

where Ez is the mean energy of the electron beam and Prepl is a replacement correction factor to 
account for three effects: (a) the in-scatter effect, which increases the fluence in the cavity since 
electron scattering out of the cavity is less than that expected in the intact medium; (b) the obliq-
uity effect, which decreases the fluence in the cavity because electrons travel relatively straight in 
the cavity instead of taking oblique paths as they would owing to larger-angle scattering in the 
medium; and (c) displacement in the effective point of measurement, which gives rise to a correc-
tion if the point of measurement is on the sloping part of the depth–dose curve.

In 1999, AAPM Task Group 51 (TG-51) published a new calibration protocol for photon 
and electron beams. The TG-51 protocol (23) represents a major upgrade of the TG-21 protocol 
in several respects: (a) it is based on absorbed dose-to-water calibration factor, ND, w

60Co , instead of 
exposure or air kerma calibration of the ion chamber; (b) the user does not need to calculate 
any theoretical dosimetry factors; and (c) large tables of stopping-power ratios and mass energy 
absorption coefficients are not needed. Although the adoption of TG-51 results in only modest 
improvement in dosimetric accuracy over the TG-21 protocol (1% to 2%), the gain in simplicity 
is a significant factor from the user’s point of view.

The theoretical aspects of TG-51 go back to the TG-21 formalism, especially in the calcula-
tion of correction factors such as L/r ratios, Pwall, Prepl, and Pion. If these factors are normalized 
to reference conditions of absorbed dose to water in a 60Co beam, the formalism simplifies to the 
application of a quality conversion factor, which converts the calibration factor for a 60Co beam 
to that for the user’s beam.

The basic TG-51 equation for absorbed calibration is as follows:

 Dw
Q � MkQND, w

60Co  (8.47)

where Dw
Q is the absorbed dose to water at the reference point of measurement in a beam of qual-

ity Q; M is the electrometer reading that has been fully corrected for ion recombination, environ-
mental temperature and pressure, electrometer calibration, and chamber polarity effects; kQ is the 
quality conversion factor that converts the absorbed dose-to-water calibration factor for a 60Co 
beam into the calibration factor for an arbitrary beam of quality Q; and ND, w

60Co  is the absorbed 
dose-to-water calibration factor for the chamber in a 60Co beam under reference conditions.

The reference point of measurement in Equation 8.47 is specified at the reference depth corre-
sponding to the center of the cavity for a cylindrical chamber and the front surface of the cavity for a 
plane-parallel chamber. Although the effective point of measurement occurs upstream for a cylindri-
cal chamber, the resulting gradient correction has already been taken into account in the kQ factor.

A. BEAM QUALITY, Q

A.1. Photon Beams

The TG-21 protocol specified photon beam energy in terms of nominal accelerating potential, 
which is shown to be related to the “ionization ratio” (6). The ionization ratio is defined as the 
ratio of ionization charge or dose measured at 20 cm depth to that measured at 10 cm depth for 
a constant source to detector distance and a 10 × 10-cm field at the plane of the chamber (iso-
centric geometry). This ionization ratio is the same as what is also known as TPR10

20 or TPR20,10 
used by Andreo and Brahme (24) and the IAEA protocol (25). The AAPM TG-51 (23) protocol 
has instead recommended %dd(10)x as the beam quality specifier. The quantity %dd(10)x is the 
photon component of the photon beam percent depth dose at 10 cm depth in a 10 × 10-cm field 
on the surface of a water phantom at an SSD of 100 cm. The pros and cons of using TPR10

20 versus 
%dd(10)x have been discussed in the literature (26,27).

The rationale for %dd(10)x as a photon beam quality specifier is provided by Kosunen and 
Rogers (28), who showed that for any x-ray beam above 4 MV, there is a linear relationship 
between stopping powers ratios and %dd(10)x for the photon component of the beam (Fig. 8.6). 
Mathematically,

 (L/r)air

w
� 1.2676�0.002224(%dd(10)x ) (8.48)

Determination of %dd(10)x requires that the photon beam be free of electron contamination. 
Because it is impossible to remove electron contamination completely from clinical photon beams, 
the TG-51 protocol recommends that %dd(10)x be measured by interposing a 1-mm-thick lead (Pb) 
foil in the beam at a specified distance from the phantom surface. This arrangement minimizes the 
electron contamination incident at the phantom surface as the lead foil acts as an electron filter (29).
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For photon beams of energy less than 10 MV, the contribution of dose at the reference depth 
of dmax from incident electron contamination is minimal for a 10 × 10-cm field. So the %dd(10) 
measured in an open beam without lead may be equated to the %dd(10)x. The use of lead foil, 
however, is recommended for %dd(10)x measurement for energies of 10 MV or higher.

Calculation of %dd(10)x for various beam energies involves the following equations, as rec-
ommended by TG-51:

 %dd(10)x � %dd(10)    [for %dd(10) � 75%] (8.49)

 %dd(10)x � [0.8905 � 0.00150%dd(10)Pb]%dd(10)Pb    [for %dd(10)Pb � 73%] (8.50)

where %dd(10)Pb is the %dd measured with the lead foil. It should be noted that the Pb foil 
is used only when determining the beam quality specifier, %dd(10)x, and must be removed at 
the conclusion of that determination. In addition, if the measurement of depth doses involves a 
cylindrical chamber, the depth–dose curve must be corrected for gradient effects, that is, shift of 
the curve upstream by 0.6rcav, where rcav is the radius of the chamber cavity.

In case the lead foil is not available, an approximate relationship for the determination of 
%dd(10)x on an interim basis is recommended by TG-51:

 %dd (10)x � 1.267%dd(10) � 20.0 [for 75% �  % dd (10) � 89% ] (8.51)

A.2. Electron Beams

The beam quality for electron beam dosimetry is specified by R50, the depth in water (in centi-
meters) at which the percent depth dose is 50% for a “broad beam” (field size at the phantom 
surface ≥10 × 10 cm2 for energies up to 20 MeV or 20 × 20 cm2 for all energies in the clinical 
range) at an SSD of 100 cm. Figure 8.7 shows a typical electron beam depth–dose curve with 
dmax, dref (reference depth of calibration), and R50 indicated.

R50 for a broad beam (e.g., 20 × 20-cm field size) may be determined by measurement of the 
dose at two points on the central axis: one at dmax and the other at a depth where the dose falls to 
50% of the maximum dose. If a cylindrical ion chamber is used for this measurement, the point of 
dmax should correspond to where the chamber reads maximum ionization on central axis. A point is 
then located downstream on the central axis where the ionization measured is 50% of the maximum 
value. The depth of 50% ionization (I50) is determined by subtracting 0.5rcav from the depth indicated 
by the center of the chamber cavity. The beam quality specifier, R50, is then calculated from I50 (30):

 R50 � 1.029I50 � 0.06 (cm) [for 2 � I50 � 10cm] (8.52)

or

 R50 � 1.059I50 � 0.37 (cm) [for I50 � 10cm] (8.53)

Alternatively, R50 may be determined from the depth ionization curve (measured with a cylindrical 
chamber), which has been corrected for gradient effects by shifting the entire curve upstream by 0.5rcav 
(Fig. 8.8) and converting I50 to R50 by using the above equations. If a water phantom scanner with 

Figure 8.6. a plot of water to  
air stopping power ratios (spr) as a  
function of %dd(10)

x
. (From  

Kosunen a, rogers DWO. Beam  
quality specification for photon  
beam dosimetry. Med Phys. 
1993;20:1013-1018, with permission.)
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ChaPter 8 Measurement of absorbed Dose 109 

ion chamber is used, most systems are equipped with software to convert depth ionization curves into 
depth–dose curves using appropriate factors (e.g., (L/r)air

w   and Prepl or Pfl Pgr, as a function of depth). 
This allows a quick determination of important dosimetry parameters such as dmax, dref    , R50, and Rp.

If a diode or film is used to determine depth dose distribution in a water or water-equivalent 
phantom, the detector response as a function of depth gives depth–dose curve directly without 
further corrections (Section 14.3B). However, it is important to establish first by suitable bench-
mark tests that these dosimetry systems agree with corrected ion chamber dosimetry.

B. QUALITY CONVERSION FACTOR, KQ

By definition, kQ is given by

 kQ � ND,w
Q /ND,w

60Co  (8.54)

From TG-21 (Equation 8.45):

 ND,w � Dw/MPion � Ngas(L/p)air
w Pwall Prepl (8.55)

As discussed earlier, Prepl has two components, the gradient and fluence correction factors:

 Prepl � PgrPfl (8.56)

Equation 8.55 may be further revised by multiplying the right-hand side of the equation by the 
central electrode correction factor, Pcel. This factor was ignored by the TG-21 protocol but is 
included in the kQ values of the TG-51 protocol. The central electrode effect is quite small for 
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Figure 8.7. a typical electron beam 
depth–dose curve showing depth of 
maximum dose (dmax), depth of 50% 
dose (R50), and depth for clinic reference  
dosimetry (dref). (From aaPM. aaPM’s 
tG-51 protocol for clinical reference 
dosimetry of high-energy photon and 
electron beams. Med Phys. 1999;26: 
1847-1870, with permission.)
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110 Part I Basic Physics

kQ

%dd(10)x

Ion Chamber 58.0 63.0 66.0 71.0 81.0 93.0

Capintec Pr-05/Pr-05P 0.999 0.997 0.995 0.990 0.972 0.948

Capintec Pr-06C/G 0.6cc Farmer 1.000 0.998 0.994 0.987 0.968 0.944

exradin a1 Shonkaa 0.999 0.998 0.996 0.990 0.972 0.948

exradin a12 Farmer 1.000 0.999 0.996 0.990 0.972 0.948

Ne2505/3,3a 0.6cc Farmer 1.000 0.998 0.995 0.988 0.972 0.951

Ne2561 0.3cc NPL Sec. Stdb 1.000 0.998 0.995 0.989 0.974 0.953

Ne2571 0.6cc Farmer 1.000 0.998 0.995 0.988 0.972 0.951

Ne2577 0.2cc 1.000 0.998 0.995 0.988 0.972 0.951

Ne2581 0.6cc robust Farmer 1.000 0.994 0.988 0.979 0.960 0.937

PtW N30001 0.6cc Farmerc 1.000 0.996 0.992 0.984 0.967 0.945

PtW N30002 0.6cc all Graphite 1.000 0.997 0.994 0.987 0.970 0.948

PtW N30004 0.6cc Graphite 1.000 0.998 0.995 0.988 0.973 0.952

PtW 31003 0.3cc waterproofd 1.000 0.996 0.992 0.984 0.967 0.946

Wellhofer IC-10/IC-5 1.000 0.999 0.996 0.989 0.971 0.946

For 60Co beams, k
Q
 = 1.000 by definition.

athe cavity radius of the a1 here is 2 mm, although in the past exradin has designated chambers with another radius as a1.
bthe Ne2611 has replaced the equivalent Ne2561.
cPtW N30001 is equivalent to the PtW N23333 it replaced.
dPtW N31003 is equivalent to the PtW N233641 it replaced.

(From aaPM. aaPM’s tG-51 protocol for clinical reference dosimetry of high-energy photon and electron beams. Med Phys. 1999;26:1847-1870, with 
permission.)

TABLE 8.2  kQ Values for Accelerator Photon Beams as a Function of %dd(10)x for Cylindrical Ion Chambers

electron beams (<0.2%), but for photon beams it has been shown to be a little more significant. 
For example, Pcel for Farmer-like chambers with an aluminum electrode of 1 mm diameter varies 
between 0.993 for 60Co and 0.996 for 24-MV x-rays (31).

From Equations 8.54, 8.55, and 8.56, along with the use of Pcel, we get the expression for kQ:

 kQ �
3(L/p)air

w Pwall Pgr Pfl Pcel4Q

3 (L/p)air
w Pwall PgrPfl Pcel460Co

 (8.57)

B.1. k
Q
 for Photon Beams

Using the above relationship, kQ values for a variety of commercially available cylindrical ion 
chambers have been calculated as a function of photon beam energy from 60Co to 24 MV. These 
data comprise Table I of the TG-51 protocol and are reproduced here in Table 8.2. Data for 
plane-parallel chambers are not included because of insufficient information about Pwall in pho-
ton beams, other than 60Co for which kQ = 1 by definition for all chambers.

B.2. k
Q
 for Electron Beams

Although Equation 8.47 is general and can be applied for both photon and electron beams (see 
IAEA protocol, Section 8.7), the authors of the TG-51 protocol felt that for electron beams the 
Pgr

Q factor in Equation 8.57 at the reference point of measurement may vary from one accelerator 
to another and therefore must be measured in the user’s beam. Thus, kQ has been redefined for 
electron beams by the following equations (32):

 kQ � Pgr
QkR50

 (8.58)

where

 kR50

�
3(L/p)w

air Pwall Pfl Pcel4Q

3 (L/p)air
w Pwall Pfl Pcel460Co

 (8.59)
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and Pgr
Q is the gradient correction at the reference depth of measurement. The reference depth, 

called dref, for electron beams is based on recommendations by Burns et al. (33) and is given by

 dref � 0.6 R50 � 0.1 (8.60)

The gradient correction at the reference depth is given by

 Pgr
Q � I(dref � 0.5rcav) / (dref) [for cylindrical chambers] (8.61)

 � 1.0   [for plane-parallel chambers] (8.62)

where I(d) is the ionization reading of the cylindrical chamber with the cylindrical axis at depth d.
Further, the authors of TG-51 thought that the values of kR50

 for different ion chambers vary 
considerably (32) and that there was no provision in this formalism for a future possibility 
of having chamber calibration factors measured directly for electron beams. These drawbacks 
could be avoided by arriving at kR50

 in two steps instead of the one derived directly by quality 
comparison with 60Co. Thus, kR50

 is redefined as

 kR50

� kecalk
�
R50

 (8.63)

where kecal is the quality conversion factor for a reference electron beam of high energy with an 
arbitrary beam quality Qe of R50 = 7.5 cm, relative to 60Co.

 kecal �
ND,w

Qe 

Pgr
Qe ND,w

60Co 
 (8.64)

or, from Equation 8.59,

 kecal � kR50

(Qe) �
3(L/p)w

air Pwall Pfl Pcel4Q

3 (L/p)air
w Pwall Pfl Pcel460Co

 (8.65)

where k�R50

 is the quality conversion factor for the given electron beam of quality Q relative to the 
reference electron beam of quality Qe; that is

 k�
R50

�
3(L/p)w

air Pwall Pfl Pcel4Q

3 (L/p)air
w Pwall Pfl Pcel4Qe

 (8.66)

Values of kecal for the plane-parallel and cylindrical ion chambers have been calculated using Equa-
tion 8.65 (32) and are presented in Tables II and III of the TG-51 protocol (23). These are reproduced 
in Tables 8.3 and 8.4 of this chapter. The values of k�

R50

 for Farmer-like cylindrical chambers and 
plane-parallel chambers are calculated by Rogers (32) using the following equations, respectively:

 k�
R50

(cyl) � 0.9905 � 0.0710e(�R50/3.67) (8.67)

and

 k�
R50

(pp) � 1.2239 � 0.145(R50)
0.214 (8.68)

C. CALIBRATION PHANTOM

TG-51 requires that the calibration of photon and electron beams be performed in a water 
phantom. The recommended dimensions of the phantom are at least 30 × 30 × 30 cm3. If the 
beam enters the phantom from the side through a plastic wall, all depths must be scaled to water-
equivalent depths using a scaling factor of 1 cm acrylic = 1.12 cm H2O.

TABLE 8.3   kecal Values for Plane-Parallel Chambers, Adopting a Reference Beam  
Quality Qecal of R50 = 7.5 cm

Chamber kecal

attix 0.883

Capintec 0.921

PtB/roos 0.901

extradin 0.888

holt 0.900

Markus 0.905

NaCP 0.888

(From aaPM. aaPM’s tG-51 protocol for clinical reference dosimetry of high-energy photon and electron beams. Med 
Phys. 1999;26:1847-1970, with permission.)
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TABLE 8.4   kecal Values for Cylindrical Chambers, Adopting a Reference Electron Beam Quality 
 Qecal of R50 = 7.5 cm

Wall Cavity Radius 
rcav (cm)

Al Electrode 
Diameter (mm)Chamber kecal Material Thickness g/cm2

Farmer-like

exradin a12 0.906 C-552 0.088 0.305

Ne2505/3,3a 0.903 Graphite 0.065 0.315 1.0

Ne2561a 0.904 Graphite 0.090 0.370e 1.0

Ne2571 0.903 Graphite 0.065 0.315 1.0

Ne2577 0.903 Graphite 0.065 0.315 1.0

Ne2581 0.885 a-150 0.041 0.315

Capintec Pr-06C/G 0.900 C-552 0.050 0.320

PtW N23331 0.896 Graphite 0.012 0.395e 1.0

PMMa 0.048

PtW N30001b 0.897 Graphite 0.012 0.305 1.0

PMMa 0.033

PtW N30002 0.900 Graphite 0.079 0.305

PtW N30004 0.905 Graphite 0.079 0.305 1.0

PtW N31003c 0.898 Graphite 0.012 0.275 1.0f

PMMa 0.066

Other cylindrical

exradin a1d 0.915 C-552 0.176 0.200

Capintec Pr-05/Pr-05P 0.916 C-552 0.210 0.200

Wellhofer IC-10/IC-5 0.904 C-552 0.070 0.300

athe Ne2611 has replaced the equivalent Ne2561.
bPtW N30001 is equivalent to the PtW N23333 it replaced.
cPtW N31003 is equivalent to the PtW N233641 it replaced.
dthe cavity radius of the a1 here is 2 mm, although in the past exradin has designated chambers with another radius as a1.
eIn electron beams there are only data for cavity radii up to 0.35 cm and so 0.35 cm is used rather than the real cavity radius shown here.
felectrode diameter is actually 1.5 mm, but only data for 1.0 mm are available.

(From aaPM. aaPM’s tG-51 protocol for clinical reference dosimetry of high-energy photon and electron beams. Med Phys. 1999;26:1847-1970, with 
permission.)

D. CHAMBER WATERPROOFING

A cylindrical ion chamber may be waterproofed using a thin (≤1 mm thick) acrylic sleeve. The 
chamber should slip into the sleeve with little resistance and with minimal air gaps around the 
thimble (≤0.2 mm). Another option is to use a latex condom but without any talcum powder 
because the talcum powder could leak into the chamber cavity. Waterproof chambers or cham-
bers with waterproofing kits are also commercially available.

E. CHARGE MEASUREMENT

The fully corrected charge reading,  M, from an ion chamber is given by

 M � MrawPionPT,P PelecPpol (8.69)

where Mraw is the raw chamber reading in Coulombs or the instrument’s reading, Pion is the ion 
recombination correction, PT,P is the air temperature and pressure correction, Pelec is the electrom-
eter calibration factor, and Ppol is the polarity correction. Rationale for these correction factors 
has been discussed.

E.1. Pion

The ion recombination correction has been discussed in Section 6.8. In one of the methods, the 
chamber readings are taken with full voltage and with half-voltage. The ratio of the two readings 
is related to Pion, which is read off from a curve corresponding to the type of beam: pulsed, pulsed 

82453_ch08_p097-132.indd   112 1/7/14   6:55 PM



ChaPter 8 Measurement of absorbed Dose 113 

scanning, or continuous radiation (Fig. 6.17). Alternatively, TG-51 recommends measurements 
at two voltages: the normal operating voltage, VH, and approximately half-voltage, VL. If the 
corresponding chamber readings are Mraw

H  and Mraw
L , then Pion at VH is given by

 Pion(VH) �
1 � (VH/VL)

2

Mraw
H /Mraw

L � (VH/VL)
2

  [for a continuous radiation, i.e., 60Co beam] (8.70)

or

 Pion(VH) �
1 � (VH/VL)

Mraw
H /Mraw

L � (VH/VL)
  [for pulsed or scanning beams] (8.71)

E.2. P
T,P

In the United States, the calibration laboratories (NIST and ADCLs) provide chamber calibra-
tion factors for standard environmental conditions of temperature To = 22°C and pressure  
Po = 760 mmHg or 101.33 kPa (1 atmosphere). The temperature and pressure correction, PT,P, 
is given by

 PT,P � a760
P
b a 273.2 � T

273.2 � 22.0
b [for P in mmHg] (8.72)

or

 PT,P � a101.33
P
b  a 273.2 � T

273.2 � 22.0
b [for P in kPa] (8.73)

The rationale for the use of temperature and pressure correction for ion chamber readings has 
been discussed in Section 6.10.

E.3. Pelec

The electrometer correction factor, Pelec, depends on whether the electrometer is detached or forms 
an integral unit with the ion chamber. If separate, the electrometer must bear a calibration fac-
tor for charge measurement. Pelec corrects the electrometer reading to true Coulombs. Its unit of 
measurement is C/C or C/rdg. If the electrometer and ion chamber form a single unit, Pelec = 1.00.

E.4. Ppol

Chamber polarity effects depend on the chamber design, cable position, and beam quality (see 
Section 6.9). Ppol is the polarity correction factor, which corrects the chamber’s response for pos-
sible polarity effects.

Measurement of Ppol involves taking chamber readings with both polarities and determining 
Ppol from

 Ppol � `
Mraw

� � Mraw
�

2Mraw

 `  (8.74)

where Mraw
�  is the reading when positive charge is collected and Mraw

�  is the reading when negative 
charge is collected, and Mraw is the reading corresponding to the polarity used for beam calibra-
tion (which is recommended to be the same as used for the chamber calibration). It should be 
noted that the sign of the charge for Mraw

�  and Mraw
�  (which would normally be opposite) is to 

be carried in Equation 8.103. Also, sufficient time should be given between polarity changes to 
stabilize the readings.

F. CHAMBER CALIBRATION FACTOR, ND,W

The TG-51 protocol is based on absorbed dose-to-water calibration factor:

 ND,w
 60Co �

Dw
 60Co 

M
 (Gy/C or Gy/rdg) (8.75)

where Dw
 60 Co is the absorbed dose to water in the calibration laboratory’s 60Co beam under ref-

erence conditions, at the chamber’s point of measurement in the absence of the chamber. As 
discussed earlier, the calibration factor applies under standard environmental conditions, that is, 
22°C, 101.33 kPa, and relative humidity between 20% and 80%. The calibration factor can be 
obtained from ADCLs in the United States (traceable to NIST).

The NIST’s primary standard for the absorbed dose-to-water calibration of the chamber is 
currently based on absolute dosimetry with a calorimeter. Transfer ion chambers are used at the 
ADCLs to provide NIST traceable calibrations.

60CO
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8.6. IAEA TRS-398 PROTOCOL 

The IAEA published its most recent calibration protocol, Technical Report Series (TRS) No. 
398, in 2000 (25). This protocol supersedes the previous IAEA TRS-277 protocol (34). The 
development of TRS-398 has paralleled that of the AAPM TG-51 protocol. Consequently, the 
two protocols are very similar in their formalisms and both are based on absorbed dose-to-water 
calibration of the ion chamber in a cobalt-60 beam. Having presented TG-21 and TG-51 in the 
previous sections, the TRS-398 will be discussed only briefly, primarily to highlight its differences 
from TG-51. The user of the TRS-398 protocol is advised to follow the protocol document in 
all its details.

A. FORMALISM

The basic equation for the determination of absorbed dose to water for a beam of quality Q is 
the same as the TG-51 equation (Equation 8.47). Using IAEA’s notation:

 Dw,Q � MQND,w,Q0

kQ,Q0

 (8.76)

where Dw,Q is the absorbed dose to water in the user’s beam of quality QND,w,Q0 , is the chamber cali-
bration factor in terms of absorbed dose to water in the reference beam of quality Q0 (e.g., 60Co), 
kQ,Q0 is the factor that corrects for the effects of the difference between the reference beam 
quality Q0 and the user quality Q, and MQ is the fully corrected chamber reading. MQ is given by

 MQ � M1hplkTPkeleckpolKs (8.77)

where M1 is the dosimeter reading at the normal voltage V1, hpl is the phantom-dependent flu-
ence scaling factor to correct for the difference in electron fluence in plastic (if calibration is 
performed in a plastic phantom) with that in water at an equivalent depth, kTP is the temperature 
and pressure correction factor:

 kTP �
P0(273.2 � T )

P(273.2 � T0)
 (8.78)

[noting that many international Primary Standards Laboratories specify reference air tempera-
ture of 20°C (instead of 22°C in the United States)], kelec is the electrometer calibration factor, 
kpol is the chamber polarity correction factor (the same as Equation 8.74), and ks is the ion 
recombination correction.

In the TRS-398, ks is determined by taking chamber readings M1 and M2 at voltages of V1 
(normal operating voltage) and V2 (half of V1 or less) and calculating ks by

 ks � a0 �a1(M1 /M2) � a2(M1 /M2)
2 (8.79)

where a0, a1, and a2 are constants that depend on the type of beam (pulsed or pulse scanned). In 
continuous radiation (e.g., 60Co), the two-voltage method may also be used using the relationship:

 ks �
(V1 /V2)

2 � 1

(V1 /V2)
2 � (M1 /M2)

 (8.80)

For pulsed and pulse-scanned beams, values of a0, a 1, and a2 are provided by Table 9 of the 
protocol.

B. BEAM QUALITY, Q

B.1. Photon Beams

A major difference between TG-51 and TRS-398 consists of beam quality specification. Whereas 
TG-51 recommends %dd(10)x (see Section 8.5A), TRS-398 specifies beam quality by TPR20,10. 
Although the choice of one or the other has been debated in the literature (26,27), this differ-
ence has little effect on the end result, namely the calculation of kQ or absorbed dose to water. 
The TPR20,10 method is simpler to implement as it avoids the use of a lead filter or dose mea-
surement at dmax, which is somewhat messy (e.g., width of dose peak relative to chamber cavity 
diameter and the question of residual electron contamination at dmax in spite of the lead filter). 
In addition, the determination of TPR20,10 does not require displacement correction nor is it 
sensitive to small systematic errors in positioning of the chamber at each depth. However, the 
user of either protocol is advised to follow the respective method recommended by the protocol.

The experimental setup for the determination of TPR20,10 is the same as that for the ioniza-
tion ratio, originally recommended by the TG-21 protocol (6). The source-to-chamber distance 
is kept constant at 100 cm and the measurements are made with 10 cm and 20 cm of water over 
the chamber. The field size at the chamber position is 10 × 10 cm2. As previously mentioned, 
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there is no need to use displacement correction. The ratio of ionization at 20 cm depth to that at 
10 cm depth gives the TPR20,10.

It has been shown (26) that the restricted stopping power ratio, (L/r)air
w  , for all clinical beams 

decreases with increase in TPR20,10 in a sigmoid relationship, which has been represented by a 
cubic polynomial, fitting the data to better than 0.15%. The quality conversion factors, kQ, Q0

 
(or kQ in the notation of TG-51), can then be calculated using stopping power ratios and pertur-
bation factors (Equation 8.57).

B.2. Electron Beams

The specification of beam quality in the TRS-398 protocol is the same as in the TG-51 protocol, 
namely by R50 (see Section 8.5A.2). A broad beam (e.g., 20 × 20 cm2) is recommended for the 
measurement of R50.

C. QUALITY CONVERSION FACTOR, kQ,Q0

C.1. Photon Beams

Using TPR20,10 as the index of beam quality, Andreo (35) has calculated kQ, Q0

 values for a variety 
of commercially available ion chambers and photon beams of TPR20,10, ranging from 0.5 to 0.84. 
These values are presented in Table 14 of the TRS-398 protocol.

C.2. Electron Beams

TRS-398 deviates from the TG-51 methodology in that it directly calculates kQ, Q0

 for electrons 
using relevant stopping power ratios and perturbation factors (see Equation 8.57) instead of 
 redefining kQ,  Q0

 in terms of kecal, k
�
R50

, and Pgr
W. In other words, the kQ,  Q0

 formalism used for elec-
trons is the same as for photons. A table of kQ,  Q0

 values for electrons is provided by the pro-
tocol for  various types of ion chambers and beam quality R50. This simplifies the calibration 
process somewhat since kecal and Pgr

Q do not need to be determined. The gradient correction at 
dref (the same as in TG-51) is implicit in the kQ,  Q0

 factor for electrons as it is for photons.
TRS-398 does provide the option of chamber calibration at a series of electron beam quali-

ties. The calibration laboratories could, in the future, provide ND,w,Q0

 for a reference electron 
beam of quality Q0 and kQ,  Q0

 factors corresponding to a number of other beams of quality Q so 
that the user could determine kQ,Q0

 by interpolation. Currently, this option is not available by the 
Primary Standard Dosimetry Laboratories.

D. CALIBRATION

Reference conditions for the calibration of photon and electron beams in the TRS-398 are the 
same as in TG-51. TRS-398 also provides worksheets, which guide the user in a step-by-step 
implementation of the protocol.

Comments: The TG-51 and TRS-398 protocols are similar, except for minor differences in 
beam quality specification and notation. There is no reason why one protocol could not be fol-
lowed worldwide. In this day and age, it does not make sense to promote these more or less 
identical protocols packaged with different names and notations. Although it is too late for these 
protocols to be merged into one, it is hoped that the next revision of either of these protocols will 
be combined and carried out by an internationally constituted panel or a task group.

8.7. EXPOSURE FROM RADIOACTIVE SOURCES 

The exposure rate from a radioactive source can be determined from the knowledge of its pho-
ton emission spectrum and the relevant mass energy absorption coefficients for air. A relation-
ship between exposure (X) and energy fluence (�) may be derived by comparing Equations 8.19 
and 8.21. Under the conditions of changed particle equilibrium,

Dair � X # Wair

e
 � # a

men

p
b

air

Therefore,

 X � � # a
men

p
b

air

# e
Wair

 (8.81)

Suppose a radioisotope emits N photons of different energy and with different probability 
per disintegration. Imagine a sphere of radius 1 m around this point source of activity 1 Ci. 
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Because 1 Ci undergoes 3.7 × 1010 dps, and since the area of a sphere of radius 1 m is 4π m2 
and since 1 hour = 3,600 seconds, we have

Energy fluence/h at 1 m from the 1-Ci source �
3.7 � 1010 � 3,600

4p
 aN
i�1

fi Ei

where fi is the number of photons emitted/decay of energy Ei. From Equation 8.81, exposure/h 
at 1 m from the 1-Ci source = Ẋ

  
:

�
3.7 � 1010 � 3,600

4p aN
i�1

fi Ei a
men

r
b

air,i

e

Wair

where Qmen
r Rair, i is the mass energy absorption coefficient in air for photon of energy Ei.

Substituting the values 
Wair

e  = 0.00876 J/kg·R, 1 MeV = 1.602 × 10−13 J and expressing mass 
energy absorption coefficient in m2/kg, the above equation becomes

Ẋ
 
�

3.7 � 1010 � 3,600
4p (m2)

 (h�1)
1 (R)

0.00876 (J/kg)
 # 1.602

� 10�13 a J

MeV
b # aN

i�1
 fi Ei (MeV) # a

men

r
b

air, i

 am2

kg
b

or

 Ẋ
 
� 193.8aN

i�1
 fi Ei a

men

r
b

air, i

 (R/h) (8.82)

A quantity exposure rate constant �
d
 has been defined (36) as

 �
d
�

l2

A
 #  (X)

d
 (8.83)

where X
d
 is the exposure rate from photons of energy greater than δ (a suitable cutoff for the 

energy spectrum) at a distance l from a point source of activity A. If Ẋ is in R/h, l is in m, and A 
is in Ci, the dimensions of �

d
 become R m2/h/Ci. It is also apparent that �

d
 is numerically equal 

to Ẋ in  Equation 8.82. Thus, the exposure rate constant may be written as

 �
d
� 193.8aN

i
 fi Eia

men

r
b

air,i

 R m2/h/Ci (8.84)

where energy Ei is expressed in MeV and Qmen
r Rair, i is in m2/kg.

EXAMPLE

Calculate the exposure rate constant for 60Co. Determine the exposure rate in R/min from a 
5,000-Ci source of 60Co at a distance of 80 cm.

60Co emits two g rays of energy 1.17 and 1.33 MeV per disintegration.

fi Ei (MeV) a
men

r
b

air,i

(m2/kg)

1.00 1.17 0.00270

1.00 1.33 0.00261

Γδ = 193.8 (1.17 × 0.00270 + 1.33 × 0.00261) R m2/h/Ci
 = 1.29 R m2/h/Ci

 Exposure rate from the 5,000-Ci 60Co source at 1 m � 1.29 � 5,000 R/h

 �
1.29 � 5,000

60
 R/min

 � 107.5 R/min

Exposure rate at 80 cm � 107.5 � a100
80
b

2

R/min

 � 168 R/min 

The previous calculation applies only very approximately to an actual cobalt teletherapy unit 
since exposure rate would depend not only on the source activity, but also on the collimator 
scatter, source size, and self-absorption in the source.

˙

˙
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8.8. OTHER METHODS OF MEASURING ABSORBED DOSE 

A. CALORIMETRY

Calorimetry is a basic method of determining absorbed dose in a medium. It is based on the 
principle that the energy absorbed in a medium from radiation appears ultimately as heat energy, 
while a small amount may appear in the form of a chemical change. This results in a small 
increase in temperature of the absorbing medium, which, if measured accurately, can be related 
to the energy absorbed per unit mass or the absorbed dose.

If a small volume of the medium is thermally isolated from the remainder, the absorbed dose 
D in this volume is given by

 D �
dEh

dm
 �

dEs

dm
 (8.85)

where dEh is the energy appearing as heat in the absorber of mass dm and dEs is the energy 
absorbed or produced as a result of chemical change, called the heat defect (which may be posi-
tive or negative). Neglecting the latter for the moment, one can calculate the rise in temperature 
of water by the absorption of 1 Gy of dose:

1 Gy � 1 J/kg �
1

4.18
 cal/kg

where 4.18 is the mechanical equivalent of heat (4.18 J of energy = 1 cal of heat). Because the 
specific heat of water is 1 cal/g/°C or 103 cal/kg/°C, the increase in temperature (ΔT) produced 
by 1 Gy is

�T �
1

4.18
 (cal/kg) #

1
103

 (kg/cal-�C)

 � 2.39 � 10�4�C

To measure such a small temperature rise, thermistors are most commonly used. Thermistors are 
semiconductors that show a large change in electrical resistance with a small change in tempera-
ture (about 5% per 1°C). Thus, by measuring the change in resistance by an apparatus such as a 
Wheatstone bridge, one can calculate the absorbed dose.

Extensive literature exists on radiation calorimetry to which the reader is referred (37,38). Most 
of these apparatuses are difficult to construct and, for various reasons, are considered impractical 
for clinical dosimetry. However, Domen (39) has described a simpler water calorimeter for abso-
lute measurement of absorbed dose. Essential features of this calorimeter are briefly described.

Figure 8.9 is a schematic drawing of Domen’s calorimeter. An ultrasmall (0.25-mm diameter) 
bead thermistor is sandwiched between two 30-mm polyethylene films stretched on polystyrene 
rings. The thermistors are cemented to one of the films to increase thermal coupling. The films 
provide the necessary high and stable resistance (>1011Ω) between the thermistor leads and water.

The films held horizontally in a plastic frame are then immersed in an insulated tank of distilled 
water. Because of the low thermal diffusivity of water and imperviousness of the polyethylene film to 
water, nearly negligible conductive heat transfer occurs at a point in the water medium. Therefore, 

R
r

To amplifier

0.25-mm bead thermistor

Water level

Polystyrene ring

30-cm-diameter
glass jar

30-µm polyethylene film

Figure 8.9. Schematic diagram of Domen’s 
calorimeter. (redrawn from Domen Sr. 
absorbed dose water calorimeter. Med Phys. 
1980;7:157.)
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a thermally isolated volume element of water is not necessary. This apparatus measures dose rates 
in water of about 4 Gy/min with a precision (for the reproducibility of measurements) of 0.5%.

B. CHEMICAL DOSIMETRY

The energy absorbed from ionizing radiation may produce a chemical change, and if this change 
can be determined, it can be used as a measure of absorbed dose. Many systems of chemical 
dosimetry have been proposed, but the ferrous sulfate or the Fricke dosimeter is considered to 
be the most developed system for the precision measurement of absorbed dose. The use of this 
system has been fully discussed (40). A brief description will be provided.

B.1. Ferrous Sulfate (Fricke) Dosimeter

The dosimeter consists of 1 mmol/L ferrous sulfate (or ferrous ammonium sulfate), 1 mmol/L 
NaCl, and 0.4 mol/L sulfuric acid. The reason for NaCl in the solution is to counteract the effects 
of organic impurities present despite all the necessary precautions. When the solution is irradi-
ated, the ferrous ions, Fe2+, are oxidized by radiation to ferric ions, Fe3+. The ferric ion concen-
tration is determined by spectrophotometry of the dosimeter solution, which shows absorption 
peaks in the ultraviolet light at wavelengths of 224 and 304 nm.

B.2. G Value

The radiation chemical yield may be expressed in terms of the number of molecules produced 
per 100 eV of energy absorbed. This number is known as the G value. Thus, if the yield of fer-
ric ions can be determined, the energy absorbed can be calculated when the G value is known.

Suppose a Δm (mol/L) concentration of ferric ions is produced by an absorbed dose of 
D grays:

D (Gy) � D (J/kg) �
D

1.602 � 10�19
 (eV/kg)

Molecules of ferric ions produced = Δm × 6.02 × 1023 molecules/L:

�M � 6.02 � 1023

r
 molecules/kg

where r is the density of the solution in kilograms per liter.
Number of molecules produced per eV of energy absorbed:

�
�M � 6.02 � 1023

r
 #

1.602 � 10�19

D

�
�M
rD

 # 9.64 � 104 molecules/eV

or

G �
�M
rD

 # 9.64 � 104 # 100 molecules/100 eV

�
�M
rD

 # 9.64 � 106 molecules/100 eV

Thus,

D �
�M
rG

 # 9.64 � 106 (Gy)

The G values for the Fricke dosimeter have been determined by many investigators. Table 8.5 
gives the values recommended by Nahum (17) for photons from 137Cs to 30 MV. A constant 
G value of 15.7 ± 0.6/100 eV is recommended for electrons in the energy range of 1 to 30 MeV 
for a 0.4 mol/L H2SO4 dosimeter solution (41).

C. SOLID STATE METHODS

There are several solid state systems available for the dosimetry of ionizing radiation. However, 
none of the systems is absolute—each needs calibration in a known radiation field before it can 
be used for the determination of absorbed dose.

There are two types of solid state dosimeters: (a) integrating-type dosimeters (thermolumi-
nescent crystals, radiophotoluminescent glasses, optical density-type dosimeters such as glass 
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Radiation G Value (No./100 eV)
137Cs 15.3 ± 0.3

2 MV 15.4 ± 0.3
60Co 15.5 ± 0.2

4 MV 15.5 ± 0.3

5–10 MV 15.6 ± 0.4

11–30 MV 15.7 ± 0.6

(Data from ICrU. Radiation Dosimetry: X rays and Gamma Rays with Maximum Photon Energies between 0.6 and 50 MeV. 
report 14. Bethesda, MD: International Commission on radiation Units and Measurements; 1969, with permission.)

TABLE 8.5   Recommended G Values for the Ferrous Sulfate Dosimeter  
(0.4 mol/L H2SO4) for Photon Beams

and film), and (b) electrical conductivity dosimeters (semiconductor junction detectors, induced 
conductivity in insulating materials). Of these, the most widely used systems for the measure-
ment of absorbed dose are the thermoluminescent dosimeter (TLD), diodes, and film, which are 
described.

C.1. Thermoluminescence Dosimetry

Many crystalline materials exhibit the phenomenon of thermoluminescence (TL). When such a 
crystal is irradiated, a very minute fraction of the absorbed energy is stored in the crystal lattice. 
Some of this energy can be recovered later as visible light if the material is heated. This phenom-
enon of the release of visible photons by thermal means is known as TL.

The arrangement for measuring the TL output is shown schematically in Figure 8.10. The 
irradiated material is placed in a heater cup or planchet, where it is heated for a reproducible 
heating cycle. The emitted light is measured by a photomultiplier tube (PMT), which converts 
light into an electrical current. The current is then amplified and measured by a recorder or a 
counter.

There are several TL phosphors available, but the most noteworthy are lithium fluoride (LiF), 
lithium borate (Li2B4O7), and calcium fluoride (CaF2). Their dosimetric properties are listed in 
Table 8.6. Of these phosphors, LiF is most extensively studied and most frequently used for 
clinical dosimetry. LiF in its purest form exhibits relatively little TL. But the presence of a trace 
amount of impurities (e.g., magnesium) provides the radiation-induced TL. These impurities give 
rise to imperfections in the lattice structure of LiF and appear to be necessary for the appearance 
of the TL phenomenon.

C.2. Simplified Theory of Thermoluminescent Dosimetry

The chemical and physical theory of TLD is not exactly known, but simple models have been 
proposed to explain the phenomenon qualitatively. Figure 8.11 shows an energy-level diagram 
of an inorganic crystal exhibiting TL by ionizing radiation.

TL
Grounded

TLD sample

High
voltage PMT

Recorder

Heater
power supply

Amplifier

Figure 8.10. Schematic diagram 
showing apparatus for measuring  
thermoluminescence (tL). PMt,  
photomultiplier tube; tLD,  
thermoluminescent dosimeter.
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TABLE 8.6  Characteristics of Various Phosphors

Characteristic LiF Li2B407:Mn CaF2:Mn CaF2:nat CaSo4:Mn

Density (g/cc) 2.64 2.3 3.18 3.18 2.61

effective atomic no. 8.2 7.4 16.3 16.3 15.3

tL emission spectra (a)

 range 3,500–6,000 5,300–6,300 4,400–6,000 3,500–5,000 4,500–6,000

 Maximum 4,000 6,050 5,000 3,800 5,000

temperature of main tL 
glow peak

195°C 200°C 260°C 260°C 110°C

efficiency at cobalt-60 (rela-
tive to LiF)

1.0 0.3 3 23 70

energy response without 
added filter (30 keV/
cobalt-60)

1.25 0.9 13 13 10

Useful range Small, <5%/12 wk mr–106 r mr–3 × 105 r mr–104 r r–104 r

Fading mr–105 r 10% in first mo 10% in first mo No detectable 
fading

50–60% in the 
first 24 h

Light sensitivity essentially none essentially none essentially none Yes Yes

Physical form Powder, extruded, 
teflon embedded, 
silicon embedded, 
glass capillaries

Powder, teflon 
embedded

Powder, teflon 
embedded, hot 
pressed chips, 
glass capillaries

Special dosimeters Powder, teflon 
embedded

(From Cameron Jr, Suntharalingam N, Kenney GN. Thermoluminescent Dosimetry. Madison, WI: University of Wisconsin Press; 1968, with permission.)

Conduction
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Electron trap
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Heating
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n Figure 8.11. a 
simplified energy-level 
diagram to illustrate the 
thermoluminescence 
(tL) process.

In an individual atom, electrons occupy discrete energy levels. In a crystal lattice, on the other 
hand, electronic energy levels are perturbed by mutual interactions between atoms and give 
rise to energy bands: the “allowed” energy bands and the forbidden energy bands. In addition, 
the presence of impurities in the crystal creates energy traps in the forbidden region, providing 
metastable states for the electrons. When the material is irradiated, some of the electrons in the 
valence band (ground state) receive sufficient energy to be raised to the conduction band. The 
vacancy thus created in the valence band is called a positive hole. The electron and the hole move 
independently through their respective bands until they recombine (electron returning to the 
ground state) or until they fall into a trap (metastable state). If there is instantaneous emission of 
light owing to these transitions, the phenomenon is called fluorescence. If an electron in the trap 
requires energy to get out of the trap and fall to the valence band, the emission of light in this 
case is called phosphorescence (delayed fluorescence). If phosphorescence at room temperature 
is very slow, but can be speeded up significantly with a moderate amount of heating (~300°C), 
the phenomenon is called thermoluminescence.

A plot of TL against temperature is called a glow curve (Fig. 8.12). As the temperature of 
the TL material exposed to radiation is increased, the probability of releasing trapped electrons 
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increases. The light emitted (TL) first increases, reaches a maximum value, and falls again to 
zero. Because most phosphors contain a number of traps at various energy levels in the forbid-
den band, the glow curve may consist of a number of glow peaks as shown in Figure 8.12. The 
different peaks correspond to different “trapped” energy levels.

C.3. Lithium Fluoride

The TL characteristics of LiF have been studied extensively. For details, the reader is referred to 
Cameron et al. (42).

Lithium fluoride has an effective atomic number of 8.2 compared with 7.4 for soft tissue. This 
makes this material very suitable for clinical dosimetry. Mass energy absorption coefficients for 
this material have been given by Greening et al. (43). The dose absorbed in LiF can be converted 
to the dose in muscle by considerations similar to those discussed earlier. For example, under 
electronic equilibrium conditions, the ratio of absorbed doses in the two media will be the same 
as the ratio of their mass energy absorption coefficients. If the dimensions of the dosimeter are 
smaller than the ranges of the electrons crossing the dosimeter, then the Bragg-Gray relationship 
can also be used. The ratio of absorbed doses in the two media then will be the same as the ratio 
of mass stopping powers. The applicability of the Bragg-Gray cavity theory to TLD has been 
discussed by several authors (44,45).

C.4. Practical Considerations

As stated previously, the TLD must be calibrated before it can be used for measuring an unknown 
dose. Because the response of the TLD materials is affected by their previous radiation history 
and thermal history, the material must be suitably annealed to remove residual effects. The stan-
dard preirradiation annealing procedure for LiF is 1 hour of heating at 400°C and then 24 hours 
at 80°C. The slow heating, namely 24 hours at 80°C, removes peaks 1 and 2 of the glow curve 
(Fig. 8.12) by decreasing the “trapping efficiency.” Peaks 1 and 2 can also be eliminated by postir-
radiation annealing for 10 minutes at 100°C. The need for eliminating peaks 1 and 2 arises from 
the fact that the magnitude of these peaks decreases relatively fast with time after irradiation. By 
removing these peaks by annealing, the glow curve becomes more stable and therefore predictable.

The dose–response curve for TLD-1002 is shown in Figure 8.13. The curve is generally linear 
up to 103 cGy, but beyond this it becomes supralinear. The response curve, however, depends 
on many conditions that have to be standardized to achieve reasonable accuracy with TLD. The 
calibration should be done with the same TLD reader, in approximately the same quality beam 
and to approximately the same absorbed dose level.

The TLD response is defined as TL output per unit absorbed dose in the phosphor.  
Figure 8.14 gives the energy–response curve for LiF (TLD-100) for photon energies below mega-
voltage range. The studies of energy response for photons above 60Co and high-energy electrons 
have yielded somewhat conflicting results. Whereas the data of Pinkerton et al. (46) and Crosby 
et al. (47) show some energy dependence, other studies (48) do not show this energy dependence.

When considerable care is used, precision of approximately 3% may be obtained using 
TLD powder or extruded material. Although not as precise as the ion chamber, TLD’s main  

2TLD-100 (Harshaw Chemical Co.) contains 7.5% 6Li and 92.5% 7Li.
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122 Part I Basic Physics

advantage is in measuring doses in regions where ion chamber cannot be used. For example, 
TLD is extremely useful for patient dosimetry by direct insertion into tissues or body cavities. 
Since TLD material is available in many forms and sizes, it can be used for special dosimetry 
situations such as for measuring dose distribution in the buildup region, around brachytherapy 
sources, and for personnel dose monitoring.

D. SILICON DIODES

Silicon p–n junction diodes are often used for relative dosimetry. Their higher sensitivity, instan-
taneous response, small size, and ruggedness offer special advantages over ionization chambers. 
They are particularly well suited for relative measurements in electron beams, output constancy 
checks, and in vivo patient dose monitoring. Their major limitations as dosimeters include energy 
dependence in photon beams, directional dependence, thermal effects, and radiation-induced 
damage. Modern diodes for dosimetry have been designed to minimize these effects.

D.1. Theory

A dosimetry diode consists of a silicon crystal that is mixed or doped with impurities to make 
p- and n-type silicon. The p-type silicon is made by introducing a small amount of an element 
from group III of the periodic table (e.g., boron), making it into an electron receptor. When 
silicon is mixed with a material from group V (e.g., phosphorus), it receives atoms that are car-
riers of negative charge, thus making it into an electron donor or n-type silicon. A p–n junction 
diode is designed with one part of a p-silicon disk doped with an n-type material (Fig. 8.15). The 
p-region of the diode is deficient in electrons (or contains “holes”), whereas the n-region has an 
excess of electrons.

At the interface between p- and n-type materials, a small region called the depletion zone is 
created because of initial diffusion of electrons from the n-region and holes from the p-region 
across the junction, until equilibrium is established. The depletion zone develops an electric 
field, which opposes further diffusion of majority carriers once equilibrium has been achieved. 
When a diode is irradiated, electron-hole pairs are produced within the depletion zone. They 
are immediately separated and swept out by the existing electric field in the depletion zone. This 
gives rise to a radiation-induced current. The current is further augmented by the diffusion of 
electrons and holes produced outside the depletion zone within a diffusion length. The direction 
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Figure 8.13. an example of thermoluminescence (tL) versus 
absorbed dose curve for tLD-100 powder (schematic).
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of electronic current flow is from the n- to the p-region (which is opposite to the direction of 
conventional current).

D.2. Operation

Figure 8.16A shows schematically a radiation diode detector, which essentially consists of a sili-
con p–n junction diode connected to a coaxial cable and encased in epoxy potting material. This 
design is intended for the radiation beam to be incident perpendicularly at the long axis of the 
detector. Although the collecting or sensitive volume (depletion zone) is not known precisely, it 
is on the order of 0.2 to 0.3 mm3. It is located within a depth of 0.5 mm from the front surface 
of the detector, unless electronic buildup is provided by encasing the diode in a buildup material.

Figure 8.16B shows the diode connected to an operational amplifier with a feedback loop 
to measure radiation-induced current. There is no bias voltage applied. The circuit acts as a 
current-to-voltage transducer, whereby the voltage readout at point B is directly proportional 
to the radiation-induced current.

Diodes are far more sensitive than ion chambers. Since the energy required to produce an 
electron–hole pair in Si is 3.5 eV compared to 34 eV required to produce an ion pair in air, and 
because the density of Si is 1,800 times that of air, the current produced per unit volume is about 
18,000 times larger in a diode than in an ion chamber. Thus, a diode, even with a small collecting 
volume, can provide an adequate signal.

D.3. Energy Dependence

Because of the relatively high atomic number of silicon (Z = 14) compared to that of water or 
air, diodes exhibit severe energy dependence in photon beams of nonuniform quality. Although 
some diodes are designed to provide energy compensation through filtration (49), the issue of 
energy dependence never goes away and, therefore, their use in x-ray beams is limited to rela-
tive dosimetry in situations where spectral quality of the beam is not changed significantly, for 
example, profile measurements in small fields and dose constancy checks. In electron beams, 
however, the diodes do not show energy dependence as the stopping power ratio of silicon to 
water does not vary significantly with electron energy or depth. Thus, diodes are qualitatively 
similar to films so far as their energy dependence is concerned.
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124 Part I Basic Physics

Some diodes exhibit greater stability and less energy dependence than others. It is therefore 
incumbent upon the user to establish dosimetric accuracy of a diode by comparative measure-
ments with an ion chamber.

D.4. Angular Dependence

Diodes exhibit angular dependence, which must be taken into account if the angle of beam 
incidence is changed significantly. Again, these effects should be ascertained in comparative mea-
surements with a detector that does not show angular dependence.

D.5. Temperature Dependence

Diodes show a small temperature dependence that may be ignored unless the change in tempera-
ture during measurements or since the last calibration is drastic. The temperature dependence 
of diodes is smaller than that of an ion chamber. Moreover, their response is independent of 
pressure and humidity.

D.6. Radiation Damage

A diode can suffer permanent damage when irradiated by ultrahigh doses of ionizing radia-
tion. The damage is most probably caused by displacement of silicon atoms from their lattice 
positions. The extent of damage will depend upon the type of radiation, energy, and total dose. 
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Figure 8.16. Schematic diagrams showing (A) silicon p–n junction diode and (B) basic electronic circuit using 
operational amplifier with a feedback loop. (From Gager LD, Wright ae, almond Pr. Silicon diode detectors used in 
radiobiologic physics measurements. Part I: development of an energy compensating shield. Med Phys. 1977;4:494-498, 
with permission.)
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Because of the possibility of radiation damage, especially after prolonged use, diode sensitivity 
should be checked routinely to ensure stability and accuracy of calibration.

D.7. Clinical Applications

As previously mentioned, diodes are useful in electron beam dosimetry and in limited situations 
in photon beam measurements. Most often their use is dictated by the requirements on the detec-
tor size. For example, dose profiles or output factors in a small field may pose difficulties in the 
use of an ion chamber. So a film or a diode response is checked against an ion chamber under 
suitable benchmark conditions.

Diodes are becoming increasingly popular with regard to their use in patient dose monitor-
ing. Since diodes do not require high voltage bias, they can be taped directly onto the patient 
at suitable points to measure dose. The diodes are carefully calibrated to provide a check of 
patient dose at a reference point (e.g., dose at dmax). Different amounts of buildup material can be 
incorporated to make the diode sample the dose close to the peak dose for a given energy beam. 
Calibration factors are applied to convert the diode reading into expected dose at the reference 
point, taking into account source-to-detector distance, field size, and other parameters used in 
the calculation of monitor units.

For further details on diodes and their clinical applications, the readier is referred to some key 
articles in the literature (50–53).

E. RADIOGRAPHIC FILM

A radiographic film consists of a transparent film base (cellulose acetate or polyester resin) coated 
with an emulsion containing very small crystals of silver bromide. When the film is exposed to ion-
izing radiation or visible light, a chemical change takes place within the exposed crystals to form 
what is referred to as a latent image. When the film is developed, the affected crystals are reduced 
to small grains of metallic silver. The film is then fixed. The unaffected granules are removed by the 
fixing solution, leaving a clear film in their place. The metallic silver, which is not affected by the 
fixer, causes darkening of the film. Thus, the degree of blackening of an area of the film depends on 
the amount of free silver deposited and, consequently, on the radiation energy absorbed.

The degree of blackening of the film is measured by determining optical density with a den-
sitometer. This instrument consists of a light source, a tiny aperture through which the light is 
directed, and a light detector (photocell) to measure the light intensity transmitted through the 
film.

The optical density, OD, is defined as

 OD � log 
I0

It

 (8.86)

where I0 is the amount of light collected without film and It is the amount of light transmitted 
through the film. A densitometer gives a direct reading of optical density if it has been calibrated 
by a standard strip of film having regions of known optical density. In dosimetry, the quantity of 
interest is usually net optical density, which is obtained by subtracting the reading for the base 
fog (OD of unexposed processed film) from the measured optical density.

A plot of net optical density as a function of radiation exposure or dose is termed the sen-
sitometric curve, or H–D curve.3 Figure 8.17 shows examples of characteristic curves for two 
commonly used dosimetry films. Film speed and linearity of the sensitometric curve are the two 
main characteristics that are considered in selecting a film for dosimetry. If a film is exposed in 
the nonlinear region, corrections are necessary to convert optical density into dose.

Although film is well established as a method of measuring electron beam distributions 
(Chapter 14), its usefulness in photon dosimetry is relatively limited. Because the photoelectric 
effect depends on the cube of the atomic number, the silver (Z = 45) in the film emulsion absorbs 
radiation below 150 keV very strongly by the photoelectric process. Since most clinical beams 
contain a scatter component of low-energy photons, the correlation between optical density and 
dose becomes tenuous. In addition, film suffers from several potential errors such as changes in 
processing conditions, interfilm emulsion differences, and artifacts caused by air pockets adja-
cent to the film. For these reasons, absolute dosimetry with film is impractical. However, it is 
very useful for checking radiation fields, light-field coincidence, field flatness, and symmetry, and 
obtaining quick qualitative patterns of a radiation distribution.

3 The expression H–D is derived from the names of Hurter and Driffield, who in 1890 used such curves to 
characterize the response of photographic film to light.
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In the megavoltage range of photon energies, however, film has been used to measure isodose 
curves with acceptable accuracy (±3%) (53–55). One of the techniques (55) consists of exposing 
the film packed tightly in a polystyrene phantom, parallel to the central axis of the beam. The 
film edge is carefully aligned with the phantom surface and air pockets between the film surface 
and the surrounding jacket are removed by punching holes near the corners. Optical densities 
are correlated with dose by using a depth-dependent sensitometric curve derived from known 
central axis depth dose data for a reference field such as 10 × 10 cm2. The method is made prac-
tical by a computer-controlled densitometer and a computer program that performs the required 
isodensity-to-isodose curve conversion.

F. RADIOCHROMIC FILM

The use of radiochromic films for radiation dosimetry has been evolving since the 1960s (56,57). 
With the recent improvement in technology associated with the production of these films, their 
use has become increasingly popular, especially in brachytherapy dosimetry. Major advantages of 
radiochromic film dosimeters include tissue equivalence, high spatial resolution, large dynamic 
range (10−2 to 106 Gy), relatively low spectral sensitivity variation (or energy dependence), insen-
sitivity to visible light, and no need for chemical processing.

Radiochromic film consists of an ultrathin (7- to 23-mm thick), colorless, radiosensitive leuco 
dye bonded onto a 100-mm thick Mylar base (58). Other varieties include thin layers of radiosensi-
tive dye sandwiched between two pieces of polyester base (59). The unexposed film is colorless and 
changes to shades of blue as a result of a polymerization process induced by ionizing radiation.

No physical, chemical, or thermal processing is required to bring out or stabilize this color. 
The degree of coloring is usually measured with a spectrophotometer using a narrow spectral 
wavelength (nominal 610 to 670 nm). Commercially available laser scanners and charge coupled 
device (CCD) microdensitometer cameras can also be used to scan the films. These measure-
ments are expressed in terms of optical density as defined by Equation 8.86.

Radiochromic films are almost tissue equivalent with effective Z of 6.0 to 6.5. Postirradiation 
color stability occurs after about 24 hours. Energy dependence is much lower than the silver 
halide (radiographic) films. Although radiochromic films are insensitive to visible light, they 
exhibit some sensitivity to ultraviolet light and temperature. They need to be stored in a dry 
and dark environment at the temperature and humidity not too different from those at which 
they will be used for dosimetry. Because radiochromic films are sensitive to ultraviolet light, 
they should not be exposed to fluorescent light or to sunlight. They may be read and handled in 
normal incandescent light.

Radiochromic films must be calibrated before they can be used for dosimetry. The sensitomet-
ric curve shows a linear relationship up to a certain dose level beyond which its response levels 
off with an increase in dose (Fig. 8.18).

The most commonly used radiochromic films for dosimetry that are commercially available 
are GafChromic EBT film [International Specialty Product (ISP), Wayne, NJ] and Double-layer 
GafChromic MD-55-2 film [ISP or other vendor(s); Nuclear Associates, Carle Place, NY]. Whereas 
MD-55-2 films are useful in the range of 3 to 100 Gy, EBT films have a useful range of 1 to 800 cGy.

For details on radiochromic film and their use in clinical dosimetry, the reader is referred to 
the AAPM TG-55 report (60).
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• Absorbed dose (or simply dose) is the energy absorbed per unit mass.

•	 The	SI	unit	of	dose	is	gray	(Gy).	1	Gy	= 100 cGy = 100 rad = 1 J/kg.

•	 Roentgen-to-rad	conversion	factor	for	air	(fair) = 0.876 rad/R for all x and g radiation.

•	 For	any	medium,	the	roentgen-to	rad	conversion	factor,	fmed = 0.876 × (ratio of 
average mass energy absorption coefficient for medium to that for air).

•	 For	low-energy	x-ray	beams	such	as	orthovoltage	and	superficial,	the	absorbed	dose	
in bone is two to four times the absorbed dose in soft tissue for the same exposure 
because of the significant probability of the photoelectric effect, which is dependent 
on Z3 (Zeff for bone is 12.3 and for soft tissue it is 7.6).

•	 For	megavoltage	photon	beams,	the	absorbed	dose	in	bone	is	slightly	less	than	that	
in soft tissue because of the predominance of the Compton effect, which, although 
independent of Z, is dependent on the number of electrons per gram. As shown in 
Table 5.1, bone has slightly fewer numbers of electrons per gram than soft tissue.

• Kerma is the sum of kinetic energies of electrons and positrons released by photons in a 
medium per unit mass.

•	 The	unit	of	kerma	is	the	same	as	that	of	dose,	namely,	Gy.

•	 Kerma	pertains	only	to	photon	beams.

•	 Kerma	is	proportional	to	photon	energy	fluence.	It	is	maximum	at	the	surface	and	
 decreases exponentially with depth.

•	 For	megavoltage	beams,	dose	is	less	than	kerma	at	the	surface.	It	builds	up	to	a	maxi-
mum value at a certain depth, depending upon energy. With a further increase in depth 
it achieves a transient electronic equilibrium and decreases exponentially. In the tran-
sient equilibrium region dose exceeds kerma but decreases at the same rate as kerma.

• Calibration in air

•	 Low-energy	beams	up	to	cobalt-60	may	be	calibrated	in	air	in	terms	of	exposure	in	
roentgens. Exposure is then converted into “dose in free space”—dose to a small 
mass of tissue just sufficient to provide electronic equilibrium. By multiplying “dose 
in free space” with backscatter factor, one obtains Dmax (dose at the depth of maxi-
mum dose in a water phantom). This topic is further discussed in Chapter 9.

• Bragg-Gray cavity theory

•	 The	principle	of	Bragg-Gray	(B-G)	cavity	theory	is	that	the	ionization	produced	in	a	
gas-filled cavity (e.g., air cavity of an ion chamber) placed in a medium is related to 
the energy absorbed in the medium surrounding the cavity. This relationship, in its 
simplest form, involves the ionization charge produced per unit mass of cavity gas 
and the ratio of average mass stopping power of electrons traversing the medium to 
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128 Part I Basic Physics

that of electrons crossing the cavity gas. Any perturbation in electron fluence caused 
by the presence of the cavity needs to be corrected.

•	 Whereas	exposure	in	roentgens	cannot	be	measured	accurately	for	photon	beams	of	
energy above 3 MeV (practically not above cobalt-60), the B-G cavity theory has no limi-
tation of energy or the type of ionizing radiation in the measurement of absorbed dose.

•	 All	recent	calibration	protocols	(TG-21,	TG-51,	and	IAEA	TRS-398)	use	B-G	cavity	
theory.

• The effective point of measurement for a cylindrical chamber of internal radius r irradi-
ated by a photon beam is displaced by 0.6 r from its center and toward the source. For 
electron beams this displacement is approximately 0.5 r.

• For a plane-parallel chamber, the effective point of measurement is at the front surface 
of the cavity.

• TG-21

•	 This	AAPM	calibration	protocol	(published	in	1983)	has	been	superseded	by	the	
AAPM TG-51 protocol.

•	 TG-21	requires	chamber	calibration	in	terms	of	air	kerma	or	Nx (exposure calibration 
factor for cobalt-60 beam). Ngas (dose to cavity air per unit charge of ionization) is 
calculated from Nx and other factors related to chamber design.

•	 Basic	equations	for	the	calibration	of	photon	and	electron	beams	are	given	by	
 Equations 8.45 and 8.46, respectively.

• TG-51

•	 The	major	difference	between	TG-51	and	TG-21	is	the	chamber	calibration,	which	is	
based on absorbed dose to water instead of exposure in air. ND,w

60Co  is the absorbed dose-
to-water calibration factor for the chamber determined in a cobalt-60 beam under 
reference conditions.

•	 Beam	quality	for	photon	beams	is	specified	by	percent	depth	dose	for	the	photon	
 component of the beam at 10 cm depth in water [%dd(10)x].

•	 Beam	quality	for	the	purpose	of	electron	beam	calibration	is	specified	by	the	depth	of	
50% dose in water (R50).

•	 Calibration	of	a	photon	beam	is	performed	at	10	cm	depth	in	water	and	then	converted	
to dose at the reference depth of maximum dose (dmax) by using percent depth dose or 
TMR at 10 cm depth. Sensitivity of monitor chambers is adjusted to give Dmax/MU 
close to unity for a 10 × 10-cm field size at SSD = 100 cm (SSD-type calibration) or 
SAD = 100 cm (SAD-type calibration).

•	 Calibration	of	an	electron	beam	is	performed	at	a	reference	depth	dref given by  
dref = 0.6 R50 – 0.1. It is then converted to dose at dmax by using percent depth dose 
at dref. Calibration is set to give Dmax/MU close to unity for a 10 × 10-cm field size 
(reference applicator) at SSD = 100 cm.

•	 The	basic	equation	for	calibration	of	photon	and	electron	beams	is	Equation	8.47.

•	 The	difference	in	measured	dose	between	TG-21	and	TG-51	is	less	than	2%	for	
 photons but can be as much as 5% for electron beams.

• IAEA TRS-398

•	 There	are	minor	differences	between	TG-51	and	IAEA	TRS-398;	for	example,	beam	
 quality specification in TRS-398 is by TPR20,10 instead of %dd(10)x.

•	 The	basic	equation	for	calibration	of	photon	and	electron	beams	(Equation	8.76)	is	
the same as for TG-51 except for notation.

• Exposure rate constant

•	 Exposure	rate	constant	is	defined	as	exposure	rate	from	a	radioactive	source	of	point	
size and unit activity at a unit distance. Its unit is R m2/h/Ci, which means roentgens 
per hour at a distance of 1 meter from a point source of activity of 1 Ci.

•	 Exposure	rate	constant	is	unique	to	every	radioactive	source.	It	depends	on	the	
 photon energies emitted in the decay scheme, their energy absorption coefficients in 
air, and the number of photons/decay of respective energies.

K e Y  P O I N t S  ( c o n t i n u e d )
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• Absolute dosimeters

•	 Absolute	dosimetry	means	that	the	dose	is	determined	from	the	first	principles—	
without reference to another dosimeter.

•	 The	free-air	ionization	chamber,	specially	designed	spherical	chambers	of	known	
volume (e.g., at NIST), the calorimeter, and the ferrous sulfate (Fricke) dosimeter are 
examples of absolute dosimeters. They are also called primary standards.

• Secondary dosimeters

•	 Secondary	dosimeters	require	calibration	against	a	primary	standard.	Examples	are	thim-
ble chambers and plane-parallel ion chambers. TLDs, diodes, and film are also secondary 
dosimeters but are used primarily for relative dosimetry. They require calibration against 
a calibrated ion chamber as well as appropriate corrections for energy dependence (e.g., 
with depth) and other conditions that may affect their dose response characteristics.

• TLD

•	 The	most	commonly	used	TLD	consists	of	LiF	with	a	trace	amount	of	impurities	
( magnesium). It is available in many forms and sizes for use in special dosimetry 
 situations (e.g., powder capsules, extruded rods or chips, and crystals embedded in  
Teflon or silicon disks). It is reusable if properly annealed and recalibrated in terms  
of its dose–response curve.

•	 TLD	response	is	almost	independent	of	energy	in	the	megavoltage	range	of	photon	
and electron beams used clinically. However, the dosimeter form and size may affect 
 dosimetry for certain beams and irradiation conditions due to fluence perturbation.

• Diodes

•	 Silicon	p–n	junction	diodes	are	well	suited	for	relative	dosimetry	of	electron	beams,	
 output constancy checks, and in vivo patient dose monitoring.

•	 Their	higher	sensitivity,	instantaneous	response,	small	size	(~0.2	to	0.3	mm3), and 
 ruggedness offer special advantages over ionization chambers in certain situations.

•	 Their	major	limitations	as	dosimeters	include	energy	dependence	in	photon	beams,	
 directional dependence, thermal effects, and radiation-induced damage with pro-
longed use. Modern diodes minimize these effects.

•	 Unlike	ion	chambers,	diodes	do	not	require	high-voltage	bias	to	collect	ions.

• Radiographic film

•	 Sensitivity	of	film	depends	on	the	size	of	emulsion	grains	(crystals	of	silver	bromide)	
and the quality and type of radiation.

•	 Slow-speed	films	(small	grain	size)	such	as	Kodak	XV-2	and	Kodak	RPM-2	are	suit-
able for relative dosimetry provided their sensitometric curve (also known as H–D 
curve) is predetermined in comparison with a calibrated ion chamber. Processing 
conditions must be standardized. Any air pockets between film and its jacket must be 
eliminated to avoid artifacts.

•	 Optical	density	is	given	by	log10(I0/It), where I0 is the amount of light incident on film 
and It is the amount of light transmitted through film. It is measured by a densitom-
eter having a light source and a tiny aperture (~1 mm diameter or less).

•	 Film	is	well	suited	for	relative	dosimetry	of	electron	beams	(shows	practically	no	
energy dependence). In photon beams, however, it shows significant energy depen-
dence and therefore it is used mostly for portal imaging and quality assurance proce-
dures such as checking beam alignment, isocentric accuracy, and beam flatness. For 
measuring dose distributions, photon energy dependence must be taken into account.

• Radiochromic film

•	 Major	advantages	include	almost	tissue	equivalence,	high	spatial	resolution,	large	
 dynamic range (10−2 to 106 cGy), low energy dependence, insensitivity to visible 
light, and no need for processing.

•	 It	is	well	suited	for	dosimetry	of	brachytherapy	sources	where	the	doses	and	dose	
 gradients close to the sources are very high.
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P A R T

C H A P T E R

ClassiCal Radiation theRapy

Dose Distribution and Scatter Analysis9
It is seldom possible to measure dose distribution directly in patients treated with radiation. 

Data on dose distribution are almost entirely derived from measurements in phantoms—tissue-
equivalent materials, usually large enough in volume to provide full-scatter conditions for the 
given beam. These basic data are used in a dose calculation system devised to predict dose 
distribution in an actual patient.

Various dosimetric quantities and methodologies have been devised to facilitate dose calcula-
tion in clinical situations. In this chapter we will discuss methods based on quantities such as 
percent depth doses (PDDs), tissue–air ratios (TARs), and scatter–air ratios (SARs). These have 
been used traditionally for dose calculation involving low-energy beams (up to 60Co) which were 
usually calibrated in terms of exposure rate in air or dose rate in free space. Current methods of 
dose calculation use tissue–phantom ratios (TPRs) or tissue–maximum ratios (TMRs), which are 
better suited for higher-energy beams and involve measurements in phantom rather than in air. 
The latter methods will be discussed in Chapter 10.

9.1. PHANTOMS 

Basic dose distribution data are usually measured in a water phantom, which closely approxi-
mates the radiation absorption and scattering properties of muscle and other soft tissues. Another 
reason for the choice of water as a phantom material is that it is universally available with repro-
ducible radiation properties. A water phantom, however, poses some practical problems when 
used in conjunction with ion chambers and other detectors that are affected by water, unless they 
are designed to be waterproof. In most cases, however, the detector is encased in a thin plastic 
(water-equivalent) sleeve before immersion into the water phantom.

Since it is not always possible to put radiation detectors in water, solid phantoms have been 
developed as substitutes for water. Ideally, for a given material to be tissue or water equivalent, 
it must have the same effective atomic number, number of electrons per gram, and mass density. 
However, since the Compton effect is the most predominant mode of interaction for megavoltage 
photon beams in the clinical range, the necessary condition for water equivalence for such beams 
is to have the same electron density (number of electrons per cubic centimeter) as that of water.

The electron density (re) of a material may be calculated from its mass density (rm) and its 
atomic composition according to the formula:

 re � rm ~ NA ~  a
Z
A

 b  (9.1)

II
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where

 
Z
A

� a
i

ai . a
Zi

Ai

b  (9.2)

NA is Avogadro’s number and ai is the fraction by weight of the ith element of atomic number 
Zi and atomic weight Ai  . Electron densities of various human tissues and body fluids have been 
calculated according to Equation 9.1 by Shrimpton (1). Values of electron densities for some tis-
sues of dosimetric interest are listed in Table 5.1.

Table 9.1 gives the properties of various phantoms that have been frequently used for radia-
tion dosimetry. Although the mass density of these materials may vary depending on a given 
sample, the atomic composition and the number of electrons per gram of these materials are 
sufficiently constant to warrant their use for high-energy photon and electron dosimetry.

In addition to the homogeneous phantoms, anthropomorphic phantoms are frequently used 
for clinical dosimetry. One such commercially available system, known as Alderson Rando 
Phantom,1 incorporates materials to simulate various body tissues—muscle, bone, lung, and air 
cavities. The phantom is shaped into a human torso (Fig. 9.1) and is sectioned transversely into 
slices for inserting film or other dosimeters.

White et al. (2) have developed extensive recipes for tissue substitutes. The method is based 
on adding particulate fillers to epoxy resins to form a mixture with radiation properties closely 
approximating that of a particular tissue. The most important radiation properties in this regard 
are the mass attenuation coefficient, the mass energy absorption coefficient, electron mass stop-
ping power, and angular scattering power relative to a given tissue. A detailed tabulation of 
tissue substitutes and their properties for all the body tissues is included in a report by the Inter-
national Commission on Radiation Units and Measurements (3).

Based on the previous method, Constantinou et al. (4) designed an epoxy resin-based solid 
substitute for water, called solid water. This material could be used as a dosimetric calibration 
phantom for photon and electron beams in the radiation therapy energy range. Solid water 
phantoms are commercially available from Radiation Measurements, Inc. (Middleton, WI).

1Available from several companies (e.g., The Phantom Laboratory, Salem, New York).

TABLE 9.1  Physical Properties of Various Phantom Materials

Material
Chemical 
Composition

Mass Density 
(g/cm3)

Number of 
Electrons/g (×1023)

|Zeff|a  
(Photoelectric)

Water H2O 1 3.34 7.42

Polystyrene (C8H8)n
103–1.05 3.24 5.69

Plexiglas  
(Perspex, Lucite)

(C5O2H8)n
1.16–1.20 3.24 6.48

Polyethylene (CH2)n
0.92 3.44 6.16

Paraffin C
n
H2n

+2 0.87–0.91 3.44 5.42

Mix D Paraffin: 60.8

Polyethylene: 
30.4

MgO: 6.4 0.99 3.41 7.05

tiO2: 2.4

M 3 Paraffin: 100

MgO: 29.06 1.06 3.34 7.35

CaCO3: 0.94

Solid waterb Epoxy resin-
based mixture

1.00 3.34

aZeff for photoelectric effect is given by Equation 6.4.
bavailable from radiation Measurements, Inc. (Middleton, Wisconsin).

(Data are from tubiana M, Dutreix J, Duterix a, et al. Bases Physiques de la Radiotherapie et de la Radiobiologie. Paris:  
Masson Et Cie, Éditeurs; 1963:458; and Schulz rJ, Nath r. On the constancy in composition in polystyrene and  
polymethylmethacrylate plastics. Med Phys. 1979;6:153.)
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9.2. DEPTH DOSE DISTRIBUTION 

As the beam is incident on a patient (or a phantom), the absorbed dose in the patient varies with 
depth. This variation depends on many conditions: beam energy, depth, field size, distance from 
source, and beam collimation system. Thus, the calculation of dose in a patient involves con-
siderations in regard to these parameters and others as they affect depth dose distribution. An 
essential step in the dose calculation system is to establish depth dose variation along the central 
axis of the beam. A number of quantities have been defined for this purpose, major among these 
being percentage depth dose (5), TARs (6–9), TPRs (10–12), and TMRs (12,13). These quantities 
are usually derived from measurements made in water phantoms using small ionization cham-
bers. Although other dosimetry systems such as thermoluminescent dosimeters (TLD), diodes, 
and film are occasionally used, ion chambers are preferred because of their better precision and 
smaller energy dependence.

9.3. PERCENTAGE DEPTH DOSE 

One way of characterizing the central axis dose distribution is to normalize dose at depth with 
respect to dose at a reference depth. The quantity percentage (or simply percent) depth dose may 
be defined as the quotient, expressed as a percentage, of the absorbed dose at any depth d to the 
absorbed dose at a reference depth d0, along the central axis of the beam (Fig. 9.2). Percentage 
depth dose (P) is thus

 P �
Dd

Dd0 

 �100% (9.3)

For orthovoltage (up to about 400 kVp) and lower-energy x-rays, the reference depth is usually 
the surface (d0 = 0). For higher energies, the reference depth is usually taken at the position of 

Figure 9.1. an anthropomorphic phantom (alderson rando 
Phantom) sectioned transversely for dosimetric studies.
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the peak absorbed dose (d0 = dm) which occurs at greater depths, depending on energy. Since the 
depth of peak absorbed dose for a given energy beam also depends on field size (due to a varying 
amount of electron contamination incident on the surface), the reference depth, d0, should be 
determined for a small field size (e.g., 3 × 3 cm2) to minimize electron contamination and be kept 
the same for all field sizes irrespective of where the actual peak dose occurs.

In clinical practice, the peak absorbed dose on the central axis is sometimes called the maxi-
mum dose, the dose maximum, the given dose, or simply the Dmax. Thus,

 D max �
Dd

P
 �100% (9.4)

A number of parameters affect the central axis depth dose distribution. These include beam qual-
ity or energy, depth, field size and shape, source to surface distance (SSD), and beam collimation. 
A discussion of these parameters will now be presented.

A. DEPENDENCE ON BEAM QUALITY AND DEPTH

The percentage depth dose (beyond the depth of maximum dose) decreases with depth and 
increases with beam energy. Higher-energy beams have greater penetrating power and thus deliver 
a higher-percentage depth dose at a given depth (Fig. 9.3). If the effects of inverse square law and 
scattering are not considered, the percentage depth dose variation with depth is governed approx-
imately by exponential attenuation. Thus, the beam quality affects the percentage depth dose by 

do

do

d

D×

× D

d

Collinator

Central axis
Surface

Phantom

Figure 9.2. Percentage depth dose is  
(D

d 
/D

d0
) × 100%, where d is any depth and d0 is 

reference depth of maximum dose.

Figure 9.3. Central axis depth dose distribution for different-quality photon beams. Field size = 10 × 10 cm2; source 
to surface distance (SSD) = 100 cm for all beams except for 3.0 mm Cu half-value layer (HVL), SSD = 50 cm. (Data from 
Hospital Physicists’ association. Central axis depth dose data for use in radiotherapy. Br J Radiol. 1978;(suppl 11); and the 
appendix.)
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virtue of the average attenuation coefficient m.2 As the m decreases, the beam becomes more pene-
trating, resulting in a higher-percentage depth dose at any given depth beyond the buildup region.

A.1. Initial Dose Buildup

As shown in Figure 9.3, the percentage depth dose decreases with depth beyond the depth 
of maximum dose. However, there is an initial buildup of dose that becomes more and more 
 pronounced as the energy is increased. In the case of the orthovoltage or lower-energy x-rays, the 
dose builds up to a maximum on or very close to the surface. But for higher-energy beams, the 
point of maximum dose lies deeper into the tissue or phantom. The region between the surface 
and the point of maximum dose is called the dose buildup region.

The dose buildup effect of the higher-energy beams gives rise to what is clinically known as 
the skin-sparing effect. For megavoltage beams such as cobalt-60 and higher energies, the surface 
dose is much smaller than the Dmax. This offers a distinct advantage over the lower-energy beams 
for which the Dmax occurs at or very close to the skin surface. Thus, in the case of the higher-
energy photon beams, higher doses can be delivered to deep-seated tumors without exceeding 
the tolerance of the skin. This, of course, is possible because of both the higher PDD at the tumor 
and the lower surface dose at the skin. This topic is discussed in greater detail in Chapter 13.

The physics of dose buildup may be explained as follows: (a) As the high-energy photon beam 
enters the patient or the phantom, high-speed electrons are ejected from the surface and the sub-
sequent layers. (b) These electrons deposit their energy until they are stopped, which occurs at a 
significant distance downstream from their site of origin. (c) Because of (a) and (b), the electron 
fluence and hence the absorbed dose increase with depth until they reach a maximum. However, 
the photon energy fluence continuously decreases with depth and, as a result, the production of 
electrons also decreases with depth. The net effect is that beyond a certain depth the dose eventu-
ally begins to decrease with depth.

It may be instructive to explain the buildup phenomenon in terms of absorbed dose and a 
quantity known as kerma (acronym for “Kinetic Energy Released in the Medium” or “Kinetic 
Energy Released per Unit Mass”). As discussed in Chapter 8, the kerma (K) may be defined as 
“the quotient of dEtr by dm, where dEtr is the sum of the initial kinetic energies of all the charged 
ionizing particles (electrons) liberated by uncharged ionizing particles (photons) in a material of 
mass dm” (14):

 K �
dEtr

dm
 

Because kerma represents the energy transferred from photons to directly ionizing electrons, 
the kerma is maximum at the surface and decreases with depth because of the decrease in the 
photon energy fluence (Fig. 9.4). The absorbed dose, on the other hand, first increases with depth 
as the high-speed electrons ejected at various depths travel downstream. As a result, there is an 
electronic buildup with depth. However, as the dose depends on the electron fluence, it reaches a 
maximum at a depth approximately equal to the range of electrons in the medium. Beyond this 
depth, the dose decreases as kerma continues to decrease, resulting in a decrease in secondary 
electron production and hence a net decrease in electron fluence. As shown in Figure 9.4, the 

2m is the average attenuation coefficient for the heterogeneous beam.
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Figure 9.4. Schematic plot of absorbed dose and 
kerma as functions of depth.
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kerma curve is initially higher than the dose curve but falls below the dose curve beyond the 
buildup region. This effect is explained by the fact that the areas under the two curves taken to 
infinity must be the same.

B. EFFECT OF FIELD SIZE AND SHAPE

Field size may be specified either geometrically or dosimetrically. The geometric field size is 
defined as “the projection, on a plane perpendicular to the beam axis, of the distal end of the 
collimator as seen from the front center of the source” (15). This definition usually corresponds 
to the field defined by the light localizer, arranged as if a point source of light were located at the 
center of the front surface of the radiation source. The dosimetric, or the physical, field size is the 
distance intercepted by a given isodose curve (usually 50% isodose) on a plane perpendicular to 
the beam axis at a stated distance from the source.

Unless stated otherwise, the term field size in this book will denote geometric field size. In addi-
tion, the field size will be defined at a predetermined distance such as SSD or the source to axis 
distance (SAD). The latter term is the distance from the source to axis of gantry rotation known 
as the isocenter.

For a sufficiently small field one may assume that the depth dose at a point is primarily caused 
by the primary radiation, that is, the photons that have traversed the overlying medium without 
interacting. The contribution of the scattered photons to the depth dose in this case is negligibly 
small and may be assumed to be 0. But as the field size is increased, the contribution of the scat-
tered photons to the absorbed dose increases since the volume that can scatter radiation gets 
larger with field size. Also this increase in scattered dose will be greater at greater depths.

The increase in PDD caused by increase in field size depends on beam quality. Since the scat-
tering probability or scatter cross section decreases with increase in energy and the higher-energy 
photons are scattered more predominantly in the forward direction, the field size dependence of 
PDD is less pronounced for the higher-energy than for the lower-energy beams.

Percent depth dose data for radiation therapy beams are usually tabulated for square fields. 
Since the majority of the treatments encountered in clinical practice require rectangular or irreg-
ularly shaped (blocked) fields, a system of equating square fields to different field dimensions and 
shapes is required. Semiempirical methods have been developed to relate central axis depth dose 
data for square, rectangular, circular, and irregularly shaped fields. Although general methods 
(based on Clarkson’s principle—to be discussed later in this chapter) are available, simpler meth-
ods have been developed specifically for interrelating square, rectangular, and circular field data.

Day (16) and others (17,18) have shown that, for central axis depth dose distribution, a 
rectangular field may be approximated by an equivalent square or by an equivalent circle. Data 
for equivalent squares, taken from the Hospital Physicists’ Association (5), are given in Table 
9.2. As an example, consider a 10 × 20-cm field. From Table 9.2, the equivalent square is 
13.0 × 13.0 cm2. Thus, the PDD data for a 13 × 13-cm field (obtained from standard tables) 
may be applied as an approximation to the given 10 × 20-cm field.

A simple rule-of-thumb method has been developed by Sterling et al. (19) for equating rect-
angular and square fields. According to this rule, a rectangular field is equivalent to a square 
field if they have the same area/perimeter (A/P). For example, the 10 × 20-cm field has an A/P 
of 3.33. The square field that has the same A/P is 13.3 × 13.3 cm2, a value very close to that 
given in Table 9.2.

The following formulas are useful for quick calculation of the equivalent field parameter. For 
rectangular fields,

 A/P �
a � b

2(a � b)
 (9.5)

where a is field width and b is field length. For square fields, since a = b,

 A/P �
a
4

 (9.6)

where a is the side of the square. From Equations 9.5 and 9.6, it is evident that the side of an 
equivalent square of a rectangular field is 4 × A/P. For example, a 10 × 15-cm field has an A/P 
of 3.0. Its equivalent square is 12 × 12 cm2. This agrees closely with the value of 11.9 given in 
Table 9.2.

Although the concept of A/P is not based on sound physical principles, it is widely used in 
clinical practice and has been extended as a field parameter to apply to other quantities such as 
backscatter factors (BSFs), TARs, and even beam output in air or in phantom. The reader may, 
however, be cautioned against an indiscriminate use of A/P. For example, the A/P parameter, as 
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such, does not apply to circular or irregularly shaped fields, although radii of equivalent circles 
may be obtained by the relationship

 r �
41p ~ A /P (9.7)

Equation 9.7 can be derived by assuming that the equivalent circle is the one that has the same 
area as the equivalent square. Validity of this approximation has been verified from the table of 
equivalent circles given by the Hospital Physicists’ Association (5).

C. DEPENDENCE ON SOURCE TO SURFACE DISTANCE

Photon fluence emitted by a point source of radiation varies inversely as a square of the distance 
from the source. Although the clinical source (isotopic source or x-ray focal spot) for external 
beam therapy has a finite size, the SSD is usually chosen to be large (≥80 cm) so that the source 
dimensions become unimportant in relation to the variation of photon fluence with  distance. In 
other words, the source can be considered as a point at large SSDs. Thus, the exposure rate or 
“dose rate in free space” (Chapter 8) from such a source varies inversely as the square of the 
distance. Of course, the inverse square law dependence of dose rate assumes that we are dealing 
with a primary beam, without scatter. In a given clinical situation, however, collimation or other 
scattering material in the beam may cause deviation from the inverse square law.

Percent depth dose increases with SSD as a result of the inverse square law. Although the 
actual dose rate at a point decreases with increase in distance from the source, the PDD, which 
is a relative dose with respect to a reference point, increases with SSD. This is illustrated in 
Figure 9.5 in which relative dose rate from a point source of radiation is plotted as a function 
of distance from the source, following the inverse square law. The plot shows that the drop in 
dose rate between two points is much greater at smaller distances from the source than at large 
distances. This means that the PDD, which represents depth dose relative to a reference point, 
decreases more rapidly near the source than far away from the source.

In clinical radiation therapy, SSD is an important parameter. Because PDD determines how 
much dose can be delivered at depth relative to Dmax, the SSD needs to be as large as possible. 
However, because dose rate decreases with distance, the SSD, in practice, is set at a distance that 
provides a compromise between dose rate and PDD. For the treatment of deep-seated lesions 
with megavoltage beams, the minimum recommended SSD is 80 cm.

TABLE 9.2  Equivalent Squares of Rectangular Fields

Long Axis 
(cm)

2 4 6 8 10 12 14 16 18 20 22 24 26 28 30

2 2.0

4 2.7 4.0

6 3.1 4.8 6.0

8 3.4 5.4 6.9 8.0

10 3.6 5.8 7.5 8.9 10.0

12 3.7 6.1 8.0 9.6 10.9 12.0

14 3.8 6.3 8.4 10.1 11.6 12.9 14.0

16 3.9 6.5 8.6 10.5 12.2 13.7 14.9 16.0

18 4.0 6.6 8.9 10.8 12.7 14.3 15.7 16.9 18.0

20 4.0 6.7 9.0 11.1 13.0 14.7 16.3 17.7 18.9 20.0

22 4.0 6.8 9.1 11.3 13.3 15.1 16.8 18.3 19.7 20.9 22.0

24 4.1 6.8 9.2 11.5 13.5 15.4 17.2 18.8 20.3 21.7 22.9 24.0

26 4.1 6.9 9.3 11.6 13.7 15.7 17.5 19.2 20.9 22.4 23.7 24.9 26.0

28 4.1 6.9 9.4 11.7 13.8 15.9 17.8 19.6 21.3 22.9 24.4 25.7 27.0 28.0

30 4.1 6.9 9.4 11.7 13.9 16.0 18.0 19.9 21.7 23.3 24.9 26.4 27.7 29.0 30.0

(From Hospital Physicists’ association. Central axis depth dose data for use in radiotherapy. Br J Radiol. 1978;(suppl 11), with permission.)
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Tables of percent depth dose for clinical use are usually measured at a standard SSD (80 cm 
for cobalt teletherapy or 100 cm for linac beams). In a given clinical situation, however, the SSD 
set on a patient may be different from the standard SSD. For example, larger SSDs are required 
for treatment techniques that involve field sizes larger than the ones available at the standard 
SSDs. Thus, the PDDs for a standard SSD must be converted to those applicable to the actual 
treatment SSD. Although more accurate methods are available (to be discussed later in this 
chapter), we discuss an approximate method in this section: the Mayneord F factor (20). This 
method is based on a strict application of the inverse square law, without considering changes in 
scattering, as the SSD is changed.

Figure 9.6 shows two irradiation conditions, which differ only in regard to SSD. Let P (d,r,f) 
be the PDD at depth d for SSD = f and a field size r (e.g., a square field of dimensions r × r). 
Since the variation in dose with depth is governed by three effects—inverse square law, exponen-
tial attenuation, and scattering—

 P (d, r, f1) � 100 . a f1 � dm

f1 � d
b

2

 . e�m(d�dm) . Ks (9.8)

where m is the effective linear attenuation coefficient for the primary beam and Ks is a function 
that accounts for the change in scattered dose. Ignoring the change in the value of Ks from one 
SSD to another

 P (d, r, f2) � 100 . a f2 � dm

f2 � d
b

2

 . e�m(d�dm) . Ks (9.9)
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Dividing Equation 9.9 by 9.8, we have

 
P(d, r, f2)

 P(d, r, f1)
 �  a f2 � dm

f1 � dm

 b
2

 ~ a f1 � d

f2 � d
 b

2

 (9.10)

The terms on the right-hand side of Equation 9.10 are called the Mayneord F factor. Thus,

 F � a f2 � dm

f1 � dm

 b
2

  . a f1 � d

f2 � d
 b

2

 (9.11)

It can be shown that the F factor is greater than 1 for f2 > f1 and less than 1 for f2 < f1 for all 
depths d > dm. Thus, it may be restated that the PDD increases with increase in SSD.

ExAMPLE 1

PDD for a 15 × 15 field size, 10-cm depth, and 80-cm SSD is 58.4 (60Co beam). Find PDD for 
the same field size and depth for a 100-cm SSD.

From Equation 9.11, assuming dm = 0.5 cm for 60Co g rays

 F � a100 � 0.5
80 � 0.5

 b
2

 a 80 � 10
100 � 10

 b
2

 

 = 1.043 

From Equation 9.10

 
P ( 10,15,100 ) 
 P ( 10,15,80 ) 

 � 1.043 

Thus, the desired PDD is

  P (10,15,100 ) �  P ( 10,15,80) �1 .043 

 � 58.4 �1.043 

 � 60.9 

More accurate methods that take scattering change into account would yield a value close to 60.6.
The Mayneord F factor method works reasonably well for small fields since the scattering is 

minimal under these conditions. However, the method can give rise to significant errors under 
extreme conditions such as lower energy, large field, large depth, and large SSD change. For 
example, the error in dose at a 20-cm depth for a 30 × 30-cm field and 160-cm SSD (60Co beam) 
will be about 3% if the PDD is calculated from the 80-cm SSD tables.

In general, the Mayneord F factor overestimates the increase in PDD with increase in SSD. For 
example, for large fields and lower-energy radiation where the proportion of scattered radiation 
is relatively greater, the factor (1 + F)/2 applies more accurately. Factors intermediate between 
F and (1 + F)/2 have also been used for certain conditions (20).

9.4. TISSUE–AIR RATIO 

Tissue–air ratio (TAR) was first introduced by Johns (6) in 1953 and was originally called the 
“tumor–air ratio.” At that time, this quantity was intended specifically for rotation therapy cal-
culations. In rotation therapy, the radiation source moves in a circle around the axis of rotation, 
which is usually placed in the tumor. Although the SSD may vary depending on the shape of the 
surface contour, the SAD remains constant.

Since the PDD depends on the SSD (Section 9.3C), the SSD correction to the PDD will have 
to be applied to correct for the varying SSD—a procedure that becomes cumbersome to apply 
routinely in clinical practice. A simpler quantity—namely TAR—has been defined to remove 
the SSD dependence. Since the time of its introduction, the concept of TAR has been refined to 
facilitate calculations not only for rotation therapy, but also for stationary isocentric techniques 
as well as irregular fields.

TAR may be defined as the ratio of the dose (Dd) at a given point in the phantom to the dose 
in free space (Dfs) at the same point. This is illustrated in Figure 9.7. For a given quality beam, 
TAR depends on depth d and field size rd at that depth

 TAR  (d, rd ) �
Dd

Dfs

 (9.12)

The field size parameter, rd, denotes the side of an equivalent square field projected at depth d.
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A. EFFECT OF DISTANCE

One of the most important properties attributed to TAR is that it is independent of the distance 
from the source. This, however, is an approximation that is usually valid to an accuracy of better 
than 2% over the range of distances used clinically. This useful result can be deduced as follows.

Because TAR is the ratio of the two doses (Dd and Dfs) at the same point, the distance depen-
dence of the photon fluence is removed. Thus, the TAR represents modification of the dose at a 
point owing only to attenuation and scattering of the beam in the phantom compared with the 
dose at the same point in the miniphantom (or equilibrium phantom) placed in free air. Since the 
primary beam is attenuated exponentially with depth, the TAR for the primary beam is only a 
function of depth, not of SSD. The case of the scatter component, however, is not obvious. Never-
theless, Johns et al. (21) have shown that the fractional scatter contribution to the depth dose is 
almost independent of the divergence of the beam and depends only on the depth and the field 
size at that depth. Hence, the TAR, which involves both the primary and scatter component of 
the depth dose, is independent of the source distance.

B. VARIATION WITH ENERGY, DEPTH, AND FIELD SIZE

TAR varies with energy, depth, and field size very much like the PDD. For the megavoltage 
beams, the TAR builds up to a maximum at the depth of maximum dose (dm) and then decreases 
with depth more or less exponentially. For a narrow beam or a 0 × 0 field size3 in which scatter 
contribution to the dose is neglected, the TAR beyond dm varies approximately exponentially 
with depth

 TAR (d, 0) = e−m(d−d
m

) (9.13)

where m is the average attenuation coefficient of the beam for the given phantom. As the field size 
is increased, the scattered component of the dose increases and the variation of TAR with depth 
becomes more complex. However, for high-energy megavoltage beams, for which the scatter is 
minimal and is directed more or less in the forward direction, the TAR variation with depth can 
still be approximated by an exponential function, provided an effective attenuation coefficient 
(meff) for the given field size is used.

B.1. Backscatter Factor

The term backscatter factor (BSF) or peak scatter factor (PSF) is simply the TAR at the reference 
depth of maximum dose on central axis of the beam. It may be defined as the ratio of the dose 
on central axis at the reference depth of maximum dose to the dose at the same point in free 
space. Mathematically,

 BSF �
D max 

Dfs

 (9.14)

or

 BSF �  TAR (dm,rdm

) (9.15)

where rdm

 is the field size at the reference depth dm of maximum dose.

3A 0 × 0 field is a hypothetical field in which the depth dose is entirely due to primary photons.

d

Phantom
Equilibrium

mass

Dd

rd rd

Dfs

Air

S S

×x

Figure 9.7. Illustration of the 
definition of tissue–air ratio (tar). 
tar(d,r

d
) = D

d  
/Dfs.
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The BSF, like the TAR, is independent of distance from the source and depends only on the 
beam quality and field size. Figure 9.8 shows BSFs for various-quality beams and field areas. 
Whereas BSF increases with field size, its maximum value occurs for beams having a half-value 
layer (HVL) between 0.6 and 0.8 mm Cu, depending on field size. Thus, for the orthovoltage 
beams with usual filtration, the BSF can be as high as 1.5 for large field sizes. This amounts to a 
50% increase in dose near the surface compared with the dose in free space or, in terms of expo-
sure, a 50% increase in exposure on the skin compared with the exposure in air.

For megavoltage beams (60Co and higher energies), the BSF is much smaller. For example, BSF 
for a 10 × 10-cm field for 60Co is about 1.036. This means that the Dmax will be 3.6% higher than 
the dose in free space. This increase in dose is the result of radiation scatter reaching the point 
of Dmax from the overlying and underlying tissues. As the beam energy is increased, the scatter is 
further reduced and so is the BSF. Above about 8 MV, the scatter at the depth of Dmax becomes 
negligibly small and the BSF approaches its minimum value of unity.

C. RELATIONSHIP BETWEEN TAR AND PERCENT DEPTH DOSE

TAR and PDD are interrelated. The relationship can be derived as follows: Considering 
 Figure 9.9A, let TAR(d,rd) be TAR at point Q for a field size rd at depth d. Let r be the field size 
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at the surface, f be the SSD, and dm be the reference depth of maximum dose at point P. Let Dfs 
(P) and Dfs (Q) be the doses in free space at points P and Q, respectively (Fig. 9.9B,C). Dfs (P) and 
Dfs (Q) are related by inverse square law

 
Dfs (Q)

Dfs (P)
 � a f � dm

f � d
 b

2

 (9.16)

The field sizes r and rd are related by

 rd � r ~
f � d

f
 (9.17)

By definition of TAR

 TAR (d,rd) �
Dd(Q)

Dfs (Q)
 (9.18)

or

 Dd (Q) � TAR (d,rd) ~ Dfs (Q) (9.19)

Since

 D max  (P) � Dfs (P).BSF (r) (9.20)

and, by definition, the PDD P(d,r,f) is given by

 P (d, r, f) �
Dd (Q)

D max (P)
 ~100 (9.21)

we have, from Equations 9.19, 9.20, and 9.21

 P (d,r, f) � TAR (d,rd) ~
1

BSF (r)
 ~

Dfs (Q)

Dfs(P)
 ~100 (9.22)

From Equations 9.16 and 9.22

 P (d,r, f) � TAR (d,rd) ~
1

BSF (r)
 ~ a f � dm

f � d
 b

2

~100 (9.23)

C.1. Conversion of Percent Depth Dose from One Source to Surface Distance to  
Another—the Tissue–Air Ratio Method

In Section 9.3C, we discussed a method of converting PDD from one SSD to another. That 
method used the Mayneord F factor, which is derived solely from inverse square law consider-
ations. A more accurate method is based on the interrelationship between PDD and TAR. This 
TAR method can be derived from Equation 9.23 as follows.

Suppose f1 is the SSD for which the PDD is known and f2 is the SSD for which the PDD is to 
be determined. Let r be the field size at the surface and d be the depth, for both cases. Referring to 
Figure 9.6, let rd,f1

 and rd,f2

 be the field sizes projected at depth d in Figure 9.6A and B, respectively,

 rd,f1

� r ~
f1 � d

f1

 (9.24)

 rd,f2

� r ~
f2 � d

f2

 (9.25)

From Equation 9.23

 P (d,r, f1) � TAR (d, rd,f1

) ~
1

BSF (r)
 ~ a f1 � dm

f1 � d
 b

2

~100 (9.26)

and

 P (d,r, f2) � TAR (d,rd,f2

) ~
1

BSF (r)
 ~ a f2 � dm

f2 � d
 b

2

~
 100 (9.27)

From Equations 9.26 and 9.27, the conversion factor is given by

 
P (d,r, f2)

P (d,r, f1)
 �

TAR (d,rd,f2

)

TAR (d,rd,f1

)
 ~ c a f1 � d

f2 � d
 b

2

~ a f2 � dm

f1 � dm

 b
2

d  (9.28)

The last term in the brackets is the Mayneord F factor. Thus, the TAR method corrects the May-
neord F factor by the ratio of TARs for the fields projected at depth for the two SSDs. Burns (22) 
has developed the following equation to convert PDD from one SSD to another
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 P (d,r, f2) � P ad,
r1F

 , f1b ~
BSF Qr/1FR

BSF (r)
 ~ F (9.29)

where F is the Mayneord F factor given by

 a f1 � d

f2 � d
 b

2

. a f2 � dm

f1 � dm

 b
2

 

Equation 9.29 is based on the concept that TARs are independent of the source distance. Burns’ 
equation may be used in a situation where TARs are not available but instead a PDD table is 
available at a standard SSD along with the BSFs for various field sizes.

As mentioned earlier, for high-energy x-rays, that is, above 8 MV, the variation of PDD with 
field size is small and the backscatter is negligible. Equations 9.28 and 9.29 then simplify to a 
use of Mayneord F factor.

D. PRACTICAL ExAMPLES

In this section, we will present examples of typical treatment calculations using the concepts 
of PDD, BSF, and TAR. Although a more general system of dosimetric calculations will be pre-
sented in the next chapter, these examples are presented here to illustrate the concepts  presented 
thus far.

ExAMPLE 2

A patient is to be treated with an orthovoltage beam having a HVL of 3 mm Cu. Supposing 
that the machine is calibrated in terms of exposure rate in air, find the time required to deliver 
200 cGy (rad) at 5 cm depth, given the following data: exposure rate = 100 R/min at 50 cm, 
field size = 8 × 8 cm2, SSD = 50 cm, PDD = 64.8, BSF = 1.20, and cGy/R = 0.95 [check these 
data in reference (5)].

 Dose rate in free space �  exposure �  rad/r factor � Aeq 

 � 100 � 0.95 � 1.00 

 � 95 cGy/min 

 D max  rate � dose rate in free space �  BSF 

 � 95 � 1.20 

 � 114 cGy/min 

 Tumor dose to be delivered �  200 cGy 

 D max  to be delivered �
tumor dose

percent depth dose
 � 100 

 �
200
64.8

 � 100 

 � 308.6 cGy 

 Treatment time �
D max  to be delivered

D max  rate
 

 �
308.6
114

 

 � 2.71 minutes 

ExAMPLE 3

A patient is to be treated with 60Co radiation. Supposing that the machine is calibrated in air in 
terms of dose rate free space, find the treatment time to deliver 200 cGy (rad) at a depth of 8 cm, 
given the following data: dose rate in free space = 150 cGy/min at 80.5 cm for a field size of  
10 × 10 cm2, SSD = 80 cm, PDD = 64.1, and BSF = 1.036.

82453_ch09_p133-150.indd   145 1/7/14   8:31 PM



146 Part II Classical radiation therapy

 D max  rate � 150 � 1.036 � 155.4 cGy/min 

 D max �
200
64.1

 � 100 � 312 cGy 

 Treatment time �
312

155.4
 � 2.01 minutes 

ExAMPLE 4

Determine the time required to deliver 200 cGy (rad) with a 60Co g-ray beam at the isocenter  
(a point of intersection of the collimator axis and the gantry axis of rotation), which is placed at a  
10-cm depth in a patient, given the following data: SAD = 80 cm, field size = 6 × 12 cm2 (at 
the isocenter), dose rate free space at the SAD for this field = 120 cGy/min, and TAR = 0.681.

 A /P for 6 �  12  cm2 field �
6 � 12

2 (6 � 12)
 � 2 

 Side of equivalent square field �  4 � A /P �  8 cm 

 TAR (10,8 � 8) � 0.681 (given) 

 Dd � 200 cGy (given) 

Since TAR = Dd  /Dfs

 Dfs �
200

0.681
 � 293.7 cGy 

 Dfs rate �  120 cGy/min (given) 

 Treatment time �
293.7
120

 � 2.45 minutes 

E. CALCULATION OF DOSE IN ROTATION THERAPY

The concept of TARs is most useful for calculations involving isocentric techniques of irradia-
tion. Rotation or arc therapy is a type of isocentric irradiation in which the source moves con-
tinuously around the axis of rotation.

The calculation of depth dose in rotation therapy involves the determination of average TAR 
at the isocenter. The contour of the patient is drawn in a plane containing the axis of rotation. 
The isocenter is then placed within the contour (usually in the middle of the tumor or a few 
centimeters beyond it) and radii are drawn from this point at selected angular intervals (e.g., 
20 degrees) (Fig. 9.10). Each radius represents a depth for which TAR can be obtained from the 
TAR table, for the given beam energy and field size defined at the isocenter. The TARs are then 
summed and averaged to determine TAR, as illustrated in Table 9.3.

ExAMPLE 5

For the data given in Table 9.3, determine the treatment time to deliver 200 cGy (rad) at the 
center of rotation, given the following data: dose rate free space for 6 × 6 cm field at the SAD 
is 86.5 cGy/min.

20°

60°120°

180°

240° 300°

0

Figure 9.10. Contour of patient with 
radii drawn from the isocenter of rotation at 
20-degree intervals. Length of each radius 
represents a depth for which tissue–air ratio 
(tar) is determined for the field size at the 
isocenter. (See table 9.3.)
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TAR = 0.538 (as calculated in Table 9.3)
Dose to be delivered at isocenter = 200 cGy (given)

Dose free space to be delivered at isocenter = 
200

0.538
 � 371.8 cGy

Dose rate free space at isocenter = 86.5 cGy/min (given)

Treatment time �
371.8
86.5

 � 4.30 minutes

9.5. SCATTER–AIR RATIO 

SARs are used for the purpose of calculating scattered dose in the medium. The computation of 
the primary and the scattered dose separately is particularly useful in the dosimetry of irregular 
fields.

SAR may be defined as the ratio of the scattered dose at a given point in the phantom to 
the dose in free space at the same point. The SAR, like the TAR, is independent of the SSD but 
depends on the beam energy, depth, and field size.

Because the scattered dose at a point in the phantom is equal to the total dose minus the pri-
mary dose at that point, SAR is mathematically given by the difference between the TAR for the 
given field and the TAR for the 0 × 0 field

 SAR (d,rd) � TAR (d,rd) � TAR (d,0) (9.30)

Here TAR (d,0) represents the primary component of the beam.
Because SARs are primarily used in calculating scatter in a field of any shape, SARs are tabu-

lated as functions of depth and radius of a circular field at that depth. Also, because SAR data 
are derived from TAR data for rectangular or square fields, radii of equivalent circles may be 
obtained from the table in reference (5) or by Equation 9.7.

A. DOSE CALCULATION IN IRREGULAR FIELDS—CLARKSON’S METHOD

Any field other than the rectangular, square, or circular field may be termed irregular. Irregu-
larly shaped fields are encountered in radiation therapy when radiation-sensitive structures are 
shielded from the primary beam or when the field extends beyond the irregularly shaped patient 
body contour. Examples of such fields are the mantle and inverted Y fields used for the treatment 
of Hodgkin’s disease. Since the basic data (PDD, TARs, or TMRs—to be discussed later) are 
available usually for rectangular fields, methods are required to use these data for general cases 
of irregularly shaped fields. One such method, originally proposed by Clarkson (23) and later 
developed by Cunningham (24,25), has proved to be the most general in its application.

Clarkson’s method is based on the principle that the scattered component of the depth dose, 
which depends on the field size and shape, can be calculated separately from the primary com-
ponent, which is independent of the field size and shape. A special quantity, SAR, is used to cal-
culate the scattered dose. This method has been discussed in detail in the literature (26,27) and 
only a brief discussion will be presented here.

TABLE 9.3  Determination of Average TAR at the Center of Rotationa

Angle
Depth along 
Radius TAR Angle

Depth along 
Radius TAR

0 16.6 0.444 180 16.2 0.450

20 16.0 0.456 200 16.2 0.450

40 14.6 0.499 220 14.6 0.499

60 11.0 0.614 240 12.4 0.563

80  9.0 0.691 260 11.2 0.606

100  9.4 0.681 280 11.0 0.614

120 11.4 0.597 300 12.0 0.580

140 14.0 0.515 320 14.2 0.507

160 15.6 0.470 340 16.0 0.456

a 60Co beam, field size at the isocenter = 6 × 6 cm2. average tissue–air ratio (tar)= 9.692/18 = 0.538.
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Let us consider an irregularly shaped field as shown in Figure 9.11. Assume this field cross 
section to be at depth d and perpendicular to the beam axis. Let Q be the point of calculation in 
the plane of the field cross section. Radii are drawn from Q to divide the field into elementary 
sectors. Each sector is characterized by its radius and can be considered as part of a circular 
field of that radius. If we suppose the sector angle is 10 degrees, then the scatter contribution 
from this sector will be 10°/360 = 1/36 of that contributed by a circular field of that radius and 
centered at Q. Thus, the scatter contribution from all the sectors can be calculated and summed 
by considering each sector to be a part of its own circle, the SAR of which is already known and 
tabulated.

Using an SAR table for circular fields, the SAR values for the sectors are calculated and then 
summed to give the average SAR (SAR) for the irregular field at point Q. For sectors passing 
through a blocked area, the net SAR is determined by subtracting the scatter contribution by the 
blocked part of sector. For example, net (SAR)QC = (SAR)QC – (SAR)QB + (SAR)QA. The computed 
SAR is converted to average TAR by the equation

 TAR �  TAR (0) � SAR (9.31)

where TAR(0) is the tissue–air ratio for 0 × 0 field; that is

 TAR (0) = e—m (d–dm) 

where m is the average linear attenuation coefficient for the beam and d is the depth of point Q.
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Figure 9.11. Outline of mantle field in a plane perpendicular to the beam axis and at a specified depth. radii  
are drawn from point Q, the point of calculation. Sector angle = 10 degrees. (redrawn from american association  
of  Physicists in Medicine. Dosimetry Workshop: Hodgkin’s Disease. Chicago, IL, Houston, tX: M.D. anderson Hospital,  
radiological Physics Center; 1970.)
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The percent depth dose (%DD) at Q may be calculated relative to Dmax on the central axis 
using Equation 9.23:

 % DD � 100 � TAR � a  f � dm

f � d
 b

2

 BSF (9.32)

where BSF is the backscatter factor for the irregular field and can be calculated by Clarkson’s 
method. This involves determining TAR at the depth dm on the central axis, using the field con-
tour or radii projected at the depth dm.

In clinical practice, additional corrections are usually necessary such as for the variation 
of SSD within the field and the primary beam profile. The details of these corrections will be 
 discussed in the next chapter.

• Tissue equivalence

•	 Tissue-equivalent	materials	or	phantoms	(with	regard	to	photon	beam	attenuation	
and depth dose distribution) must have the same effective atomic number and the 
same electron density (number of electrons per cm3) as those of soft tissue. Water, 
polystyrene, and synthetic plastics such as solid water are examples of materials that 
are almost  tissue equivalent.

•	 Anthropomorphic	phantoms	such	as	Alderson	Rando	Phantom	incorporate		materials	
to simulate body tissues—muscle, bone, lung, and air cavities.

• Percent depth dose

•	 PDD	for	photon	beams	in	water	(or	soft	tissue),	beyond	the	depth	of	maximum	dose	
(Dmax), decreases almost exponentially with depth. It increases with an increase in 
beam energy (greater penetration), field size (increased scatter), and SSD (inverse 
square law effect).

•	 Mayneord	F factor accounts for change in PDD with SSD but not for change in 
scatter (e.g., for large field sizes and large depths). In general, it overestimates the 
increase in PDD with increase in SSD.

• Tissue–air ratio

•	 TAR,	like	the	PDD,	depends	on	depth,	beam	energy,	field	size,	and	field	shape	but	is	
almost independent of SSD.

•	 TARs	have	traditionally	been	used	for	dose	calculation	involving	low-energy	beams	
(e.g., cobalt-60) and isocentric beam geometry (e.g., rotation therapy or stationary 
SAD techniques). Current methods of dose calculation use TPRs or TMRs, which 
have no limitation of beam energy and can be more accurately measured (to be 
 discussed in Chapter 10).

•	 TARs	for	low-energy	beams	(up	to	cobalt-60)	can	be	measured	directly	or	calculated	
from PDD.

•	 BSF	or	PSF	is	the	TAR	at	Dmax. It is a substantial factor for beams in the orthovoltage 
range (highest values are for beams of ~0.6 mm Cu half-value layer (HVL) and can 
be as much as 20% to 40%, depending on field size). BSF decreases to a few percent 
for cobalt-60 and approaches unity (0%) for higher-energy x-ray beams.

•	 BSF,	like	the	TAR,	is	no	longer	used	in	dosimetry	of	megavoltage	beams	except	for	
a few institutions where it is still used as a “dummy variable” (to be discussed in 
 Chapter 10).

•	 SAR	represents	the	scatter	component	of	TAR.	It	is	a	useful	concept	for	the		dosimetry	
of irregularly shaped fields (e.g., Clarkson technique). Like the TAR, this quantity 
may be used for cobalt-60 or lower-energy beams. A more universal quantity is the 
SPR (the scatter component of TPR) or the SMR (the scatter component of TMR).

K E y  P O I N t S

(continued)
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• Field equivalence

•	 Rectangular,	square,	and	circular	fields	of	photon	beams	may	be	equated	
 approximately in terms of dose output and depth dose distribution by using  published 
tables or by equating A/P (area over perimeter). For example, for a given rectangular 
field of area A and perimeter P:

 Side of equivalent square = 4 A/P 

 Radius of equivalent circle = (4/1p) A /P 

•	 The	A/P method is not valid for fields of irregular shape.

K E y  P O I N t S  ( c o n t i n u e d )
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Several methods are available for calculating absorbed dose in a patient. Two of these meth-
ods using percent depth doses (PDDs) and tissue–air ratios (TARs) were discussed in Chapter 9. 
However, there are some limitations to these methods. For example, the dependence of PDD 
on source to surface distance (SSD) makes this quantity unsuitable for isocentric techniques. 
Although TARs and scatter–air ratios (SARs) eliminate that problem, their application to beams 
of energy higher than those of 60Co has been seriously questioned (1–3) as they require measure-
ment of dose in free space. As the beam energy increases, the size of the chamber buildup cap 
for in-air measurements has to be increased and it becomes increasingly difficult to calculate 
the dose in free space from such measurements. In addition, the material of the buildup cap is 
usually different from that of the phantom and this introduces a bias or uncertainty in the TAR 
measurements.

In order to overcome the limitations of the TAR, Karzmark et al. (1) introduced the concept 
of tissue–phantom ratio (TPR). This quantity retains the properties of the TAR but limits the 
measurements to the phantom rather than in air. A few years later, Holt et al. (4) introduced 
yet another quantity, tissue–maximum ratio (TMR), which also limits the measurements to the 
phantom.

In this chapter, we describe a dosimetric system based on the TPR and TMR concepts. This 
system was originally developed by Khan et al. (5) for the calculation of dose and monitor units 
for any energy beam, field size, and depth.

10.1. DOSE CALCULATION PARAMETERS 

The dose to a point in a medium may be analyzed into primary and scattered components. The 
primary dose is contributed by the primary or original photons emitted from the source and the 
scattered dose is the result of the scattered photons. The scattered dose can be further separated 
into collimator and phantom components, because the two can be varied independently (e.g., by 
blocking). For example, blocking a portion of the field does not significantly change the incident 
output or photon energy fluence in the open portion of the beam (6,7) but may significantly 
reduce the phantom scatter depending upon the extent of blocking.

The above analysis presents one practical difficulty, namely the determination of primary 
dose in a phantom that excludes both the collimator and phantom scatter. However, for mega-
voltage photon beams, one may, as a reasonable approximation, consider collimator scat-
ter as part of the primary beam so that the phantom scatter could be calculated separately. 
Therefore, we define an effective primary dose as the dose due to the primary photons as well 
as those scattered from the collimating system. The effective primary in a phantom may be 
thought of as the dose at depth minus the phantom scatter. Alternatively, the effective primary 
dose may be defined as the dose expected in the field when scattering volume is reduced to 
zero while keeping the collimator opening constant.

Representation of primary dose in a phantom by the dose in a 0 × 0 field poses practical 
problems because of the lack of lateral electronic equilibrium. Consequently, this makes direct 
measurement of the primary dose impossible. This issue has been discussed and debated in the 
literature (8,9), but practical solutions are still not agreed on. Systems that use electron transport 
in the calculation of primary and scattered components of dose would be appropriate but are 
not as yet fully developed and implemented for routine calculations. Until then, the concept of 
a 0 × 0 field to represent the primary dose with the implicit assumption that lateral electronic 
equilibrium exists at all points will continue to be used for routine dosimetry.

A System of Dosimetric Calculations10
C H A P T E R
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152 Part II Classical radiation therapy

Notwithstanding the weakness of the above assumption, primary dose in a phantom is usu-
ally represented by the dose in a hypothetical 0 × 0 field which is obtained by extrapolation of 
the depth dose versus field size data. In practice, this extrapolation is made down to a field size 
just large enough to provide lateral electronic equilibrium (e.g., 3 × 3 or 4 × 4 cm2 for most 
energies). The extrapolated curve is then extended to 0 × 0 field size.

A. COLLIMATOR SCATTER FACTOR (IN-AIR OUTPUT RATIO)

The beam output (exposure rate, dose rate in free space, or energy fluence rate) measured in 
air depends on the field size. As the field size is increased, the output increases because of the 
increased collimator scatter,1 which is added to the primary beam.

The collimator scatter factor (Sc) is also called the in-air output ratio (10) and may be defined as 
the ratio of the output in air for a given field to that for a reference field (e.g., 10 × 10 cm2). Sc may 
be measured with an ion chamber with a buildup cap of a size large enough to provide maximum 
dose buildup for the given energy beam. The measurement setup is shown in Figure 10.1A. Ioniza-
tion readings are plotted against field size [side of equivalent square or area/perimeter (A/P)] and 
the values are normalized to the reference field (e.g., 10 × 10 cm2).

In the measurement of Sc, the field must fully cover the buildup cap (without penumbral 
effects) for all field sizes if measurements are to reflect relative photon energy fluences. A lateral 
margin of at least 1 cm between the field edge and the buildup cap is considered adequate.

For high-energy photon beams, the required buildup cap size can become too large to be able 
to measure Sc for small field sizes. For these cases, van Gasteren et al. (11) proposed the use of a 
narrow (e.g., 4 cm diameter) cylindrical beam-coaxial phantom or “miniphantom,” with a mea-
surement depth sufficiently beyond dmax to avoid contaminant electrons (e.g., 10 cm). A diagram 
of a miniphantom is displayed in Figure 10.2. The use of miniphantoms for Sc measurements is 
recommended by the AAPM TG-74 report (10).

Normally, the collimator scatter factors are measured with the chamber at the source to axis 
distance (SAD). However, for small fields, one may take the output measurements (including 
those for the reference field) at distances larger than the SAD so that the smallest field covers the 
buildup cap or miniphantom with a suitable margin. The field sizes in these measurements are 
all defined at the SAD.

B. PHANTOM SCATTER FACTOR

The phantom scatter factor (Sp) takes into account the change in scatter radiation originating in 
the phantom at a reference depth as the field size is changed. Sp may be defined as the ratio of the 
dose rate (or dose per monitor unit (MU)) for a given field at a reference depth to the dose rate 
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Figure 10.1. arrangement for measuring Sc and Sc,p. A: Chamber with buildup cap in air to measure output relative 
to a reference field, for determining Sc versus field size. B: Measurements in a phantom at a fixed reference depth for 
determining Sc,p versus field size. SaD, source to axis distance. (From Khan FM, Sewchand W, Lee J, et al. revision of 
 tissue–maximum ratio (tMr) and scatter–maximum ratio (SMr) concepts for cobalt-60 and higher energy x-ray beams. 
Med Phys. 1980;7:230, with permission.)
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at the same point and depth for the reference field (e.g., 10 × 10 cm2), with the same  collimator 
opening (i.e., same incident energy fluence). In this definition, it should be noted that Sp is related 
to the changes in the volume of the phantom irradiated for a fixed collimator opening. Thus, one 
could determine Sp by using a large field incident on phantoms of different cross-sectional sizes.

For photon beams for which backscatter factors can be accurately measured (e.g., up to 
cobalt-60), Sp factor at the reference depth of maximum dose may be defined simply as the ratio 
of backscatter factor (BSF) [also called peak scatter factor (PSF)] for the given field to that for 
the reference field (see Appendix, Section A). Mathematically, for such beams:

 Sp (r) �
BSF (r)
BSF (r0 )

 (10.1)

where r is the side of the equivalent square field and r0 is the side of the reference field (e.g.,  
10 × 10 cm2).

A more practical method of measuring Sp, which can be used for all beam energies, consists 
of indirect determination from the following equation (for derivation, see Appendix, Section A):

 Sp (r) �
Sc,p (r)

Sc (r)
 (10.2)

where Sc,p(r) is the total scatter factor defined as the dose rate (or dose per MU) at a reference 
depth for a given field size r divided by the dose rate at the same point and depth for the refer-
ence field (e.g., 10 × 10 cm2) (Fig. 10.1B). Thus, Sc,p(r) contains both the collimator and phantom 
scatter and when divided by Sc(r) yields Sp(r).

C. TISSUE-PHANTOM AND TISSUE–MAXIMUM RATIOS

TPR is defined as the ratio of the dose rate at a given depth in phantom to the dose rate at the 
same source-point distance, but at a reference depth. This is illustrated in Figure 10.3. The cor-
responding quantity for the scattered dose calculation is called the scatter–phantom ratio (SPR), 
which is analogous in use to the SAR discussed in the previous chapter. Details of the TPR and 
SPR concepts and their properties have been discussed in the literature (1,3,5).

TPR is a general function that may be normalized to any reference depth (e.g., reference depth 
of maximum dose or 10 cm depth). Although there is no general agreement concerning the refer-
ence depth to be used for this quantity, the point of central axis dmax has a simplicity that is very 
desirable in dose computations. If dmax is adopted as a fixed reference depth, the quantity TPR 
gives rise to the TMR. Thus, TMR is thus a special case of TPR and may be defined as the ratio 
of the dose rate at a given point in phantom to the dose rate at the same source-point distance 
and at the reference depth of maximum dose (Fig. 10.3).

<– 4 cm –>

10 cm

Figure 10.2. arrangement for measuring Sc using a miniphantom.
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For megavoltage photon beams, the depth of maximum dose has been found to depend on 
field size (12,13) as well as on SSD (14,15). This dependence arises due to the change in electron 
contamination at the surface as a function of field size and SSD. For the calculative functions to 
be independent of incident electron contamination, they should not be normalized to dose in the 
buildup region. In other words, the reference depth of normalization must be greater than the 
range of contaminant electrons.

Since electron contamination increases with field size and decreases with SSD, the depth of 
maximum dose (dm) tends to decrease with field size (12) and increase with SSD (14,15). Therefore, 
if dm is chosen to be the reference depth for all field sizes and SSDs, it should be that for the smallest 
field required for lateral electronic equilibrium (e.g., 3 × 3 cm2) and a large SSD (100cm or larger). 
Under these conditions, the electron contamination is minimal and the dose at dm approaches that 
for a pure photon beam. Alternatively, one may plot [(%DD) × (SSD + d)2] as a function of depth 
d to find dm (15). This eliminates dependence on SSD. The reference dm can then be obtained by 
plotting dm as a function of field size (down to 3 × 3 cm2) and extrapolating to 0 × 0 field size.

The reference depth of maximum dose (t0) as determined above should be kept the same for all 
field sizes and all the relevant dosimetric quantities (e.g., PDDs, TMRs, Sp factors, and the depth 
at which the dose per MU is set for accelerator calibration) should be normalized to this depth.

For the TPRs, we denote the reference depth by d0. If d0 is chosen to be 10 cm, the formalism for 
dose calculations based on TPRs must also ensure that all the relevant dosimetric quantities, (e.g., 
TPRs, PDDs, Sp factors, and the calibration dose/MU) are normalized to the same reference depth.

C.1. Relationship between Tissue–Maximum Ratio and Percent Depth Dose

For TMRs, it is assumed that the fractional scatter contribution to the depth dose at a point is 
independent of the divergence of the beam and depends only on the field size at the point and the 
depth of the overlying tissue. This has been shown to be essentially true by Johns et al. (16). This 
principle, which also underlies TAR and TPR, makes all these functions practically independent 
of SSD. Thus, a single table of TMRs can be used for all SSDs for each radiation quality.

Figure 10.4 shows TMR data for 10-MV x-ray beams as an example. The curve for 0 × 0 
field size shows the steepest drop with depth and is caused entirely by the primary beam. For 
megavoltage beams, the primary beam attenuation can be approximately represented by

 TMR(d,0) � e�m(d�t0) (10.3)

where m is the effective linear attenuation coefficient and t0 is the reference depth of maximum 
dose. m can be determined from TMR data by plotting m as a function of field size (side of 
equivalent square) and extrapolating it back to 0 × 0 field.

TMR and percent depth dose P are interrelated by the following equation (see Appendix, 
Section B, for derivation):

 TMR(d,rd) � aP(d,r, f)

100
 b a f � d

f � t0

 b
2

a
Sp(rt0

)

Sp(rd)
 b  (10.4)

where
P is the percent depth dose, d is the depth, t0 is the reference depth of maximum dose, r is the field 

size at the surface, f = SSD, rd � r ~ a f � d

f
 b , and rt0

� r ~ a
f � t0

f
 b . In Equation (10.4), the percent

depth dose P is normalized to the dose at the reference depth t0 so that P(t0, r, f) = 100 for all 
field sizes and SSDs.

Although TMRs can be measured directly, they can also be calculated from percent depth 
doses, as shown by Equation 10.4. For 60Co, Equations 10.2 and 10.4 can be used to calculate 

d

rd Dd

S S

rd Dto

t o× ×
Figure 10.3. Diagram illustrating the defini-
tions of tissue–phantom ratio (tPr) and tissue– 
maximum ratio (tMr). tPr(d, r

d
) = D

d 
/Dt0

, where t0 
is a reference depth. If t0 is the reference depth of 
maximum dose, then tMr(d, r

d
) = tPr(d, r

d
).
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TMRs. In addition, TMRs can be derived from TAR data in those cases, such as 60Co, where 
TARs are accurately known:

 TMR(d, rd) �
TAR(d, rd)

TAR(t0, rd)
 �

TAR(d,rd)

BSF(rd)
 (10.5)

C.2. Relationship between Tissue–Phantom Ratio and Percent Depth Dose

Equation 10.4 for TMR may be generalized to TPR for any reference depth (e.g., 10 cm):

 TPR(d,rd) � aPN(d,r, f )

100
 b a f � d

f � d0

 b
2

a
Sp(rd0

)

Sp(rd)
 b   (10.6)

where d0 is the reference depth, PN is the normalized percent depth dose, and rd0

� r ~ a
f � d0

f
 b .

The normalized percent depth doses can be obtained from the regular percent depth doses (P) 
(which are normalized to a reference depth of maximum dose, t0) by using the following  equation:

 PN(d, r, f ) �
P(d, r, f )

P(d0, r, f )
 �100  (10.7)

D. SCATTER-PHANTOM AND SCATTER–MAXIMUM RATIOS

SPR and SMR, like the SAR, are quantities designed specifically for the calculation of scattered 
dose in a medium. Mathematically,

 SMR(d, rd) � TMR(d,rd)a
Sp(rd)

Sp(rt0

)
 b � TMR(d,0) (10.8)

and

 SPR(d, rd) � TPR(d, rd)a
Sp(rd)

Sp(rd0

)
 b � TPR(d,0)  (10.9)
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as a function of depth for a selection  
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For derivation of the above equations, see Appendix, Section C.
From Equations 10.1, 10.5, and 10.8, it can be shown that for 60Co g rays, SMRs are approxi-

mately the same as SARs. However, for higher energies, SMRs should be calculated from TMRs 
by using Equation 10.8.

Another interesting relationship can be obtained at the reference depth of maximum dose (t0). 
Since TMR at depth t0 is unity by definition, Equation 10.8 for this depth reduces to

 SMR(t0,rt0

) �
Sp(rt0

)

Sp(0)
 �1 (10.10)

Similarly, since TPR at depth d0 is unity, Equation 10.9 for this depth reduces to

 SPR(d0, rd0

) �
Sp(rd0

)

Sp(0)
 � 1  (10.11)

10.2. FORMALISM FOR THE CALCULATION OF  
MONITOR UNITS 

Radiotherapy institutions vary in their treatment techniques and calibration practices. For example, 
some rely exclusively on the SAD(isocentric)-type techniques, while others use both the SSD-type 
and SAD-type techniques. Accordingly, machine calibrations are carried out in a water phantom at 
a reference depth for the standard SSD (SSD-type calibration) or at the isocenter (SAD-type calibra-
tion). Although most institutions currently use a reference depth of maximum dose for dosimetric 
quantities used in MU calculations, some prefer 10 cm depth as the reference depth. In addition, 
clinical fields, although basically rectangular or square, are more often than not shaped to protect 
critical or normal regions of the body. Thus, a calculation system must be generally applicable to 
the above practices, with acceptable accuracy and simplicity for routine use.

A. GENERAL EQUATIONS

The following general equations cover most of the clinical situations involving MU calculations.
For isocentric fields,

 MU �
D

Dcal.Sc(rc).Sp(rd).TPR(d, rd).WF(d, rd, x).TF.OAR(d,x).a SCD
SPD

 b
2
 (10.12)

or,

 MU �
D

Dcal.Sc(rc).Sp(rd).TMR(d,rd).WF(d,rd,x).TF.OAR(d,x).a SCD
SPD

 b
2
 (10.13)

For nonisocentric fields,

 MU �
D

Dcal.Sc(rc).Sp(r).
P

100
 (d,r,f).WF(d,rd, x).TF.OAR(d, x).a SCD

f � t0

 b
2
 (10.14)

or,

 MU �
D

Dcal.Sc(rc).Sp(r).
PN

100
 (d, r, f ).WF(d, rd, x).TF.OAR(d, x).a SCD

f � d0

 b
2
 (10.15)

where

D = dose to be delivered at the point of interest;
Dcal = Calibration dose per MU at dref under reference conditions;
Sc (rc) = Collimator scatter factor for the collimator-defined field size rc;
Sp (r) = Phantom scatter factor at dref for the field size r at the surface;
Sp (rd) = Phantom scatter factor at dref for the field size rd at depth d;
WF (d,rd,x) = Wedge factor at depth d, field size rd, and off-axis distance x;
TF = Tray factor;
OAR (d,x) = Off-axis ratio at depth d and off-axis distance x;
SCD = Source to calibration point distance at which Dcal is specified;
SPD = Source to point of interest distance at which D is delivered;
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d0 = dref for TPR and PDDN;
t0 = dref of maximum dose for TMR and PDD.

The above MU equations assume that:

•	 The	calibration	dose	per	MU,	Dcal, is specified at the source-calibration point distance, SCD, for 
the reference field size and at the reference depth.

•	 dref for Dcal and Sp is the same as for the respective dosimetric quantity (TPR, TMR, PDD, or 
PDDN) in conjunction with which they are used.

•	 Tray	factor,	TF,	 is	a	transmission	factor	for	the	blocking	tray,	 independent	of	field	size	and	
depth.

•	 Inverse-square	 law	holds	good	 for	change	 in	photon	energy	fluence	 in	air	as	a	 function	of	
distance from the source.

EXAMPLES OF MU CALCULATIONS

Example 1

A 4-MV linear accelerator is calibrated to give 1 cGy per MU in water phantom at a refer-
ence depth of maximum dose of 1 cm, 100-cm SSD, and 10 × 10 cm field size. Determine the  
MU values to deliver 200 cGy to a patient at a 100-cm SSD, 10-cm depth, and 15 × 15-cm field 
size, given Sc(15 × 15) = 1.020, Sp(15 × 15) = 1.010, and P(10,15×15,100) = 65.1%. From 
 Equation 10.14,

 MU �
200

1 � 1.020 � 1.010 � 0.651 � 1 � 1 � 1 � 1
 � 298 

A form for treatment calculations is shown in Figure 10.5 with the above calculations filled in.

Figure 10.5. accelerator calculation sheet.
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Example 2

Determine MUs for the treatment conditions given in Example 1 above except that the treatment 
SSD is 120 cm, given Sc(12.5 × 12.5) = 1.010 and the percent depth dose for the new SSD is 66.7%.

 Field size projected at SAD (= 100 cm) = 15�
100
120

 �12.5 cm 

 Sc (12.5 � 12.5) is given as 1.010 and Sp (15 � 15) � 1.010 

 SSD factor = a SCD
f � t0

 b
2

� a100 � 1
120 � 1

 b
2

� 0.697 

From Equation 10.14,

 MU �
200

1 � 1.010 � 1.010 � 0.667 � 1 � 1 � 1 � 0.697
 � 422 

Example 3

A tumor dose of 200 cGy is to be delivered at the isocenter (SAD = 100 cm), which is located at 
a depth of 8 cm, given a 4-MV x-ray beam, field size at the isocenter = 6 × 6 cm2, Sc(6 × 6) = 
0.970, Sp(6 × 6) = 0.990, machine calibrated at SCD = 100 cm, and TMR(8, 6 × 6) = 0.787. 
Using  Equation 10.13,

 MU �
200

1 � 0.970 � 0.990 � 0.787 � 1 � 1 � 1 � 1
 � 265 

Example 4

Calculate MU values for the case in Example 3, if the unit is calibrated nonisocentrically  
(i.e., SCD = 101 cm).

From Equation 10.13,

 MU �
200

1 � 0.970 � 0.990 � 0.787 � 1 � 1 � 1 � 1.02
 � 260 

COBALT-60 CALCULATIONS

The above calculation system is sufficiently general that it can be applied to any radiation gen-
erator, including 60Co. In the latter case, the machine can be calibrated either in air or in phantom 
provided the following information is available: (a) dose rate D0(t0, r0,  f0) in phantom at depth t0 
of maximum dose for a reference field size r0 and standard SSD f0; (b) Sc; (c) Sp; (d) percent depth 
doses; and (e) TMR values. If percent depth dose data for 60Co are used, then the Sp and TMRs 
can be obtained by using Equations 10.1 and 10.5. In addition, the SSD used in these calcula-
tions should be confined to a range for which the output in air obeys an inverse square law for 
a constant collimator opening.

A form for cobalt calculations is presented in Figure 10.6.

Example 5

A tumor dose of 200 cGy is to be delivered at an 8-cm depth, using a 15 × 15-cm field size, 
 100-cm SSD, and penumbra trimmers up. The unit is calibrated to give 130 cGy/min in phantom 
at a 0.5-cm depth for a 10- × 10-cm field with trimmers up and SSD = 80 cm. Determine the time 
of irradiation, given Sc(12 × 12) = 1.012, Sp(15 × 15) = 1.014, and P(8, 15 × 15, 100) = 68.7%.

 Field size projected at SAD (= 80 cm) � 15 �
80
100

 � 12 cm � 12 cm 

Equation 10.14, when applied to cobalt teletherapy, becomes

 Time �
D

Dcal .Sc (rc).Sp(r).
P

100
(d, r, f ). WF(d, rd, x).TF.OAR(d, x).a SCD

f � t0

b
2

2

 

where
Ḋcal is the dose rate under calibration reference conditions = 130 cGy/min; rc = collimator-

defined field = 15 × 80/100 or 12 × 12 cm2; r = field size at surface = 15 × 15 cm2; f = 100 cm; 
t0 = 0.5 cm; SCD = 80.5 cm

Substituting given values in the above equation, we get

˙
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 Time �
200

130 � 1.012 � 1.014 � 0.687 � 1 � 1 � 0.642
 � 3.4 min  

B. IRREGULAR FIELDS

Dosimetry of irregular fields using TMRs and SMRs (or TPRs and SPRs) is analogous to the 
method using TARs and SARs (Section 9.5). Since the mathematical rationale of the method has 
been discussed in detail in the literature (5), only a brief outline will be presented here to illustrate 
the procedure.

An irregular field at depth d may be divided into n elementary sectors with radii emanating 
from point Q of the calculation (Fig. 9.10). A Clarkson-type integration (Chapter 9) may be 
performed to give averaged scatter–phantom ratio SPR(d,rd) of the irregular field rd:

 SPR(d,rd) �  
1
n

 an
i�1

SPR(d,ri) (10.16)

where ri is the radius of the ith sector at depth d and n is the total number of sectors (n = 2π/Δθ, 
where Δu is the sector angle).

The computed SPR(d,rd) is then converted to TPR(d,rd) by using Equation 10.9:

 TPR(d, rd) � cTPR(d,0) �  SPR(d,rd) d�
Sp(0)

Sp(rd)
 (10.17)

where Sp(rd) is the averaged Sp for the irregular field and Sp(0) is the Sp for the 0 × 0 field.
The above equation is strictly valid only for points along the central axis of a beam that is 

normally incident on an infinite phantom with flat surface. For off-axis points in a beam with 
nonuniform primary dose profile, one should write

Figure 10.6. Calculation sheet—cobalt-60.
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 TPR(d,rd) � cPOAR(d,x) ~TPR(d,0) � SPR(d,rd) d �
Sp(0)

Sp(rd)
 (10.18)

where POAR(d,x) is the primary off-axis ratio representing primary dose at point Q located at 
off-axis distance x relative to the primary dose at central axis.

The TMR version of Equation (10.18) is as below:

 TMR(d, rd) � cPOAR(d,x) . TMR(d,0) � SMR(d,rd) d �
Sp (0)

Sp (rd)
  (10.19)

TMR (d,rd) may be converted into percent depth dose P(d, r, f) by using Equation 10.4:

 P (d,r, f ) � 100 cPOAR(d,x) ~ TMR (d, 0)�SMR (d,rd) d �
Sp (0)

Sp (rd)
 �

Sp (rd)

Sp (rt0

)
 � a

f � t0

f � d
 b

2

 (10.20)

From Equations 10.10 and 10.20, we get the final expression:

 P (d,r, f ) � 100 cPOAR(d, x) ~ (d, 0) � SMR (d,rd) d�
1

1 � SMR (t0,rt0

)
 �a

f � t0

f � d
 b

2

 (10.21)

B.1. Source to Surface Distance Variation Within the Field

The percent depth dose at Q is normalized with respect to the Dmax on the central axis at 
depth t0. Let f be the SSD along the central axis, g be the vertical gap distance (i.e., “gap” 
between skin surface over Q and the SSD plane), and d be the depth of Q from skin surface. 
The percent depth dose is then given by

% DD � 100 cPOAR(d, x) ~ TMR (d, 0) � SMR (d, rd) d�
1

1 � SMR (t0,rt0

)
 � a

f � t0

f � g � d
 b

2

 (10.22)

The sign of g should be set positive or negative, depending on whether the SSD over Q is larger 
or smaller than the central axis SSD.

B.2. Computer Program

A computer algorithm embodying the Clarkson principle and SARs was developed by Cun-
ningham et al. (17) at the Princess Margaret Hospital, Toronto, and was published in 1970. 
Another program, based on the same principle, was developed by Khan et al. (18) at the Uni-
versity of Minnesota. It was originally written for the CDC-3300 computer using SARs and 
later rewritten for the Artronix PC-12 and PDP 11/34 computers. The latter versions use SMRs 
instead of SARs.

Although the traditional IRREG programs for 2D computations have been replaced by the 
current CT-based 3D algorithms, they are briefly reviewed here to illustrate the basic principles 
of irregular field dosimetry. These methods may be still used to check computer calculations 
manually, if needed.

In the program described by Khan et al. (18), the following data are permanently stored in 
this computer: (a) a table of SMRs as functions of radii of circular fields and (b) the primary 
off-axis ratios, POAR(d,x), extracted from dose profiles at selected depths. These data are then 
stored in the form of a table of POARs as a function of l/L where l is the lateral distance of a 
point from the central axis and L is the distance along the same line to the geometric edge of the 
beam. Usually large fields are used for these measurements.

The following data are provided for a particular patient:

1. Contour points: the outline of the irregular field can be drawn from the port (field) film with 
actual blocks or markers in place to define the field. The field contour is then digitized and 
the coordinates stored in the computer.

2. The coordinates (x, y) of the points of calculation are also entered, including the reference 
point, usually on the central axis, against which the percent depth doses are calculated.

3. Patient measurements: patient thickness at various points of interest, SSDs, and source to 
film distance are measured and recorded as shown in Figure 10.7 for a mantle field as an 
example.

Figure 10.8 shows a daily table calculated by the computer for a typical mantle field. Such a 
table is used in programming treatments so that the dose to various regions of the field can be 
adjusted. The areas that receive the prescribed dose after a certain number of treatments are 
shielded for the remaining sessions.
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C. ASYMMETRIC FIELDS

Modern linear accelerators are equipped with x-ray collimators (or jaws) that can be moved 
independently to allow asymmetric fields with field centers positioned away from the true central 
axis of the beam. For example, an independent jaw can be moved to block off half of the field 
along the central axis to eliminate beam divergence. This feature is useful for matching adjacent 
fields. Although this function can also be performed by beam splitters or secondary blocking on 
a shadow tray, an independent jaw feature reduces the setup time and spares the therapist from 
handling heavy blocks.

The effect of asymmetric beam collimation on dose distribution has been discussed in the 
literature (19,20). When a field is collimated asymmetrically, one needs to take into account 
changes in the collimator scatter, phantom scatter, and off-axis beam quality. The latter effect 
arises as a consequence of using beam-flattening filters (thicker in the middle and thinner in the 
periphery), which results in greater beam hardening close to the central axis compared with the 
periphery of the beam (21,22).

A dose calculation formalism for asymmetric fields has been developed and is described below.
For a point at the center of an asymmetric field and a lateral distance x away from the beam 

central axis, the collimator scatter factor may be approximated to a symmetric field of the same 

4

Point #1: Central
axis

Point #2: Mid
–mediastinum

Point #3: Lower media-
stinum (3 cm

 above the
 lower border
 of the field)

Point #4: Neck (Midway
from upper

 border to base
 of neck at
 anterior border
 of sterno-cleido-
 mastoid muscle)

Point #5: Supraclavicular
 (1–2 cm medial to
 mid-clavicular
 line and just
 superior to
 the clavicle)

Point #6: Upper axilla
 (Apex of axilla)

5

1

2

3

6

×

×

××

×

×

PERPENDICULAR SOURCE −
SKIN DISTANCE AT REF. POINT

1. Central axis
2. Mid-mediastinum
3. Lower mediastinum
4. Neck
5. Supraclavicular
6. Axilla

AP THICKNESS
AT REF. POINT

REFERENCE POINT

University of Minnesota
mantle field measurement sheet

DATE:
NAME:

Anterior Posterior

OVERALL FIELD SIZE AT SURFACE =

Anterior =
Posterior =
Anterior =
Posterior =

SOURCE-TRAY DISTANCE:

SOURCE-FILM DISTANCE:

Figure 10.7. Form for recording patient and dosimetric data for mantle field. Note that the measurement points are 
standardized by anatomic landmarks.
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collimator opening as that of the given asymmetric field. In other words, the Sc will depend on the 
actual collimator opening, ignoring small changes in the scattered photon fluence that may result 
owing to the change in the angle of the asymmetric jaws relative to the beam. This approximation is 
reasonable as long as the point of dose calculation is centrally located, that is, away from field edges.

The phantom scatter can also be assumed to be the same for an asymmetric field as for a sym-
metric field of the same dimension and shape, provided the point of calculation is located away 
from the field edges to avoid penumbral effects.

The primary dose distribution has been shown to vary with lateral distance from the central 
axis because of the change in beam quality, as mentioned earlier. Therefore, the percent depth 
dose, TPR, or TMR distribution along the central ray of an asymmetric field is not the same as 
along the central axis of a symmetric field of the same size and shape. In addition, the incident 
primary beam fluence at off-axis points varies as a function of distance from the central axis, 
depending on the flattening filter design. These effects are not emphasized in the dosimetry of 
symmetric fields, because target doses are usually specified at the beam central axis and the off-
axis dose distributions are viewed from the isodose curves. In asymmetric fields, however, the 
target or the point of interest does not lie on the beam central axis; therefore, an off-axis dose 
correction may be required in the calculation of target dose. This correction will depend on the 
depth and the distance from the central axis of the point of interest.

Since beam flatness within the central 80% of the maximum field size is specified within ±3% 
at a 10-cm depth, ignoring off-axis dose correction in asymmetric fields will introduce errors of 
that magnitude under these conditions. Thus, the off-axis dose correction will follow changes in 
the primary beam flatness as a function of depth and distance from central axis.

General equations for MU calculations in Section 10.2A may be used for asymmetric fields 
as long as the OAR(d,x) factor is the primary off-axis ratio, POAR(d,x), that is, ratio of primary 
dose at the off-axis point to the primary dose at the central axis at the same depth for a sym-
metrically wide open field. POARs may be extracted from depth dose profiles of the largest field 
available by subtracting scatter. A direct method consists of measuring transmitted dose profiles 
through different thicknesses of an absorber under “good geometry” conditions (a narrow beam 
and a large detector to absorber distance) (23). Another direct but approximate method is to 
measure profiles as a function of depth for a narrow elongated field (e.g., 5 × 40 cm2). Since the 
primary dose profile is created by the flattening filter, which has a radial symmetry, POAR data 
can be tabulated as a function of depth and radial distance from central axis.

Figure 10.8. Computer output sheet showing cumulative midthickness doses for a mantle field. total dose to various 
points is programmed by a line drawn through the table. as soon as a given area reaches its prescribed dose, it is shielded 
during subsequent treatments. It is not necessary to recalculate the table with this change in blocking since only a few 
treatments are affected.
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10.3. OTHER PRACTICAL METHODS OF CALCULATING DEPTH 
DOSE DISTRIBUTION 

A. APPROXIMATION OF IRREGULAR FIELDS

Clarkson’s technique is a general method of calculating depth dose distribution in an irregularly 
shaped field, but it is not practical for routine manual calculations. Even when computerized, it is 
time-consuming since a considerable amount of input data is required by the computer program. 
However, with the exception of mantle, inverted Y, and a few other complex fields, reasonably 
accurate calculations can be made for most blocked fields using an approximate method (18), 
to be discussed.

Figure 10.9 shows a number of blocked fields encountered in radiotherapy. Approximate 
rectangles may be drawn containing the point of calculation to include most of the irradiated 
area surrounding the point and exclude only those areas that are remote to the point. In doing 
so, a blocked area may be included in the rectangle, provided this area is small and is remotely 
located relative to that point. The rectangle thus formed may be called the effective field, while 
the unblocked field, defined by the collimator, may be called the collimator field.

Once the effective field has been determined, one may proceed with the usual calculations as 
discussed in Section 10.2. However, it is important to remember that for custom blocks, whereas 
the Sc is related to the collimator field, the percent depth dose, TPR, TMR, or Sp corresponds to 
the effective field. For those cases where blocked fields are defined by mutileaf collimators which 
have replaced collimator jaws, the effective field size is also used to determine Sc.

B. POINT OFF-AXIS

It is possible to calculate depth dose distributions at any point within the field or outside the field 
using Clarkson’s technique. However, as stated earlier, it is not practical for manual calculations. Day 
(24) has proposed a particularly simple calculation method for rectangular fields. In this method, 
percent depth dose can be calculated at any point within the medium using the central axis data.

To calculate dose at any point Q, the field is imagined to be divided into four sections 
(Fig. 10.10) and their contribution is computed separately. Thus, the dose at depth d along the 
axis through Q is given by ¼ (sum of central axis dose at depth d for fields 2a × 2b, 2a × 2c,  
2d × 2b, and 2d × 2c).

Suppose the dose in free space on the central axis through P at SSD + dm is 100 cGy (rad) and 
its value at a corresponding point over Q is KQ × 100, where KQ is the off-axis ratio determined 
in air from the primary beam profile. If the BSF and central axis %DD for rectangular fields are 
available, the dose at depth d along the axis through Q will be given by

 
KQ � 100

4
 (sum of BSF × %DD at depth d for fields 2a × 2b, 2a × 2c, 2d × 2b, and 2d × 2c)

A A A

D

A

D
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X2
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Figure 10.9. examples of irregularly shaped fields. equivalent rectangles for dose at points of interest are shown by 
dashed lines. Points versus equivalent rectangles are (A) 1, GHKL; 2, ABEJ; (B) 1, AGHD; 2, LIJK; (C) 1, EFGH; (D) 1, KLGh. 
(From Levitt Sh, Khan FM, Potish ra, eds. Technological Basis of Radiation Therapy: Practical and Clinical Applications. 2nd 
ed. Philadelphia: Lea & Febiger; 1992:73, with permission.)
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Since the Dmax at P is 100 × BSF[(a + d) × (b + c)], the percent depth dose at depth d along the 
axis through Q, relative to Dmax at P, will be given by

 
KQ

4 � BSF [(a � d) � (b � c)]
 (sum of BSF × %DD at depth d for fields 

 2a × 2b, 2a × 2c, 2d × 2b, and 2d × 2c) 

Example 6

Suppose in Figure 10.10 that the overall field size is 15 × 15 cm2. Find the percent depth dose 
at point Q at 10 cm depth, given a = 10, b = 5, c = 10, and d = 5. Assume 60Co beam with  
KQ = 0.98 and SSD = 80 cm.

Using the above procedure and consulting Table A.9.1 in the Appendix to the book, the 
required percent depth dose is given by

 
KQ

4 � BSF (15 � 15)
 [BSF(20 × 10) × %DD(20 × 10) BSF(20 × 20)× %DD(20 × 20) 

 + BSF(10 × 10) × %DD(10 × 10) + BSF(10 × 20) × %DD(10 × 20)] 

or

 
0.98

4 � 1.052
 [(1.043 � 56.3) � (1.061 � 60.2) � (1.036 � 55.6) � (1.043 � 56.3)] � 55.8

In the above example, if the primary beam profile were flat, that is, KQ = 1, the percent depth 
dose at Q would be 56.9, which is still less than 58.4, the percent depth dose at P. This off-axis 
decrease in dose is due to the reduced scatter at point Q compared with point P. Similarly, it can 
be shown that the magnitude of the reduction in scatter depends on the distance of Q from P 
as well as depth. Thus, the depth dose profile across the field is a function not only of the beam 
flatness in air, but also the depth in the phantom.

For higher-energy beams (≥8 MV), the above procedure may be further simplified by assum-
ing BSF = 1 for all field sizes. Also, Day’s procedure can be adopted using Sp values instead of 
BSF, since the two quantities are related by Equation 10.1.

C. POINT OUTSIDE THE FIELD

Day’s method can be extended also to the case of determining dose distribution at points outside 
the field limits. In Figure 10.11, a rectangular field of dimensions a × b is shown with the central 
axis passing through P. Suppose Q is a point outside the field at a distance c from the field border. 
Imagine a rectangle adjacent to the field such that it contains point Q and has dimensions 2c × b. 
Place another rectangle of dimensions a × b on the other side of Q such that the field on the right 
of Q is a mirror image of the field on the left, as shown in the figure. The dose at point Q at depth 
d is then given by subtracting the depth dose at Q for field 2c × b from that for field (2a + 2c) × b 
and dividing by 2. The procedure is illustrated by the following example.

Example 7

Suppose it is required to determine percent depth dose at Q (relative to Dmax at P) outside a  
15 × 10-cm field at a distance of 5 cm from the field border. In Figure 10.10, then, a = 15,  

2d

a

P
+

d
b

Central axis
c

Q

2a

2d2a

2b 2b

2c 2c

Figure 10.10. Day’s method of calculating dose at any point Q in 
a rectangular field. (See text.)
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b = 10, and c = 5. Suppose Q is at the center of the middle rectangle of dimensions 2c × b. Then, 
the dose DQ at 10 cm depth is given by

 
1
2

 [DQ(40 � 10) � DQ(10 � 10)] 

If DQ is normalized to Dmax at P, one gets the percent depth dose at Q or %DQ.

 % DQ �
1

BSF (15 � 15)
 . 

1
2

 [BSF (40 � 10) � % DD (40 � 10) 

                   9 BSF(10 � 10) � % DD (10 � 10)] 

Thus, for a 60Co beam at SSD = 80 cm,

 % DQ �
1

1.052
 .

1
2

 [1.054 � 58.8 �1.036 � 55.6] � 2.1 

Again, for higher-energy beams, the above procedure is simplified by assuming BSF = 1. Also, if Sp

values are known instead of BSF, the above calculation can be performed by substituting Sp for BSF.

D. POINT UNDER THE BLOCK

As discussed earlier, the dose distribution in a blocked field is best determined by Clarkson’s 
method of irregular field dosimetry. However, if the blocked portion of the field is approximated 
to a rectangle, a simpler method known as negative field method may be used. The concept of 
negative field has been described in the literature (25,26). In this method, the dose at any point is 
equal to the dose from the overall (unblocked) field minus the dose expected if the entire field were 
blocked, leaving the shielded volume open. In other words, the blocked portion of the field is con-
sidered a negative field and its contribution is subtracted from the overall field dose distribution.

A computerized negative field method not only is a fast method of calculating isodose dis-
tribution in blocked fields, but is also very convenient for manual point dose calculation. Its 
practical usefulness is illustrated by Example 8.

Example 8

A patient is treated with a split field of overall size 15 × 15 cm2, blocked in the middle to 
shield a region of size 4 × 15 cm2 on the surface (Fig. 10.12). Calculate (a) the treatment time 
to deliver 200 cGy at a 10-cm depth at point P in the open portion of the field and (b) what 
percentage of that dose is received at point Q in the middle of the blocked area, given 60Co 
beam, SSD = 80 cm, dose rate free space for a 15- × 15-cm field at 80.5 cm = 120 cGy/min, 
lead block thickness = 5 cm with primary beam transmission of 5%, and shadow tray (or block 
tray) transmission = 0.97.

(a) Approximate equivalent field at point P 5.5 × 15, assuming negligible scatter contribution 
to P from the other open portion of the field across the blocked area.

A/P(5.5 × 15) = 2.01
Equivalent square = 4 × A/P = 8 × 8 cm2

a

Q

cca

b
P

b
Central

axis

+
Figure 10.11. Calculation of depth dose outside a rectan-
gular field. (See text.)

15

P
15+

Blocked

4

Q

Figure 10.12. example of calculating depth dose under a block.
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%DD(10, 8 × 8, 80) = 54.0
BSF = 1.029

 Treatment time �  
200 � 100

120 � 1.029 � 54.0 � 0.97
 

 � 3.09 minutes 

(b) DQ = DQ(15 × 15) – DQ(4 × 15) × (1 – T) 

where T is the transmission factor for the lead block:

 DQ(15 × 15) = (dose rate free space × time) × BSF × %DD 

 = 120 × 3.09 × 1.052 × 
58.4
100

 

 = 227.8 cGy 

 DQ(4 × 15) = 120 × 3.09 × 1.023 × 
52.3
100

 [A/P(4 × 15) = 1.58. 

 Equivalent square = 6.3 × 6.3] 

 = 198.4 cGy 

Thus,

 DQ � 227.8 � 198.4 (1 � 0.05) 

 � 39.3 cGy 

Since Dp = 200 cGy (given),

 DQ as a percentage of Dp �
DQ

DP

 � 100 �
39.3
200

 � 100 

 � 20% 

Alternative
Let us project all fields at depth = 10 cm:

 Magnification �
80 � 10

80
 � 1.125 

Projected fields:
(15 × 15) cm × 1.125 = 17 × 17 cm2

(4 × 15) cm × 1.125 = 4.5 × 17 = 7 × 7 cm equivalent square
(5.5 × 15) cm × 1.125 = 6.2 × 17 cm = 9 × 9 cm equivalent square

 
DQ

DP

 �
TAR (10,17 � 17)9 [TAR (10, 7 �  7)] (19 T)

TAR (10, 9 �  9)
 

 �
0.771 � 0.667 (1 � 0.05)

0.694
 

 � 0.20 or 20%  

Alternative
Since
TAR(d, rd) = TMR(d, rd) · Sp(rd) (from Equation 10.5)

 
DQ

Dp

 �
TMR (10,17 � 17). Sp(17 � 17) � TMR (10,7 � 7) ~ Sp (7 � 7) (1 � 7)

TMR (10,9 � 9) ~ SP (9 � 9)
 

Substituting values from Table A.9.2 in the Appendix to the book,

 
DQ

DP

 �
0.733 � 1.02 � 0.651 � 0.989 (1 � 0.05)

0.672 � 0.977
 

 � 0.20 or 20%  

Although the primary transmission through the lead block is only 5%, the dose at a 10-cm depth 
under the block in the middle is about 20% of the dose in the open portion. This increase in 
dose is a result of the internal scatter contributed by the open areas of the field to point Q. Of 
course, the dose under the block depends on the extent of the blocked area, overall field size, 
block thickness, depth, and location of point Q.
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APPENDIX TO CHAPTER 

A. DERIVATION OF SP

Sp(r), as defined in Section 10.1B, is the ratio of dose rate (or dose per MU) for the given field (r) at 
a reference depth to the dose rate at the same point for the reference field size (r0), with the same 
collimator opening. This is illustrated in Figure 10.13. The given field in Figure 10.13A is blocked 
down to the size of the reference field in Figure 10.13B without changing the collimator open-
ing. Thus, both arrangements have the same collimator scatter factor, Sc(r), but different phantom 
scatter. Let Dfs and Dmax be the free space dose rate and Dmax dose rate, respectively. Then, at the 
reference depth of maximum dose,

  Sp(r) �
D max  in arrangement A

D max  in arrangement B
 

  �
Dfs (ro) ~Sc(r) ~ BSF (r)

Dfs (ro) ~Sc(r) ~ BSF (r0)
 (A1)

  �
BSF (r)
BSF (r0)

 (A2)

which is the same as Equation 10.1.
Equation A1 can also be written as

 Sp(r) �
Dfs(r) ~ BSF (r)

Dfs (r0) ~BSF (ro) ~ Sc(r)
 

 �
D max (r)

D max (r0) ~ Sc(r)
 

 �
Sc,p(r)

Sc (r)
 (A3)

where Sc,p (r) is the total scatter correction factor defined as the ratio of Dmax dose rate for a given  
field to the Dmax dose rate for the reference field (Fig. 10.1B).

B. DERIVATION OF TMR

In Figure 10.3, let D1 and D2 be the doses at depths d and t0 (reference depth of maximum dose), 
respectively. Let r, rt0

, and rd be the field sizes at distances f, f � t0, and f + d from the source, 
respectively. Then, by definition:

 TMR (d,rd) �
D1

D2

 (A4)

and

 
D1

D (t0,rt0

, f )
 �

P (d,r, f )

100
 (A5)

where D(t0,rt0

, f ) is the dose at depth t0, field size rt0

, and SSD = f:

Given field

BA

θ Given field

Blocked

Reference
depth

Reference
depth

Reference
field

θ

Figure 10.13. Diagrams to illustrate definition of Sp. A: Dose in phantom at reference depth for a given field. B: Dose 
at the same point for a reference field with the same collimator opening. (From Khan FM, Sewchand W, Lee J, et al. revision 
of tissue–maximum ratio (tMr) and scatter–maximum ratio (SMr) concepts for cobalt-60 and higher energy x-ray beams. 
Med Phys. 1980;7:230, with permission.)
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D2

D (t0, rt0

, f )
 �

Sp (rd)

Sp (rt0

)
 ~ a

f � t0

f � d
 b

2

 (A6)

Combining Equations A4, A5, and A6,

 TMR (d,rd) �
P (d, r, f)

100
 a f � d

f � t0

 b
2

a
Sp(rt0

)

Sp(rd)
 b  (A7)

C. DERIVATION OF SMR

Referring to Figure 10.3, let D1(d, rd) be the dose at point 1 and D1(t0, rd) be the dose at point  
2 for field size rd. Let D1(d, 0) and D2(t0, 0) be the corresponding doses for 0 × 0 field with the 
same collimator opening. Then,

 SMR (d,rd) �
D1(d,rd) � D1(d,0)

D2 (t0,0)
 (A8)

 SMR (d, rd) �
D1 (d,rd)

D2 (t0, rd)
 �

D2 (t0,rd)

D2 (t0,r0)
 �

D2 (t0, r0)

D2(t0,0)
 �

D1(d,0)

D2 (t0,0)
 (A9)

where r0 is the reference field (10 × 10 cm2) for normalizing Sp. Since

 TMR (d, rd) �
D1(d,rd)

D2(t0,rd)
 

 TMR (d,0) �
D1 (d,0)

D2(t0,0)
 

 Sp(rd) �
D2(t0,rd)

D2(t0,r0)
  (same collimator opening) 

and

 Sp (0) �
D2(t0,0)

D2(t0, r0)
  (same collimator opening) 

Equation A9 becomes

 SMR (d,rd) � TMR (d, rd) ~
Sp(rd)

Sp(0)
 � TMR (d,0) (A10)

• TARs and BSFs (or peak scatter factors (PSFs)) are OK to use for low-energy beams (up 
to cobalt-60) but they cannot be measured accurately for high-energy beams. They are 
superseded by TMRs (or TPRs) and the related output factors Sc and Sp, which have no 
limitations of energy.

• Dosimetric quantities for the calculation of dose/MU include percent depth dose 
(PDD), TMR (or TPR), Sc, Sp, and distance factors pertaining to whether the beam 
bears an SSD calibration or SAD calibration. Assuming SAD = 100 cm, the SSD 
calibration has the phantom surface at 100 cm, in which case the point of calibration 
is at (100 + dmax). In the SAD calibration, the point of calibration is at 100 cm, while 
the phantom surface is at (100 – dmax). The depth dmax in all cases is the reference dmax.

• Sc and Sp, respectively, pertain to the collimator-defined field and the field actually 
 irradiating the phantom.

• TMR is a special case of TPR in which the reference depth is a fixed reference dmax for 
all field sizes. The reference dmax is chosen to be for a small field size (e.g., 3 × 3 cm2) to 
 minimize the influence of electron contamination.

K e Y  P O I N t S

(continued)
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• Whereas PDDs depend on SSD, TMRs and TPRs are almost independent of SSD.

• TMRs and TPRs can be directly measured in a water phantom or calculated from 
 measured PDDs.

• SMRs and SPRs represent the scatter part of TMRs and TPRs, respectively, and can be 
used to calculate scattered dose in an irregularly shaped field using Clarkson’s technique.

• Calculation of dose at an off-axis point or in an asymmetric field requires primary 
 off-axis ratio (POAR, also called off-center ratio) at the point of calculation.

K e Y  P O I N t S  ( c o n t i n u e d )
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The central axis depth dose distribution by itself is not sufficient to characterize a radiation 
beam that produces a dose distribution in a three-dimensional volume. In order to represent 
volumetric or planar variations in absorbed dose, distributions are depicted by means of isodose 
curves, which are lines passing through points of equal dose. The curves are usually drawn at 
regular intervals of absorbed dose and may be expressed as a percentage of the dose at a refer-
ence point. Thus, the isodose curves represent levels of absorbed dose in the same manner that 
isotherms are used for heat and isobars, for pressure.

11.1. ISODOSE CHART 

An isodose chart for a given beam consists of a family of isodose curves usually drawn at equal incre-
ments of percent depth dose, representing the variation in dose as a function of depth and transverse 
distance from the central axis. The depth dose values of the curves are normalized either at the refer-
ence point of maximum dose on the central axis or at a fixed distance along the central axis in the 
irradiated medium. The charts in the first category are applicable when the patient is treated at a 
constant source to surface distance (SSD) irrespective of beam direction. In the second category, the 
isodose curves are normalized at a certain depth beyond the depth of maximum dose, correspond-
ing to the axis of rotation of an isocentric therapy unit. This type of representation has been used in 
the past for treatment planning of rotation therapy and isocentric treatments, before the advent of 
computer treatment planning. Figure 11.1 shows both types of isodose charts for a 60Co g-ray beam.

Examination of isodose charts reveals some general properties of x-ray and g-ray beam dose 
distributions.

 1. The dose at any depth is greatest on the central axis of the beam and gradually decreases 
toward the edges of the beam with the exception of some linac x-ray beams, which exhibit 
areas of high dose or “horns” near the surface in the periphery of the field. These horns are 
created by the flattening filter, which is usually designed to overcompensate near the surface 
in order to obtain flat isodose curves at greater depths.

 2. Near the edges of the beam (the penumbra region), the dose rate decreases rapidly as a func-
tion of lateral distance from the beam axis. As discussed in Chapter 4, the width of geomet-
ric penumbra, which exists both inside and outside the geometric boundaries of the beam, 
depends on source size, distance from the source and source to diaphragm distance.

 3. Near the beam edge, falloff of the beam is caused not only by the geometric penumbra, but 
also by the reduced side scatter. Therefore, the geometric penumbra is not the best measure of 
beam sharpness near the edges. Instead, the term physical penumbra may be used. The physical 
penumbra width is defined as the lateral distance between two specified isodose curves at a 
specified depth (e.g., lateral distance between 90% and 20% isodose lines at the depth of Dmax).

 4. Outside the geometric limits of the beam and the penumbra, the dose variation is the result of 
side scatter from the field and both leakage and scatter from the collimator system. Beyond this 
collimator zone, the dose distribution is governed by the lateral scatter from the medium and 
leakage from the head of the machine (often called therapeutic housing or source housing).

Figure 11.2 shows the dose variation across the center of the field at a specified depth. Such a 
representation of the beam is known as the beam profile. It may be noted that the field size is 

Treatment Planning I: Isodose  
Distributions
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defined as the lateral distance between the 50% isodose lines at a reference depth. To ensure that 
this agrees with the field size defined by the field-defining light, a procedure called beam align-
ment is performed in which the field-defining light is made to coincide with the 50% isodose 
lines of the radiation beam projected on a plane perpendicular to the beam axis and at the stan-
dard SSD or source to axis distance (SAD).

Another way of depicting the dose variation across the field is to plot isodose curves in a 
plane perpendicular to the central axis of the beam (Fig. 11.3). Such a representation is useful 
for treatment planning in which the field sizes are planned on the basis of an isodose curve 
(e.g., 90% to 95%) that adequately covers the target volume.
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Figure 11.1. example of an isodose chart. A: Source to surface distance (SSD) type, 60Co beam, SSD = 80 cm, field size  
= 10 × 10 cm2 at surface. B: Source to axis distance (SaD) type, 60Co beam, SaD = 100 cm, depth of isocenter = 10 × 10 cm2. 
(Data from University of Minnesota hospitals, eldorado 8 Cobalt Unit, source size = 2 cm.)

Figure 11.2. Dose profile at depth 
showing variation of dose across the 
field. 60Co beam, source to surface  
distance = 80 cm, depth = 10 cm, 
field size at surface = 10 × 10 cm2. 
Dotted line indicates geometric field 
boundary at a 10-cm depth.
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11.2. MEASUREMENT OF ISODOSE CURVES 

Isodose charts can be measured by means of ion chambers, solid state detectors, or radiographic 
films (Chapter 8). Of these, the ion chamber is the most reliable method, mainly because of 
its relatively flat energy response and precision. Although any of the phantoms described in 
Chapter 9 may be used for isodose measurements, water is the medium of choice for ionometric 
measurements. The chamber may be waterproof or covered by a thin plastic sleeve that covers 
the chamber as well as the portion of the cable immersed in the water.

Ionization chamber used for isodose measurements should be small so that measurements 
can be made in regions of high dose gradient, such as near the edges of the beam. It is recom-
mended that the sensitive volume of the chamber be less than 15 mm long and have an inside 
diameter of 5 mm or less. Energy independence of the chamber is another important require-
ment. Because the x-ray beam spectrum changes with position in the phantom owing to scatter, 
the energy response of the chamber should be as flat as possible. This can be checked by obtain-
ing the exposure calibration of the chamber for orthovoltage (1 to 4 mm Cu) and 60Co beams. 
A variation of less than 5% in response throughout this energy range is acceptable.

Automatic devices or beam scanning systems exist for rapid measurement of the isodose 
curves. These systems are computer driven and measure dose distribution in a water phantom 
using computer software. Basically, the apparatus (Fig. 11.4) consists of two ionization  chambers, 
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70
30
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50

Figure 11.3. Cross-sectional isodose distribution in 
a plane perpendicular to the central axis of the beam. 
Isodose values are normalized to 100% at the center of 
the field. the dashed line shows the boundary of the 
geometric field.

Figure 11.4. photograph of a water phantom.
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referred to as the detector A (or probe) and the monitor B. Whereas the probe is arranged to 
move in the tank of water to sample the dose rate at various points, the monitor is positioned 
in the beam at some fixed point in the field to monitor the beam intensity as a function of time. 
The ratio of the detector to the monitor response (A/B) is recorded as the probe is moved in the 
phantom. Thus, the final response A/B is independent of fluctuations in beam output.

In the water phantom, the movement of the probe is controlled by the beam-scanning com-
puter. The probe-to-monitor response ratio is sampled as the probe moves across the field at 
preset increments. These beam profiles are measured at a number of depths, and the data thus 
acquired are stored in the computer in the form of a matrix that can then be transformed into 
isodose curves or other dose distribution formats allowed by the computer program.

For additional information regarding the design, setup and quality assurance of beam scan-
ning systems, the reader is referred to the report of AAPM Task Group 106 (1).

11.3. PARAMETERS OF ISODOSE CURVES 

Among the parameters that affect the single-beam isodose distribution are beam quality, source 
size, beam collimation, field size, SSD, and the source to diaphragm distance (SDD). A discussion 
of these parameters will be presented in the context of treatment planning.

A. BEAM QUALITY

As discussed previously, the central axis depth dose distribution depends on the beam energy. 
As a result, the depth of a given isodose curve increases with beam quality. Beam energy also 
influences isodose curve shape near the field borders. Greater lateral scatter associated with very 
low-energy beams (e.g., orthovoltage) causes the isodose curves outside the field to bulge out. 
In other words, the absorbed dose in the medium outside the primary beam is greater for such 
low-energy beams than for those of higher-energy such as megavoltage beams.

Physical penumbra depends on beam quality as illustrated in Figure 11.5. As expected, the 
isodose curves outside the primary beam (e.g., 10% and 5%) are greatly distended in the case 
of orthovoltage radiation. Thus, one disadvantage of the orthovoltage beams is the increased 
scattered dose to tissue outside the treatment region. For megavoltage beams, on the other hand, 
the scatter outside the field is minimized as a result of predominantly forward scattering and 
becomes more a function of collimation than energy.

B. SOURCE SIZE, SOURCE TO SURFACE DISTANCE, AND SOURCE TO DIAPHRAGM 
 DISTANCE—THE PENUMBRA EFFECT

Source size, SSD, and SDD affect the shape of isodose curves by virtue of the geometric penum-
bra, discussed in Chapter 4. In addition, the SSD affects the percent depth dose and therefore the 
depth of the isodose curves.

As discussed previously, the dose variation across the field border is a complex function of 
beam energy, geometric penumbra, lateral scatter, and collimation. In addition, as the beam 
energy increases in the megavoltage range, the lateral dose variation near the field borders is 
made more gradual because of increase in the range of laterally scattered electrons. Therefore, 
the field sharpness at depth is not simply determined by the source or focal spot size. For exam-
ple, by using penumbra trimmers or secondary blocking, the isodose sharpness at depth for 60Co 
beams with a source size of 1 to 2 cm in diameter can be made comparable with higher-energy 
linac beams, although the focal spot size of these beams is usually less than 2 mm. Comparison 
of isodose curves for 60Co, 4 MV, and 10 MV in Figure 11.5 illustrates the point that the physical 
penumbra width for these beams is more or less similar.

C. COLLIMATION AND FLATTENING FILTER

The term collimation is used here to designate not only the collimator blocks or multileaf col-
limators that give shape and size to the beam, but also the flattening filter and other absorbers 
or scatterers in the beam between the target and the patient. Of these, the flattening filter, which 
is used for megavoltage x-ray beams, has the greatest influence in determining the shape of the 
isodose curves. Without this filter, the isodose curves will be conical in shape, showing markedly 
increased x-ray intensity along the central axis and a rapid reduction transversely. The function 
of the flattening filter is to make the beam intensity distribution relatively uniform across the 
field (i.e., “flat”). Therefore, the filter is thickest in the middle and tapers off toward the edges.
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Figure 11.5. Isodose distributions for different-quality radiations. A: 200 kVp, source to surface distance  
(SSD) = 50 cm, half-value layer = 1 mm Cu, field size = 10 × 10 cm2. B: 60Co, SSD = 80 cm, field size = 10 × 10 cm2.  
C: 4-MV x-rays, SSD = 100 cm, field size = 10 × 10 cm2. D: 10-MV x-rays, SSD = 100 cm, field size = 10 × 10 cm2.

The cross-sectional variation of the filter thickness also causes variation in the photon spec-
trum or beam quality across the field owing to selective hardening of the beam by the filter. In 
general, the average energy of the beam is somewhat lower for the peripheral areas compared 
with the central part of the beam. This change in quality across the beam causes the flatness 
to change with depth. However, the change in flatness with depth is caused by not only the 
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selective hardening of the beam across the field, but also the changes in the distribution of 
radiation scatter as the depth increases.

Beam flatness is usually specified at a 10-cm depth with the maximum limits set at the depth 
of maximum dose. This degree of flatness should extend over the central area bounded by at 
least 80% of the field dimensions at the specified depth or 1 cm from the edge of the field. By 
careful design of the filter and accurate placement in the beam, it is possible to achieve flatness to 
within ±3% of the central axis dose value at a 10-cm depth. The above specification is satisfac-
tory for the precision required in radiation therapy.

To obtain acceptable flatness at 10 cm depth, an area of high dose near the surface may have 
to be accepted. Although the extent of the high-dose regions, or horns, varies with the design of 
the filter, lower-energy beams exhibit a larger variation than higher-energy beams. In practice, 
it is acceptable to have these “superflat” isodose curves near the surface provided no point in 
any plane parallel to the surface receives a dose greater than 107% of the central axis value (2).

D. FLATTENING-FILTER FREE (FFF) LINACS

In some cases, it may not be necessary to produce a flattened beam across a large (e.g., 40 × 
40 cm2) field size. For example, linear accelerators designed only to deliver small fields, such as 
for radiosurgery treatments (c.f., Chapter 21), may not need a flattening filter to produce a beam 
that is sufficiently uniform. For treatments with intensity-modulated fields (c.f., Chapter 20), 
it is not necessary to flatten the beam prior to creating a variable intensity distribution. As a 
result, manufacturers are beginning to offer flattening-filter free (FFF) options on modern linear 
 accelerators.

The largest difference between photon beams with and without flattening filters is seen in the 
cross-beam profiles. Beam profiles produced by FFF beams exhibit a central peak which is more 
pronounced with greater energy and field size. Because the photon energy spectrum in this case 
varies less with off-axis distance, profile shapes from FFF beams vary little with depth, typically 
by only a few percent (3). Percent depth doses are slightly lower than those from the flattened 
beams, due to the absence of beam hardening within the filter.

Beams produced without a flattening filter offer some advantages over conventional flat-
tened beams. Without the presence of the attenuating filter, the incident photon fluence rate will 
increase by a factor to two or more, resulting in shorter treatment times. The removal of the filter 
will also reduce the scatter dose outside the field. The increased photon fluence per incident elec-
tron results in a lower neutron contamination per monitor unit, although for the lower photon 
energies used for radiosurgery and IMRT, this advantage is negligible.

For more information on the use of FFF linac beams, the reader is referred to the review of 
Georg et al. (4).

E. FIELD SIZE

Field size is one of the most important parameters in treatment planning. Adequate dosimetric 
coverage of the tumor requires a determination of appropriate field size. This determination 
must always be made dosimetrically rather than geometrically. In other words, a certain isodose 
curve (e.g., 90% to 95%) enclosing the treatment volume should be the guide in choosing a field 
size rather than the geometric dimensions of the field.

Great caution should also be exercised in using field sizes smaller than 6 cm in which a rela-
tively large part of the field is in the penumbra region. Depending on the source size, collimation, 
and design of the flattening filter, the isodose curves for small field sizes, in general, tend to be bell 
shaped. Thus, treatment planning with isodose curves should be mandatory for small field sizes. 
In the case of 60Co, the isodose curvature increases as the field size becomes overly large. The 
reason for this effect is the progressive reduction of scattered radiation with increasing distance 
from the central axis as well as the obliquity of the primary rays. The effect becomes particularly 
severe with elongated fields such as cranial spinal fields used in the treatment of medulloblas-
toma. In these cases, a complete isodose pattern is needed to assess dose uniformity or, at least, 
one should calculate doses at several off-axis points of interest.

11.4. WEDGE FILTERS 

There are two classes of wedge filters: (a) physical wedge filters and (b) nonphysical wedge fil-
ters. A physical wedge filter is a wedge-shaped absorber that causes a progressive decrease in the 
intensity across the beam, resulting in a tilt of the isodose curves from their normal positions. 
As shown in Figure 11.6, the isodose curves are tilted toward the thin end, and the degree of tilt 
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depends on the slope of the wedge filter. In actual wedge filter design, the sloping surface is made 
either straight or sigmoid in shape; the latter design is used to produce straighter isodose curves.

A nonphysical wedge filter is an electronic filter that generates a tilted dose distribution pro-
file similar to a physical wedge by moving one of the collimating jaws from one end of the field to 
the other. Nonphysical wedges are available with most accelerators. Examples include Varian’s 
Enhanced Dynamic Wedge, Siemens’ Virtual Wedge.

The main advantage of nonphysical wedges is the automation of treatment delivery. Another 
often-cited advantage is less peripheral dose compared to the physical wedge filter, for exam-
ple, less dose to the contra-lateral breast when using tangential breast irradiation technique 
with nonphysical wedges. On the other hand, the disadvantage of nonphysical wedges is the 
greater dosimetric complexity in the acquisition of commissioning data, beam modeling for 
a treatment planning system, and MU calculations for various field sizes and configurations. 
Consequently, more elaborate QA procedures may be required for nonphysical wedges to pre-
vent the occurrence of a treatment error.

It should be noted that wedges and compensators, which are basically intensity- modulating 
devices, are superseded by IMRT technology (discussed in Chapter 20). However, wedges and com-
pensators are still used in treatment techniques that involve combinations of individual beams of 
cross-sectionally uniform intensity. Below, we discuss how wedge filters are used to modify beams 
of uniform intensity so that the combination of beams would create dose distributions of accept-
able uniformity within the target volume and minimize dose to the surrounding normal tissues.

A. WEDGE FILTER PLACEMENT

A physical wedge is usually made of a dense material, such as lead or steel, and may be placed 
in the field internally (i.e., an internal motor slides the wedge into position) or externally (i.e., 
manually inserted into the beam). Internal wedges (also known as universal wedges) consist of a 
single large wedge (e.g., 60 degrees) placed above the secondary collimating jaws. Wedged isodose 
distributions with smaller wedge angles are produced by combining the internal wedge field with 
a corresponding open field with appropriate relative weighting. An external physical wedge is 
mounted on a transparent plastic tray or a frame that can be inserted in the designated slot in the 
head of the machine (Fig. 11.7). In most accelerators, external physical wedges are placed at least 
50 cm from the isocenter (it is usually less in cobalt units). However, in isocentric treatments, the 
distance of the wedge filter from the patient surface varies, depending on the treatment SSD. It 
is important to ensure that the wedge (or the blocking tray below it) is at a sufficiently large dis-
tance from the skin surface so that the electron contamination produced by the absorber facing 
the surface does not destroy the skin-sparing effect of the megavoltage photon beam. As a rule of 
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thumb, the minimum distance of about 15 cm is required between any absorber in the beam and 
the surface in order to keep the skin dose below 50% of Dmax. (Details in Chapter 13.)

B. WEDGE ISODOSE ANGLE

The term wedge isodose angle (or simply wedge angle) refers to “the angle through which an 
isodose curve is titled at the central ray of a beam at a specified depth” (5). In this definition, 
one should note that the wedge angle is the angle between the isodose curve and the normal to 
the central axis, as shown in Figure 11.6. In addition, the specification of depth is important 
since, in general, the presence of scattered radiation causes the angle of isodose tilt to decrease 
with increasing depth in the phantom. The ICRU recommendation is to use a reference depth of 
10 cm for wedge angle specification (5).

C. WEDGE TRANSMISSION FACTOR

The presence of a wedge filter decreases the output of the machine, which must be taken into 
account in treatment calculations. This effect is characterized by the wedge transmission factor 
(or simply wedge factor), defined as the ratio of doses with and without the wedge, at a point 
in phantom along the central axis of the beam. This factor should be measured in phantom at a 
suitable depth beyond the depth of maximum dose (e.g., 10 cm).

In cobalt-60 teletherapy, the wedge factor is sometimes incorporated into the isodose curves, 
as shown in Figure 11.6B. In this case, the depth dose distribution is normalized relative to the 
Dmax without the wedge. For example, the isodose curve at depth of Dmax is 72%, indicating that 
the wedge factor is already taken into account in the isodose distribution. If such a chart is used 
for isodose planning, no further correction should be applied to the output. In other words, the 
machine output corresponding to the open beam should be used.

A more common (and recommended) approach is to normalize the isodose curves relative 
to the central axis Dmax with the wedge in the beam. As see in Figure 11.6A, the 100% dose is 
indicated at the depth of Dmax. With this approach, the output of the beam must be corrected 
using the wedge factor.

D. PHYSICAL WEDGE SYSTEMS

Physical wedge filters are of two main types. The first may be called the individualized wedge 
system, which requires a separate wedge for each beam width, optimally designed to minimize 
the loss of beam output. A mechanism is provided to align the thin end of the wedge with the 
border of the light field (Fig. 11.8A). The second system uses a universal wedge; that is, a single 
wedge serves for all beam widths. Such a filter is fixed centrally in the beam, while the field can 
be opened to any size. As illustrated in Figure 11.8B, only a small part of this wedge (i.e., ABC) 
is effective in producing the given wedge angle. The rest (ACDE), being unwedged, does not 

Figure 11.7. photograph of a 45-degree wedge filter (Varian 21 eX linac).
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contribute to the isodose tilt but unnecessarily reduces the beam intensity. Since the individual-
ized system economizes on the beam output, it is preferred for use in cobalt teletherapy. The 
universal wedge, on the other hand, is useful for linear accelerator beams where the output is 
plentiful. From the setup and treatment planning points of view, the universal wedge is simpler 
to use than the individualized filter.

E. EFFECT ON BEAM QUALITY

In general, the wedge filter alters the beam quality by preferentially attenuating the lower-energy 
photons (beam hardening) and, to a lesser extent, by Compton scattering, which results in 
energy degradation (beam softening). For the 60Co beam, because the primary beam is essentially 
monoenergetic, the presence of the wedge filter does not significantly alter the central axis percent 
depth dose distribution. For x-rays, on the other hand, there can be some beam hardening (6), 
and consequently, the depth dose distribution can be somewhat altered, especially at large depths.

Although the wedge filters produce some change in beam quality, as noted above, the effect 
is not large enough to alter other calculation parameters such as the collimator scatter factor, 
or the phantom scatter factor, which may be assumed to be the same as for the corresponding 
open beams. Even central axis percent depth doses, tissue-air ratios, tissue-phantom ratios or 
tissue-maximum ratios may be assumed unchanged for small depths (e.g., � 10 cm). The error 
caused by this assumption is minimized if the wedge transmission factor has been measured at a 
reference depth close to the point of interest.

11.5. COMBINATION OF RADIATION FIELDS 

Treatment by a single photon beam is seldom used except in some cases in which the tumor 
is superficial. The following criteria of acceptability may be used for a single field treatment: 
(a)  the dose distribution within the tumor volume is reasonably uniform (e.g., within ±5%), 
(b) the maximum dose to the tissues in the beam is not excessive (e.g., not more than 110% of 
the prescribed dose), and (c) normal critical structures in the beam do not receive doses near or 
beyond tolerance. Whereas single fields of superficial x-rays are routinely used for treating skin 
cancers that are confined to a depth of a few millimeters, single megavoltage beams are used 
only in rare cases for which a combination of beams is either technically difficult or results in 
unnecessary or excessive irradiation of the normal tissues. Examples of a few areas that use 
single megavoltage beams include the supraclavicular nodes, internal mammary nodes (anterior 
field), and spinal cord metastases (posterior field). Although the dose distribution is not ideal, 
the single-field technique in these cases results in simplicity of setup without violating the above 
criteria of acceptability.

For treatment of most tumors, however, a combination of two or more beams is required 
for an acceptable distribution of dose within the tumor and the surrounding normal tissues. 
Although radiation fields may be combined in many ways, the discussion here will be confined 
to the basic principles that are useful in treating tumors involving different sites.

Figure 11.8. Schematic representation of A: an individualized wedge for a specific field width in which the thin end 
of the wedge is always aligned with the field border and B: a universal wedge in which the center of the wedge filter is 
fixed at the beam axis and the field can be opened to any width.
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A. PARALLEL OPPOSED FIELDS

The simplest combination of two fields is a pair of fields directed along the same axis from oppo-
site sides of the treatment volume. The advantages of the parallel opposed fields are the simplic-
ity and reproducibility of setup, homogeneous dose to the tumor, and less chance of geometric 
miss (compared with angled beams), given that the field size is large enough to provide adequate 
lateral coverage of the tumor volume. A disadvantage is the excessive dose to normal tissues and 
critical organs above and below the tumor.

A composite isodose distribution for a pair of parallel opposed fields may be obtained by 
adding the depth dose contribution of each field (Fig. 11.9). The resultant distribution shows 
the combined isodose distribution normalized to the individual beam weights. The beams are 
usually weighted in dose units of 100 at the depth of Dmax in the case of SSD techniques or at 
the isocenter for the isocentric techniques. For the example shown in Figure 11.9A, the mini-
mum percent isodose surrounding the tumor is 110. This means that the minimum dose to the 
tumor (with a generous margin) is 110 cGy if 100 cGy are delivered at the depth of Dmax by each 
field. Thus, if the tumor dose were to be specified at this isodose level, one could calculate the 
Dmax dose and the treatment time for each field. For the isocentric plan shown in Figure 11.9B, 
the beam weights refer to doses delivered to the isocenter. Thus, the 190 cGy isodose curve 
represents the specified minimum dosage level if each beam delivered 100 cGy to its isocenter. 
Once the isocenter dose is calculated, one can determine the treatment time or monitor units as 
described in Chapter 10.

A.1. Patient Thickness versus Dose Uniformity

One advantage of equally weighted parallel opposed beams is that the dose distribution within 
the irradiated volume can be made uniform. However, the uniformity of distribution depends 
on the patient thickness, beam energy, and beam flatness. In general, as the patient thickness 
increases or the beam energy decreases, the central axis maximum dose near the surface increases 
relative to the midpoint dose. This effect is shown in Figure 11.10 in which two  opposing beams 
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are placed 25 cm apart with the midpoint dose normalized to 100. The curves for cobalt-60 
and 4 MV show that for a patient of this thickness parallel opposed beams would give rise to 
an excessively higher dose to the subcutaneous tissues compared with the tumor dose at the 
midpoint. As the energy is increased to 10 MV, the distribution becomes almost uniform and at 
25 MV it shows significant sparing of the superficial tissues relative to the midline structures.

The ratio of maximum peripheral dose to midpoint dose is plotted in Figure 11.11 as a 
function of patient thickness for a number of beam energies. Such data are useful in choosing 
the appropriate beam energy for a given patient thickness when using parallel opposed fields. 
For example, acceptable uniformity of dose, that is, within ±5%, is achievable with cobalt-60 
or 4- to 6-MV beams for thicknesses of about 15 cm or less (e.g., head, neck, and extremities). 
However, for thicknesses of 20 cm or greater (e.g., thorax, abdomen, and pelvis), 10 MV or 
higher energies must be used to spare the normal subcutaneous tissues.

A.2. Edge Effect (Lateral Tissue Damage)

When treating with multiple beams, the question arises whether one should treat one field per day 
or all fields per day. Wilson and Hall (7) have discussed this problem in terms of cell survival curves 
and Ellis’s time-dose-fractionation formula (8,9). For parallel opposed beams, they have shown 
that treating with one field per day produces greater biologic damage to normal subcutaneous 
tissue than treating with two fields per day, despite the fact that the total dose is the same. Appar-
ently, the biologic effect in the normal tissue is greater if it receives alternating high- and low-dose 
fractions compared with the equal but medium-size dose fractions resulting from treating both 
fields daily. This phenomenon has been called the edge effect, or the tissue lateral damage (10). 
The problem becomes more severe when larger thicknesses (e.g., ≥20 cm) are treated with one 
field per day using a lower-energy beam (e.g., ≤6 MV). In such cases, the dose per fraction to the 
subcutaneous tissues, although delivered on alternate days, becomes prohibitively high.
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A.3. Integral Dose

One way of comparing dose distributions for different-quality beams is to calculate the integral 
dose for a given tumor dose. Integral dose is a measure of the total energy absorbed in the treated 
volume. If a mass of tissue receives a uniform dose, then the integral dose is simply the product 
of mass and dose. However, in practice, the absorbed dose in the tissue is nonuniform so rather 
complex mathematical formulas are required to calculate it.

For a single beam of x- or g radiation, Mayneord (11) formulated the following expression:

 � � 1.44 D0 Ad1/2(1 � e�0693d /d1 / 2) (11.1)

where ∑ is the integral dose, D0 is the peak dose along the central axis, A is the geometric area 
of the field, d is the total thickness of patient in the path of the beam, d1/2 is the half-value 
depth or the depth of 50% depth dose, and SSD is the source to surface distance. The term  

a1 �
2.88d1/2

SSD
 b  is a correction for geometric divergence of the beam.

Because integral dose is basically the product of mass and dose, its unit is the kilogram-gray 
or simply joule (since 1 Gy = 1 J/kg). Figure 11.12 shows the integral dose as a function of the 
energy of radiation for a tumor dose of 1,000 cGy at a depth of 12.5 cm in the patient of 25-cm 
thickness treated with parallel opposed beams (12). The curve shows a useful result, namely the 
higher the photon energy, the lower the integral dose.

Although it is generally believed that the probability of damage to normal tissue increases 
with the increase in the integral dose, this quantity is seldom used clinically to plan dosages or 
predict treatment outcome. However, it does provide qualitative guidelines for treatment plan-
ning for selecting beam energy, field sizes, and multiplicity of fields. As a general rule, one should 
keep the integral dose to a minimum, provided the adequacy of tumor irradiation and the spar-
ing of critical organs are not compromised.

B. MULTIPLE FIELDS

One of the most important objectives of treatment planning is to deliver maximum dose to the 
tumor and minimum dose to the surrounding tissues. In addition, dose uniformity within the 
tumor volume and sparing of critical organs are important considerations in judging a plan. 
Some of the strategies useful in achieving these goals are (a) using fields of appropriate size,  
(b) increasing the number of fields or portals, (c) selecting appropriate beam directions,  
(d) adjusting beam weights (dose contribution from individual fields), (e) using appropriate beam 
energy, and (f) using beam modifiers such as wedge filters and compensators. Although obtaining 
a combination of these parameters that yields an optimal plan is time consuming if done manu-
ally, treatment-planning computers are now available that can do the job quickly and accurately. 
These systems are highly interactive so that the user can almost instantly modify, calculate, and 
examine various plans to select one that is clinically superior.

In Section 11.5A, we discussed the case of two parallel opposed fields. Although the technique 
results in uniform irradiation of the tumor, there is little sparing of the surrounding normal tissue. 
In fact, the dose to the peripheral tissues can be significantly higher than the midline dose. Reduc-
tion of dose to subcutaneous tissue and normal tissue surrounding the tumor can be achieved by 
using a combination of three or more fields. Figure 11.13 illustrates various multiple-field arrange-
ments in which the beam enters the patient from various directions, always directed at the tumor. 
Thus, by using multiple fields, the ratio of the tumor dose to the normal tissue dose is increased. 
Figure 11.14A,B shows typical examples of multiple fields, one used for treatment of the esopha-
gus and the other, for the prostate gland. Figure 11.14C illustrates a fixed SSD-type technique in 
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which the beam weights are delivered to Dmax points. In actual practice, one may use a combina-
tion of parallel-opposed fields and multiple fields to achieve the desired dose distribution.

Although multiple fields can provide good distribution, there are some clinical and technical 
limitations to these methods. For example, certain beam angles are prohibited because of the 
presence of critical organs in those directions. Also, the setup accuracy of a treatment may be 
better with parallel opposed than with the multiple angled beam arrangement. It is therefore 
important to realize that the acceptability of a treatment plan depends not only on the dose 
distribution on paper, but also on the practical feasibility, setup accuracy, and reproducibility of 
the treatment technique.

11.6. ISOCENTRIC TECHNIQUES 

Most modern machines are constructed so that the source of radiation can rotate about a hori-
zontal axis. The gantry of the machine is capable of rotating through 360 degrees with the col-
limator axis moving in a vertical plane. The isocenter is the point of intersection of the collimator 
axis and the gantry axis of rotation.

A. STATIONARY BEAMS

The isocentric technique of irradiation consists of placing the isocenter of the machine at a depth 
within the patient and directing the beams from different directions. The distance of the source 
from the isocenter, or the SAD, remains constant irrespective of the beam direction. However, 
the SSD in this case may change, depending on the beam direction and the shape of the patient 
contour. For any beam direction, the following relationship holds:

 SSD �  SAD 9 d (11.2)
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Figure 11.13. Schematic diagram showing examples of multiple fields. A: two opposing pairs at right angles.  
B: two opposing pairs at 120 degrees. C: three fields: one anterior and two posterior oblique, at 45 degrees with the vertical.
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Figure 11.14. examples of multiple field plans. A: three-field isocentric technique. each beam delivers 100 units 
of dose at the isocenter; 4 MV, field size = 8 × 8 cm2 at isocenter, source to axis distance (SaD) = 100 cm. B: Four-field 
isocentric technique. each beam delivers 100 units of dose at the isocenter; 10 MV, field size = 8 × 8 cm2 at isocenter, 
SaD = 100 cm. C: Four-field source to surface distance (SSD) technique in which all beams are weighted 100 units at 
their respective points of Dmax; 10 MV, field size = 8 × 8 cm2 at surface, SSD = 100 cm.
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where d is the depth of the isocenter. Knowing the depth and position of isocenter from one 
direction such as the anterior posterior, the SSD can be calculated according to Equation 11.2 
and set up from that direction. Then the positioning of subsequent fields simply requires moving 
the gantry and not the patient.

Although all techniques for which SSD ≤ SAD can be carried out isocentrically, the major 
advantage of this method is the ease with which multiple field setups (three or more) can be 
treated when all fields are treated the same day. This technique not only dispenses with the 
setting up of SSD for each beam direction, but also relies primarily on the accuracy of machine 
isocentricity and not on the skin marks, which are unreliable points of reference in most cases. 
The treatment calculations for isocentric treatments have been presented in Section 10.2A.2. 
Figure 11.14A,B shows examples of isodose distribution for isocentric techniques.

B. ROTATION THERAPY

Rotation therapy is a special case of the isocentric technique in which the beam moves continuously 
about the patient, or the patient is rotated while the beam is held fixed. Although this technique 
has been used for treating tumors of the esophagus, bladder, prostate gland, cervix, and brain, the 
technique offers little advantage over the isocentric technique using multiple stationary beams. For 
example, the esophagus can be treated equally well with three fields; the prostate gland and blad-
der, with four fields (sometimes combined with parallel opposed fields); and the brain, with two 
or three fields or with wedges, depending on the size and location of the tumor. Many times it is a 
matter of individual preference, although one technique may offer particular advantages over the 
other in regard to patient positioning, blocking, and the size of volume to be irradiated.

Rotation therapy is best suited for small, deep-seated tumors. If the tumor is confined within 
a region extending not more than halfway from the center of the contour cross section, rotation 
therapy may be a proper choice. However, rotation therapy is not indicated if (a) the volume to be 
irradiated is too large, (b) the external surface differs markedly from a cylinder, and (c) the tumor 
is too far off center.

Calculation for rotation therapy can be made in the same way as for the stationary isocentric 
beams, except that a reasonably large number of beams should be positioned around the patient 
contour at fixed angular intervals. The dose rate at the isocenter is given by

 D
#

iso � D
#

ref � T  (11.3)

where D
#

ref  is the reference dose rate related to the quantity T, which may be average tissue-
phantom ratio (TPR) or tissue-maximum ratio (TMR) (averaged over all depths at the selected 
angles). If the TMRs are used, D

#

ref is the Dmax dose rate for the given field at the SAD. Using the 
TMR system discussed in Chapter 10,

 D
#

iso� D
#

0
� Sc � Sp � TMR (11.4)

where D
#

0 is the Dmax dose rate for a 10 × 10-cm field at the SAD, and Sc and Sp are the collimator 
and phantom scatter correction factors for the given field size at the isocenter. In the case of a 
linear accelerator, D

#

0 is the monitor unit (MU) rate (assuming 1 MU = 1 cGy at the isocenter for 
a depth of Dmax for a 10 × 10-cm field).

ExAMPLE

A patient is to receive 250 cGy at the isocenter by rotation therapy, using 4-MV x-rays,  
6 × 10-cm field at the isocenter, and a SAD of 100 cm. If TMR calculated according to the pro-
cedure in Section 9.4D is 0.746, calculate the number of monitor units to be set on the machine if 
the machine output is set at 200 MU/min and given Sc (6 × 10) = 0.98 and Sp (6 × 10) = 0.99. 
From Equation 11.4,

D
#

iso � D
#

0 � Sc � Sp � TMR
or

D
#

iso � 200 � 0.98 � 0.99 � 0.746

 � 144.8 cGy/min

Treatment time  �
250 cGy

144.8 cGy/min
 � 1.73  minutes

Total MU to be set  �  200 (MU / min) � 1.73  minutes

 � 345 MU

Gantry rotation speed is set so that 345 MU are delivered at the conclusion of the rotation. Some 
machines perform only one rotation, whereas others can perform a specified number of arcs or 
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rotations in a pendulum manner. Most modern machines allow for automatic adjustment of 
rotation speed to deliver a preset number of monitor units by the end of a single rotation.

Figure 11.15 shows three examples of isodose distribution for rotation therapy: (a) 100-degree 
arc rotation, (b) 180-degree arc rotation, and (c) full 360-degree rotation. It should be noted that 
whereas the maximum dose for the 360-degree rotation occurs at the isocenter, for the partial 
arcs it is displaced toward the irradiated sector. This illustrates an important principle that in arc 
therapy or when oblique fields are directed through one side of a patient, they should be aimed 
a suitable distance beyond the tumor area. This is sometimes referred to as past pointing. The 
extent of past pointing required to bring the maximum dose to the tumor site depends on the arc 
angle and should be determined for an individual case by actual isodose planning.

11.7. WEDGE FIELD TECHNIQUES 

Relatively superficial tumors, extending from the surface to a depth of several centimeters, can 
be irradiated by two “wedged” beams directed from the same side of the patient. Figure 11.16A 
shows isodose distribution of two angled beams with no wedge in the beams. It is seen that in 
the region of overlap of the beams, the dose distribution is quite nonuniform. The dose is highest 
in the superficial or proximal region of overlap and falls off to lower values toward the deeper 
areas. By inserting appropriate wedge filters in the beam and positioning them with the thick ends 
adjacent to each other, the angled field distribution can be made fairly uniform (Fig. 11.16B). 
Each wedged beam in this case has a reduced dose in the superficial region relative to the deeper 
region so that the dose gradient in the overlap region is minimized. The dose falls off rapidly 
beyond the region of overlap or the “plateau” region, which is clinically a desirable feature.

There are three parameters that affect the plateau region in terms of its depth, shape, and dose 
distribution: u, f, and S, where u is the wedge angle (Section 11.4A), f is the hinge angle, and S 
is the separation. These parameters are illustrated in Figure 11.17. The hinge angle is the angle 
between the central axes of the two beams and the separation S is the distance between the thick 
ends of the wedge filters as projected on the surface.

There is an optimum relationship between the wedge angle u and the hinge angle f that pro-
vides the most uniform distribution of radiation dose in the plateau:

 u� 90� � f/2 (11.5)

This equation is based on the principle that for a given hinge angle the wedge angle should be such 
that the isodose curves from each field are parallel to the bisector of the hinge angle (Fig. 11.17). 
Under these conditions, when the isodoses are combined, the resultant distribution is uniform.

Equation 11.5, although helpful in treatment planning, may not yield an optimum plan for a 
given patient contour. The relationship assumes that the wedge isodose curves are not modified 
by the surface contour. In practice, however, contours are usually curved or irregular in shape 
and thus modify the isodose distribution for the wedged beams. As a result, the isodose curves 
for the individual fields are no longer parallel to the bisector of the hinge angle, thus giving 
rise to a nonuniform distribution in the overlap region. This problem can be solved by using 
compensators (discussed in Chapter 12), which make the skin surface effectively flat and per-
pendicular to each beam. An alternative approach is to modify the wedge angle (using a differ-
ent wedge angle filter from that given by Equation 11.5) so that a part of the wedge angle acts 
as a compensator and the rest as a true wedge filter. The main objective is to make the isodose 
curves parallel to the hinge angle bisector.

Equation 11.5 suggests that for each hinge angle one should use a different wedge angle. How-
ever, in practice, selected wedge angles (i.e., 15 degrees, 30 degrees, 45 degrees, and 60 degrees) 
are adequate over a wide range of hinge angles.

A. UNIFORMITY OF DOSE DISTRIBUTION

Because wedge-pair techniques are normally used for treating small, superficial tumor volumes, 
a high-dose region (hot spot) of up to +10% within the treatment volume is usually acceptable. 
These hot spots occur under the thin ends of the wedges and their magnitude increases with field 
size and wedge angle. This effect is related to the differential attenuation of the beam under the 
thick end relative to the thin end.

Generally, the wedge filter technique is suitable when the tumor is approximately from 
0 to 7 cm deep and when it is necessary to irradiate from one side of the skin surface. The 
most desirable feature of this technique is the rapid dose falloff beyond the region of overlap. 
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Figure 11.15. examples of isodose distribution for rotation therapy. A: arc angle = 100 degrees.  
B: arc angle = 180 degrees. C: Full 360-degree rotation; 4 MV, field size = 7 × 12 cm2 at isocenter, source to  
axis distance = 100 cm.
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Figure 11.16. Isodose distribution for two angled beams. A: Without wedges. B: With wedges; 4 MV, field  
size = 10 × 10 cm2, source to surface distance = 100 cm, wedge angle = 45 degrees, and each beam weighted 100  
at the depth of Dmax.

This falloff can be exploited to protect a critical organ such as the spinal cord. Although 
wedge filters are invaluable in radiotherapy, some of these techniques are being replaced by 
electron beam techniques (Chapter 14).

B. OPEN AND WEDGED FIELD COMBINATIONS

Although wedge filters were originally designed for use in conjunction with the wedge-pair 
arrangement, it is possible to combine open and wedged beams to obtain a particular dose 
distribution. One such arrangement, which uses an open field anteriorly and wedged field 
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 laterally in the treatment of some tumors, is shown in Figure 11.18A. The anterior field is 
weighted to deliver 100 units to the lateral 15 units to the isocenter (these beams could be 
weighted in terms of Dmax in the SSD technique). The weights and wedge angle are usually 
adjusted for an individual case to obtain an acceptable distribution. The principle of this 
technique is that as the dose contribution from the anterior field decreases with depth, the 
lateral beam provides a boost to offset this decrease. As seen in Figure 11.18A, a wedged 
beam with the thick end positioned superiorly provides the desired compensation for the 
dose dropoff. Thus, such a combination of open and wedged beams gives rise to a distribu-
tion that remains constant with depth within certain limits.

Figure 11.18B shows another technique in which the anterior open beam is combined with 
the two lateral wedged beams. Again, the beam weights and wedge angles are chosen to make 
the open beam distribution remain constant throughout the tumor volume.
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Figure 11.18. treatment plans  
using open and wedged field com-
binations. A: Isocentric plan with 
anterior open field weighted 100 
and lateral wedged field weighted 
15 at the isocenter. B: a combina-
tion of anterior open beam and two 
lateral wedged beams; 4 MV x-ray 
beam from atC-400 linac.
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11.8. TUMOR DOSE SPECIFICATION FOR EXTERNAL  
PHOTON BEAMS 

The results of treatments can be meaningfully interpreted only if sufficient information is pro-
vided regarding the irradiation technique and the distribution of dose in space and time. In the 
absence of this information, recording of only the so-called tumor dose serves little purpose. 
Unfortunately, this important problem is often ignored. More often than not, treatment sum-
maries and records are ambiguous and even incomprehensible to other people. Therefore, one 
cannot overemphasize the need for a dose recording system that is sufficiently explicit and 
detailed to enable other centers to reproduce the treatment.

In 1978, the International Commission on Radiation Units and Measurements (ICRU) 
(13) recognized the need for a general dose-specification system that could be adopted univer-
sally. Although the system proposed by the ICRU has not been universally implemented, there is 
a substantial advantage in adopting a common method of dose specification. In this section, we 
present the highlights of the ICRU proposal. For details, the reader is referred to current docu-
ments: ICRU Reports 50 and 62 (14,15).

Figure 11.19 is a schematic representation of various volumes that the ICRU Report 50 (14) 
recommends to be identified in a treatment plan. Delineation of these volumes is greatly facilitated 
by 3D imaging but the concept is independent of the methodology used for their determination.

A. ICRU VOLUMES

A.1. Gross Tumor Volume

The gross tumor volume (GTV) is the gross demonstrable extent and location of the tumor. It 
may consist of primary tumor, metastatic lymphadenopathy, or other metastases. Delineation of 
GTV is possible if the tumor is visible, palpable, or demonstrable through imaging. GTV cannot 
be defined if the tumor has been surgically removed, although an outline of the tumor bed may 
be substituted by examining preoperative and postoperative images.

A.2. Clinical Target Volume

The clinical target volume (CTV) consists of the demonstrated tumor(s) if present and any other 
tissue with presumed tumor. It represents therefore the true extent and location of the tumor. 
Delineation of CTV assumes that there are no tumor cells outside this volume. The CTV must 
receive adequate dose to achieve the therapeutic aim.

A.3. Internal Target Volume

ICRU Report 62 (15) recommends that an internal margin (IM) be added to CTV to compensate 
for internal physiologic movements and variation in size, shape, and position of the CTV during 

Gross tumor volume

Clinical target volume

Planning target volume

Treated volume

Irradiated volume

Figure 11.19. Schematic  
illustration of International  
Commission on radiation Units  
and Measurements volumes.  
(From International Commission of 
radiation Units and Measurements. 
Prescribing, Recording, and Reporting 
Photon Beam Therapy. ICrU report 
50. Bethesda, MD: International  
Commission of radiation Units and 
Measurements; 1993.)
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therapy in relation to an internal reference point and its corresponding coordinate system. The 
volume that includes CTV with these margins is called the internal target volume (ITV).

A.4. Planning Target Volume

The volume that includes CTV with an IM as well as a setup margin (SM) for patient movement 
and setup uncertainties is called the planning target volume (PTV). To delineate the PTV, the IM 
and SM are not added linearly but are combined rather subjectively. The margin around CTV 
in any direction must be large enough to compensate for internal movements as well as patient 
motion and setup uncertainties.

A.5. Planning Organ at Risk Volume

The organ(s) at risk (OR) needs adequate protection just as CTV needs adequate treatment. 
Once the OR is identified, margins need to be added to compensate for its movements, internal 
as well as setup. Thus, in analogy to the PTV, one needs to outline planning organ at risk volume 
(PRV) to protect OR effectively.

Figure 11.20 schematically illustrates the process of outlining PTV and PRV. This process 
is intended to make the radiation oncologist think methodically and analytically when outlin-
ing targets and organs at risk. Although absolute accuracy in either case cannot be assured, the 
objective of this approach is to minimize errors by paying attention to details.

Cl
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For imaging procedures

Internal reference point

Gross tumor volume
GTV

Subclinical disease

Clinical target volume
CTV

Internal margin (2)
IM

Internal  target volume
ITV
(= CTV + IM)

Setup margin (3)
SM

Planning target volume (4)
PTV
(= CTV + combined IM
and SM)

Organ at risk (5)
OR

Planning organ
at risk volume
PRV

PTV and PRV for treatment-
planning purpose (6)

CI

Internal reference point

Internal reference point

External reference point

Figure 11.20. Schematic representation of International Commission on radiation Units and Measurements (ICrU) 
volumes and margins. [From International Commission on radiation Units and Measurements. Prescribing, Recording and 
Reporting Photon Beam Therapy (Supplement to ICRU Report 50). ICrU report 62. Bethesda, MD: International Commission 
on radiation Units and Measurements; 1999.]
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It is also important to point out that there is a common tendency among practitioners to 
draw target volumes based on GTV with little margins to account for subclinical disease, organ 
motion, or setup uncertainties. The so-called conformal radiation therapy is a double-edged 
sword—a high degree of plan conformity can create a high probability of geographical miss. 
Thus, great caution must be exercised in designing PTV and PRV. It is just as important to know 
the limitations of the system as it is to know its capabilities.

A.6. Treated Volume

Additional margins must be provided around the target volume to allow for limitations of the 
treatment technique. Thus, the minimum target dose should be represented by an isodose surface 
that adequately covers the PTV to provide that margin. The volume enclosed by this isodose 
surface is called the treated volume. The treated volume is, in general, larger than the planning 
target volume and depends on a particular treatment technique.

A.7. Irradiated Volume

The volume of tissue receiving a significant dose (e.g., ≥50% of the specified target dose) 
is called the irradiated volume. The irradiated volume is larger than the treated volume and 
depends on the treatment technique used.

A.8. Maximum Target Dose

The highest dose in the target area is called the maximum target dose, provided this dose covers 
a minimum area of 2 cm2. Higher dose areas of less than 2 cm2 may be ignored in designating 
the value of maximum target dose.

A.9. Minimum Target Dose

The minimum target dose is the lowest absorbed dose in the target area.

A.10. Mean Target Dose

If the dose is calculated at a large number of discrete points uniformly distributed in the target 
area, the mean target dose is the mean of the absorbed dose values at these points. Mathematically,

Mean target dose �
1
N

�
AT 

Di, j

where N is the number of points in the matrix and Di,j is the dose at lattice point i, j located inside 
the target area (AT).

A.11. Median Target Dose

The median target dose is simply the value between the maximum and the minimum absorbed 
dose values within the target.

A.12. Modal Target Dose

The modal target dose is the absorbed dose that occurs most frequently within the target area. If 
the dose distribution over a grid of points covering the target area is plotted as a frequency his-
tograph, the dose value showing the highest frequency is called the modal dose. In Figure 11.21, 
the modal dose corresponds to the peak of the frequency curve.

A.13. Hot Spots

A hot spot is an area outside the target that receives a higher dose than the specified target dose. 
Like the maximum target dose, a hot spot is considered clinically meaningful only if it covers an 
area of at least 2 cm2.

B. SPECIFICATION OF TARGET DOSE

The absorbed dose distribution in the target volume is usually not uniform. Although a complete 
dosimetric specification is not possible without the entire dose distribution, there is value in hav-
ing one figure as the main statement of target dose. The use of the term tumor dose is not recom-
mended (13).

The quantity maximum target dose alone cannot be used for specifying and reporting target 
dose, since it can conceal serious underdosages in some parts of the target volume. Although local 
tumor control depends on the minimum target dose, this quantity alone is not recommended 
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either by the ICRU (13), because it is difficult to determine the extent of the tumor, and therefore, 
the selection of the minimum target dose becomes difficult if not arbitrary. Moreover, if most of 
the target volume receives a dose that is appreciably different from the minimum, this may also 
reduce its clinical significance. A statement of both the maximum and minimum values is useful, 
but it is not always representative of the dose distribution. Furthermore, this would do away with 
the simplicity of having one quantity for reporting target dose.

The mean, median, and modal doses are not generally recommended, because they usually 
require elaborate calculations for their accurate determination and may not be feasible by insti-
tutions having limited computation facilities.

B.1. ICRU Reference Point

The target dose should be specified and recorded at what is called the ICRU reference point. This 
point should satisfy the following general criteria (15):

 1. The point should be selected so that the dose at this point is clinically relevant and represen-
tative of the dose throughout the PTV.

 2. The point should be easy to define in a clear and unambiguous way.
 3. The point should be selected where the dose can be accurately calculated.
 4. The point should not lie in the penumbra region or where there is a steep dose gradient.

In most cases, the ICRU reference point should lie well within the PTV, provided it generally 
meets the above-mentioned criteria. Recommendations for simple beam arrangements are dis-
cussed below as examples.

Stationary Photon BeamS.

 1. For a single beam, the target absorbed dose should be specified on the central axis of the 
beam placed within the PTV.

 2. For parallel opposed, equally weighted beams, the point of target dose specification should 
be on the central axis midway between the beam entrances.

 3. For parallel opposed, unequally weighted beams, the target dose should be specified on the 
central axis placed within the PTV.

 4. For any other arrangement of two or more intersecting beams, the point of target dose speci-
fication should be at the intersection of the central axes of the beams placed within the PTV.

rotation theraPy. For full rotation or arcs of at least 270 degrees, the target dose should be 
specified at the center of rotation in the principal plane. For smaller arcs, the target dose should 
be stated in the principal plane, first, at the center of rotation and, second, at the center of the tar-
get volume. This dual-point specification is required because in a small arc therapy, past-pointing 
techniques are used that give maximum absorbed dose close to the center of the target area. The 
dose at the isocenter in these cases, although important to specify, is somewhat less.

B.2. Additional Information

The specification of target dose is meaningful only if sufficient information is provided regarding 
the irradiation technique. The description of technique should include radiation quality, SSD or 
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Figure 11.21. target volume-dose frequency curve. (reprinted 
with permission from ellis F, Oliver r. the specification of tumor dose.  
Br J Radiol. 1961;34:258.)
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SAD, field sizes, beam-modification devices (wedges and shielding blocks, etc.), beam weighting, 
correction for tissue heterogeneities, dose fractionation, and patient positioning. Many of the 
above treatment parameters are listed with the computer treatment plan (isodose pattern) and 
can be attached to the patient chart. In vivo absorbed dose measurements can also provide useful 
information and should be recorded in the chart.

Finally, the main objectives of a dose specification and reporting system are to achieve unifor-
mity of dose reporting among institutions, to provide meaningful data for assessing the results 
of treatments, and to enable the treatment to be repeated elsewhere without having recourse to 
the original institution for further information.

• Dose distribution in the penumbra zone is governed by geometric penumbra, transmis-
sion penumbra, and the lateral scatter of photons and electrons. The composite of these 
effects is represented by what is called as the physical penumbra.

• The dose at the geometric field borders is approximately 50% of the dose at the central 
axis at the same depth.

• Wedge angle is defined as the angle between an isodose curve at a specified depth  
(e.g., 10 cm) and a line perpendicular to the central axis.

• Parallel opposed beams give rise to greater dose at superficial depths than at the 
midpoint. The ratio of maximum peripheral dose to midpoint dose is much higher for 
lower-energy beams than for the higher-energy beams.

• Integral dose is the total energy absorbed in the treated volume. It is an interesting 
concept but so far it has not been correlated precisely to treatment outcomes.

• Strategically located multiple beams (with or without intensity modulation) are neces-
sary to maximize dose to the target volume and minimize dose to normal structures.

• In a wedge-pair technique, there is an optimum relationship between wedge angle u 
and the hinge angle f:

u� 90� � f/2

The above equation does not account for surface irregularity and, therefore, should be 
modified based on the computer treatment plan.

• A treatment plan must show, at a minimum, PTV and organs at risk with suitable margins. 
Other volumes such as the GTV, CTV, and ITV are useful in evaluating a treatment plan.

• An internationally standardized system of dose specification (e.g., ICRU Report 50 and 
62) must be followed in reporting dosages in the patient’s chart as well as in the literature.
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Basic depth dose data and isodose curves are usually measured in a cubic water phantom 
having dimensions much larger than the field sizes used clinically. Phantom irradiations for 
this purpose are carried out under standard conditions, for example, beams incident normally 
on the flat surface at specified distances. The patient’s body, however, is neither homogeneous 
nor flat in surface contour. Thus, the dose distribution in a patient may differ significantly 
from the standard distribution. This chapter discusses several aspects of treatment planning, 
including acquisition of patient data, correction for contour curvature, and tissue inhomoge-
neities and patient positioning.

12.1. ACQUISITION OF PATIENT DATA 

Accurate patient dosimetry is only possible when sufficiently accurate patient data are available. 
Such data include body contour outline, density of relevant internal structures, and location and 
extent of the target volume. Acquisition of these data is necessary whether the dosimetric calcu-
lations are performed manually or with a computer. However, this important aspect of treatment 
planning is often executed poorly. For example, in a busy department there may be an inordinate 
amount of pressure to begin the patient’s treatment without adequate dosimetric planning. In 
other cases, lack of sufficient physics support and/or equipment is the cause of this problem. In 
such a case, it must be realized that the final accuracy of the treatment plan is strongly dependent 
on the availability of the patient data and that great effort is needed to improve its quality.

A. BODY CONTOURS

Acquisition of body contours and internal structures is best accomplished by 3-D volumetric 
imaging [computed tomography (CT), magnetic resonance imaging (MRI), etc.]. The scans are 
performed specifically for treatment-planning purposes, with the patient positioned the same 
way as for actual treatment. In 3-D treatment planning (Chapter 19), these data are all image 
based and are acquired as part of the treatment-planning process. However, for cases in which 
3-D treatment planning is not considered necessary or if body contours are obtained manually 
for verification of the image-based contours, mechanical or electromechanical methods are 
used for contouring.

A number of devices have been made to obtain patient contours. Some of these are commer-
cially available, while others can be fabricated in the department machine shop. The most com-
mon and the simplest of the devices used in the early days of radiotherapy was a solder wire or a 
lead wire embedded in plastic. Because the wire did not faithfully retain the contour dimensions 
when transferring it from the patient to the paper, it was necessary to independently measure 
anteroposterior (AP) and/or lateral diameters of the contour with a caliper.

Another one of the early mechanical devices (1) consisted of an array of rods, the tips of 
which were made to touch the patient’s skin and then placed on a sheet of paper for contour 
drawing. Perhaps the most accurate of the mechanical devices is a pantograph-type apparatus 
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(Fig. 12.1) in which a rod can be moved laterally as well as up and down. When the rod is moved 
over the patient contour, its motion is followed by a pen that records the outline on paper.

Although any of the above methods can be used with sufficient accuracy if carefully used, 
some important points must be considered in regard to manual contour making:

(a) The patient contour must be obtained with the patient in the same position as used in the 
actual treatment. For this reason, probably the best place for obtaining the contour informa-
tion is with the patient properly positioned on the treatment simulator couch.

(b) A line representing the tabletop must be indicated in the contour so that this horizontal line 
can be used as a reference for beam angles.

(c) Important bony landmarks as well as beam entry points, if available, must be indicated on 
the contour.

(d) Checks of body contour are recommended during the treatment course if the contour is 
expected to change due to a reduction of tumor volume or a change in patient weight.

(e) If body thickness varies significantly within the treatment field, contours should be deter-
mined in more than one plane.

B. INTERNAL STRUCTURES

Localization of internal structures for treatment planning should provide quantitative informa-
tion in regard to the size and location of critical organs and inhomogeneities. Although quali-
tative information can be obtained from diagnostic radiographs or atlases of cross-sectional 
anatomy, they cannot be used directly for precise localization of organs relative to the external 
contour. In order for the contour and the internal structure data to be realistic for a given patient, 
the localization must be obtained under conditions similar to those of the actual treatment posi-
tion and on a couch similar to the treatment couch.

The following devices are used in modern times for the localization of internal structures and 
the target volume. A brief discussion regarding their operation and function will be presented.

B.1. Computed Tomography

In CT, a narrow beam of x-rays scans across a patient in synchrony with a radiation detector on 
the opposite side of the patient. If a sufficient number of transmission measurements are taken at 
different orientations of the x-ray source and detector (Fig. 12.2A), the distribution of attenuation 
coefficients within the layer may be determined. By assigning different levels to different attenu-
ation coefficients, an image can be reconstructed that represents various structures with different 
attenuation properties. Such a representation of attenuation coefficients constitutes a CT image.

Figure 12.1. Photograph of a contour plotter.  
(Courtesy of radiation Products Design, Buffalo, MN.) 
[Source: www.rpdinc.com.]
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Since CT scanning was introduced about 40 years ago, there has been a rapid development 
in both the software and hardware. Most of the improvements in hardware had to do with the 
scanner motion and the multiplicity of detectors to decrease the scan time. Figure 12.2B illus-
trates a modern scanner in which the x-ray tube rotates within a circular array of 1,000 or more 
detectors. With such scanners, scan times as fast as 1 second or less are achievable. Figure 12.3 
shows a typical CT image.

In a slice-by-slice CT scanner, the x-ray tube rotates around the patient to image one slice at 
a time. In a spiral or helical CT scanner, the x-ray tube spins axially around the patient while 
the patient is translated longitudinally through the scanner aperture. In such a scanner, multiple 
detector rings are in place to scan several slices during each gantry rotation.

A

B

Detector

X-ray tube
x

x

x

Figure 12.2. Illustration of scan motions in computed  
tomography. A: an early design in which the x-ray source 
and the detector performed a combination of translational 
and rotational motion. B: a modern scanner in which the  
x-ray tube rotates within a stationary circular array of  
detectors.

Figure 12.3. typical computed tomography image.
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Reconstruction of an image by CT is a mathematical process of considerable complexity, per-
formed by a computer. For a review of various mathematical approaches for image reconstruc-
tion, the reader is referred to a paper by Brooks and Di Chiro (2). The reconstruction algorithm 
divides each axial plane into small voxels, and generates what is known as CT numbers, which 
are related to calculated attenuation coefficient for each voxel. Typically CT numbers start at 
–1,000 for vacuum and pass through 0 for water. The CT numbers normalized in this manner 
are called Hounsfield numbers (H):

 H �
mtissue � mwater

mwater

 �  1,000 (12.1)

where m is the linear attenuation coefficient. Thus, a Hounsfield unit represents a change of 0.1% 
in the attenuation coefficient of water. The Hounsfield numbers for most tissues are close to 0, 
and approximately +1,000 for bone, depending on the bone type and energy of the CT beam.

Because the CT numbers bear a linear relationship with the attenuation coefficients, it is pos-
sible to infer electron density (electrons cm−3) as shown in Figure 12.4. Although CT numbers 
can be correlated with electron density, the relationship is not linear in the entire range of tissue 
densities. The nonlinearity is caused by the change in atomic number of tissues, which affects 
the proportion of beam attenuation by Compton versus photoelectric interactions. Figure 12.4 
shows a relationship that is linear between lung and soft tissue but nonlinear between soft tis-
sue and bone. In practice, the correlation between CT numbers and electron density of various 
tissues can be established by scanning phantoms of known electron densities in the range that 
includes lung, muscle, and bone.

Atomic number information can also be obtained if attenuation coefficients are measured at 
two different x-ray energies (3). It is possible to transform the attenuation coefficients measured 
by CT at diagnostic energies to therapeutic energies (4). However, for low-atomic-number mate-
rials such as fat, air, lung, and muscle, this transformation is not necessary for the purpose of 
calculating dose distributions and inhomogeneity corrections (4).

Although external contour and internal structures are well delineated by CT, their use in treat-
ment planning requires that they be localized accurately with respect to the treatment geometry. 
Diagnostic CT scans obtained typically on a curved tabletop with patient position different from 
that to be used in treatment have limited usefulness in designing technique and dose distribution. 
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Special treatment-planning CT scans are required with full attention to patient positioning and 
other details affecting treatment parameters.

Some of the common considerations in obtaining treatment-planning CT scans are the follow-
ing: (a) a flat tabletop should be used; usually a flat carbon fiber overlay which closely mirrors the 
treatment couch is mounted in the CT cradle; (b) a large-diameter CT aperture (e.g., ≥70 cm) 
can be used to accommodate unusual arm positions and other body configurations encoun-
tered in radiation therapy; (c) care should be taken to use patient-positioning or immobilization 
devices that do not cause image artifacts; (d) patient positioning, leveling, and immobilization 
should be done in accordance with the expected treatment technique or simulation if done before 
CT; (e) external contour landmarks can be delineated using radiopaque markers such as plastic 
catheters; and (f) image scale should be accurate both in the X and Y directions.

B.2. Three-Dimensional Treatment Planning

Additional considerations go into CT scanning for 3-D treatment planning. Because the 3-D 
anatomy is derived from individual transverse scans (which are imaged in 2-D), the interslice 
distance must be sufficiently small to accurately reconstruct the image in three dimensions. 
Depending on the tumor site or the extent of contemplated treatment volume, contiguous scans 
are taken with slice thickness ranging from 1 to 10 mm. The total number of slices may range 
from 30 to over 100. This requires fast scan capability to avoid patient movement or discomfort.

Delineation of target and critical organs on each of the scans is necessary for the 3-D recon-
struction of these structures. This is an extremely time-consuming procedure, which has been 
a deterrent to the adoption of 3-D treatment planning on a routine basis. Efforts have been 
directed toward making this process less cumbersome such as automatic contouring, pattern 
recognition, and other computer manipulations. However, the basic problem remains that target 
delineation is inherently a manual process. Although radiographically visible tumor boundar-
ies can be recognized by appropriate computer software, the extent of target volume depends 
on grade, stage, and patterns of tumor spread to the surrounding structures. Clinical judgment 
is required in defining the target volume. Obviously, a computer cannot replace the radiation 
oncologist! At least, not yet.

Besides the time-consuming process of target localization, 3-D computation of dose distribu-
tion and display requires much more powerful computers in terms of speed and storage capacity 
than the conventional treatment-planning systems. However, with the phenomenal growth of 
computer technology, this is not perceived to be a significant barrier to the adoption of routine 
3-D planning.

3-D planning has already been found to be useful and practical for most tumors or tumor sites 
(e.g., head and neck, lung, prostrate). Treatment of well-localized small lesions (e.g., <4 cm in 
diameter) in the brain or close to critical structures by stereotactic radiosurgery has greatly ben-
efited from 3-D planning. In this procedure, the target volume is usually based on the extent of 
visible tumor (i.e., with CT and/or MR imaging), thus obviating the need for manual target delinea-
tion on each CT slice. The 3-D display of dose distribution to assess coverage of the target volume 
confined to a relatively small number of slices is both useful and practical. Similarly, brachytherapy 
is amenable to 3-D planning because of the limited number of slices involving the target.

Treatment-planning software is available whereby margins around the target volume can be 
specified to set the field boundaries. After optimizing field margins, beam angles, and other plan 
parameters, the dose distributions can be viewed in other slices either individually or simultane-
ously by serial display on the screen. Beam’s eye view (BEV) display in which the plan is viewed 
from the vantage point of the radiation source (in a plane perpendicular to the central axis) is 
useful in providing the same perspective as a simulator or port film. In addition, a BEV outline 
of the field can be obtained to aid in the design of custom blocks for the field. More discussion 
on CT-based treatment planning is provided in Chapter 19.

B.3. Magnetic Resonance Imaging

MRI has developed, in parallel to CT, into a powerful imaging modality. Like CT, it provides ana-
tomic images in multiple planes. Whereas CT provides basically transverse axial images (which 
can be further processed to reconstruct images in other planes or in three dimensions), MRI can 
be used to scan directly in axial, sagittal, coronal, or oblique planes. This makes it possible to 
obtain optimal views to enhance diagnostic interpretation or target delineation for radiotherapy. 
Other advantages over CT include not involving the use of ionizing radiation, higher contrast, 
and better imaging of soft tissue tumors. Some disadvantages compared with CT include lower 
spatial resolution; inability to image bone or calcifications; longer scan  acquisition time, thereby 
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increasing the possibility of motion artifacts; and magnetic interference with metallic objects. 
The above cursory comparison between CT and MRI shows that the two types of imaging are 
complementary.

Basic physics of MRI involves a phenomenon known as nuclear magnetic resonance (NMR). 
It is a resonance transition between nuclear spin states of certain atomic nuclei when subjected 
to a radiofrequency (RF) signal of a specific frequency in the presence of an external magnetic 
field. The nuclei that participate in this phenomenon are the ones that intrinsically possess spin-
ning motion (i.e., have angular momentum). These rotating charges act as tiny magnets with 
associated magnetic dipole moment, a property that gives a measure of how quickly the magnet 
will align itself along an external magnetic field. Because of the spinning motion or the mag-
netic dipole moment, nuclei align their spin axes along the external magnetic field (H) as well 
as orbit or precess around it (Fig. 12.5). The frequency of precession is called the Larmor fre-
quency. A second alternating field is generated by applying an alternating voltage (at the Larmor 
frequency) to an RF coil. This field is applied perpendicular to H and rotates around H at the 
Larmor frequency. This causes the nuclei to precess around the new field in the transverse direc-
tion. When the RF signal is turned off, the nuclei return to their original alignment around H.  

Protons behave as magnetic dipoles
and align in the direction of
a strong magnetic field.

Magnetic field
orientation

Protons rotate about
their own axes...

... and simultaneously
orbit (precess) around
the direction of the
magnetic field.

Magnetic field
orientation

N

S

Figure 12.5. alignment and precession of protons in a strong magnetic field. (From halverson ra, Griffiths hJ, Lee 
BCP, et al. Magnetic resonance imaging and computed tomography in the determination of tumor and treatment 
volume. In: Levitt Sh, Khan FM, Potish ra, eds. Technological Basis of Radiation Therapy. 2nd ed. Philadelphia, Pa: Lea & 
Febiger; 1992:38, with permission.)
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This transition is called relaxation. It induces a signal in the receiving RF coil (tuned to the Lar-
mor frequency), which constitutes the NMR signal.

The turning off of the transverse RF field causes nuclei to relax in the transverse direction 
(T2 relaxation) as well as to return to the original longitudinal direction of the magnetic field  
(T1 relaxation). This is schematically illustrated in Figure 12.6. The relaxation times, T1 and T2, 
are actually time constants (like the decay constant in radioactive decay) for the exponential 
function that governs the two transitions.

The signal source in MRI can be any nucleus with nonzero spin or angular momentum. How-
ever, certain nuclei give larger signal than the others. Hydrogen nuclei (protons), because of their 
high intrinsic sensitivity and high concentration in tissues, produce signals of sufficient strength 
for imaging. Other possible candidates are 31P, 23Na, 19F, 13C, and 2H. Most routine MRI is based 
exclusively on proton density and proton relaxation characteristics of different tissues.

Localization of protons in a 3-D space is achieved by applying magnetic field gradients pro-
duced by gradient RF coils in three orthogonal planes. This changes the precession frequency 
of protons spatially, because the MR frequency is linearly proportional to field strength. Thus, 
by the appropriate interplay of the external magnetic field and the RF field gradients, proton 

Magnetic field
(longitudinal
plane)

A radiofrequency wave burst is applied at
right angles to the magnetic field, causing
deflection of the protons.

Radiofrequency on (transverse plane)

Radiofrequency off (transverse plane)

The protons then realign with the magnetic field,
during T1 (longitudinal) relaxation.

(Radiofrequency still off)

When the radiofrequency current is turned off,
the protons realign themselves in their original
direction. In so doing, they “dephase” in the
plane of the applied radiofrequency, during T2
(transverse) relaxation.

Figure 12.6. effects of radiofrequency applied at right angles to the magnetic field. (From halverson ra, Griffiths hJ, 
Lee BCP, et al. Magnetic resonance imaging and computed tomography in the determination of tumor and treatment 
volume. In: Levitt Sh, Khan FM, Potish ra, eds. Technological Basis of Radiation Therapy. 2nd ed. Philadelphia, Pa: Lea & 
Febiger; 1992:38, with permission.)
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 distribution can be localized. A body slice is imaged by applying field gradient along the axis 
of the slice and selecting a frequency range for readout. The strength of the field gradient deter-
mines the thickness of the slice (the greater the gradient, the thinner the slice). Localization 
within the slice is accomplished by phase encoding (using back-to-front Y gradient) and fre-
quency encoding (using transverse X gradient). In the process, the computer stores phase (angle 
of precession of the proton at a particular time) and frequency information and reconstructs the 
image by mathematical manipulation of the data.

Most MR imaging uses a spin echo technique in which a 180-degree RF pulse is applied after 
the initial 90-degree pulse and the resulting signal is received at a time that is equal to twice the 
interval between the two pulses. This time is called the echo time (TE). The time between each 
90-degree pulse in an imaging sequence is called the repetition time (TR). By adjusting TR and 
TE, image contrast can be affected. For example, a long TR and short TE produces a proton 
(spin) density-weighted image, a short TR and a short TE produces a T1-weighted image, and a 
long TR and a long TE produces a T2-weighted image. Thus, differences in proton density, T1, 
and T2 between different tissues can be enhanced by a manipulation of TE and TR in the spin 
echo technique.

Figure 12.7 shows examples of MR images obtained in the axial, sagittal, and coronal planes. 
By convention, a strong MR signal is displayed as white and a weak signal is displayed as dark 
on the cathode ray tube (CRT) or film.

A B

C

Figure 12.7. examples of magnetic resonance images of the head. A: transverse plane. B: Sagittal plane. C: Coronal 
plane.
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Functional Magnetic Resonance iMaging. Functional magnetic resonance (fMRI) is a technique 
that detects changes in blood flow in the brain, thereby providing information on brain activity. 
When neuronal activity increases in a region of the brain, there is an increased demand for oxy-
gen. This in turn stimulates a localized increase in blood flow as well as expansion of the blood 
vessels. Increased blood flow brings in more oxygen in the form of oxygenated hemoglobin mol-
ecules in red blood cells. Because hemoglobin is diamagnetic (slightly repelled by magnetic field) 
when oxygenated and paramagnetic (slightly attracted by magnetic field) when deoxygenated, 
the MR signal of blood varies depending on the degree of oxygenation. This form of MRI is also 
called BOLD (blood oxygen level dependent) imaging. BOLD is the source of contrast in fMRI.

Functional MRI is being used extensively in the study of brain function and has found many 
applications in the field of cognitive neuroscience. It can also be useful in radiotherapy treatment 
planning to avoid irradiating critical functional regions at risk in the brain (5–7).

Magnetic Resonance spectRoscopy iMaging. Magnetic resonance spectroscopy (MRS) is a tech-
nique that allows the study of metabolic changes in various tissues of the body. The MRS equip-
ment is used to detect and analyze signals from a number of chemical nuclei such as hydrogen, 
carbon, phosphorus, sodium, and fluorine. This capability allows the study of metabolites by 
analyzing different peaks in the MR spectrum. The biochemical information thus obtained can 
be used to diagnose diseases or characterize tumors. In radiation therapy, MRS imaging has been 
used to characterize prostate and brain tumors (8,9).

B.4. Ultrasound

Ultrasonic imaging for delineating patient contours and internal structures is recognized as an 
important tool in radiation therapy. Tomographic views provide cross-sectional information that 
is helpful for treatment planning. Although in most cases the image quality or clinical reliability 
is not as good as that of CT, ultrasonic procedure does not involve ionizing radiation, is less 
expensive, and in some cases, yields data of comparable usefulness.

Ultrasound can provide useful information in localizing many malignancy-prone structures in 
the lower pelvis, retroperitoneum, upper abdomen, breast, and chest wall (10,11). Ultrasound is 
also used in localization of prostate for image-guided radiation therapy (Chapter 25). The most 
common application of ultrasound in radiotherapy, however, is the delineation of the prostate 
for ultrasound-guided prostate implants (Chapter 23).

An ultrasound (or ultrasonic) wave is a sound wave having a frequency greater than 20,000 
cycles per second or hertz (Hz). At this frequency, the sound is inaudible to the human ear. Ultra-
sound waves of frequencies 1 to 20 MHz are used in diagnostic radiology.

Ultrasound may be used to produce images either by means of transmission or reflection. 
However, in most clinical applications, use is made of ultrasonic waves reflected from differ-
ent tissue interfaces. These reflections or echoes are caused by variations in acoustic imped-
ance of materials on opposite sides of the interfaces. The acoustic impedance (Z) of a medium 
is defined as the product of the density of the medium and the velocity of ultrasound in the 
medium. The larger the difference in Z between the two media, the greater is the fraction of 
ultrasound energy reflected at the interface. For example, strong reflections of ultrasound 
occur at the air–tissue, tissue–bone, and chest wall–lung interfaces due to high impedance 
mismatch. However, because lung contains millions of air–tissue interfaces, strong reflections 
at the numerous interfaces prevent its use in lung imaging.

Attenuation of the ultrasound by the medium also plays an important role in ultrasound 
imaging. This attenuation takes place as the energy is removed from the beam by absorption, 
scattering, and reflection. The energy remaining in the beam decreases approximately exponen-
tially with the depth of penetration into the medium, allowing attenuation in different media to 
be characterized by attenuation coefficients. As the attenuation coefficient of ultrasound is very 
high for bone compared with soft tissue, together with the large reflection coefficient of a tissue–
bone interface, it is difficult to visualize structures lying beyond bone. On the other hand, water, 
blood, fat, and muscle are very good transmitters of ultrasound energy.

Ultrasonic waves are generated as well as detected by an ultrasonic probe or transducer. A 
transducer is a device that converts one form of energy into another. An ultrasonic transducer 
converts electrical energy into ultrasound energy, and vice versa. This is accomplished by a process 
known as the piezoelectric effect. This effect is exhibited by certain crystals in which a variation 
of an electric field across the crystal causes it to oscillate mechanically, thus generating acoustic 
waves. Conversely, pressure variations across a piezoelectric material (in response to an incident 
ultrasound wave) result in a varying electrical potential across opposite surfaces of the crystal.
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Although the piezoelectric effect is exhibited by a number of naturally occurring crystals, 
most common crystals used clinically are made artificially such as barium titanate, lead zir-
conium titanate, and lead metaniobate. The piezoelectric effect produced by these materials is 
mediated by their electric dipole moment, the magnitude of which can be varied by addition of 
suitable impurities.

As the ultrasound wave reflected from tissue interfaces is received by the transducer, voltage 
pulses are produced that are processed and displayed on the CRT, usually in one of three dis-
play modes: A (amplitude) mode, B (brightness) mode, and M (motion) mode. A mode consists 
of displaying the signal amplitude on the ordinate and time on the abscissa. The time, in this 
case, is related to distance or tissue depth, given the speed of sound in the medium. In the B 
mode, a signal from a point in the medium is displayed by an echo dot on the CRT. The (x, y) 
position of the dot on the CRT indicates the location of the reflecting point at the interface and 
its proportional brightness reveals the amplitude of the echo. By scanning across the patient, 
the B-mode viewer sees an apparent cross section through the patient. Such cross-sectional 
images are called ultrasonic tomograms.

In the M mode of presentation, the ultrasound images display the motion of internal struc-
tures of the patient’s anatomy. The most frequent application of M-mode scanning is echo-
cardiography. In radiotherapy, the cross-sectional information used for treatment planning is 
exclusively derived from the B-scan images (Fig. 12.8).

12.2. TREATMENT SIMULATION 

A. RADIOGRAPHIC SIMULATOR

Treatment simulator (Fig. 12.9) is an apparatus that uses a diagnostic x-ray tube but duplicates 
a radiation treatment unit in terms of its geometric, mechanical, and optical properties. The 
main function of a simulator is to display the treatment fields so that the target volume may 
be accurately encompassed without delivering excessive irradiation to surrounding normal tis-
sues. By radiographic visualization of internal organs, correct positioning of fields and shielding 
blocks can be obtained in relation to external landmarks. Most commercially available simula-
tors have fluoroscopic capability by dynamic visualization before a hard copy is obtained in 
terms of the simulator radiography.

The need for simulators arises from four facts: (a) geometric relationship between the radia-
tion beam and the external and internal anatomy of the patient cannot be duplicated by an ordi-
nary diagnostic x-ray unit; (b) although field localization can be achieved directly with a therapy 
machine by taking a port film, the radiographic quality is poor because of very high beam energy, 
and for cobalt-60, a large source size as well; (c) field localization is a time-consuming process 
that, if carried out in the treatment room, could engage a therapy machine for a prohibitive 
length of time; and (d) unforeseen problems with a patient setup or treatment technique can be 
solved during simulation, thus conserving time within the treatment room.

Although the practical use of simulators varies widely from institution to institution, the 
simulator room has assumed the role of a treatment-planning room. Besides localizing treatment 
volume and setting up fields, other necessary data can also be obtained at the time of simula-
tion. Because the simulator table is supposed to be similar to the treatment table, various patient 
measurements such as contours and thicknesses, including those related to compensator or bolus 
design, can be obtained under appropriate setup conditions. Fabrication of  immobilization 

Figure 12.8. Ultrasonic tomogram showing chest wall thickness (right) compared with the computed tomography 
image (left).
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devices and testing of individualized shielding blocks can also be accomplished with a simulator. 
To facilitate such measurements, simulators are equipped with accessories such as laser lights, 
contour maker, and shadow tray.

Modern simulators combine the capabilities of radiographic simulation, planning, and verifica-
tion in one system. These systems provide commonality in hardware and software of the treatment 
machine including 2-D and 3-D imaging, accessory mounts, treatment couch, and multileaf col-
limator (MLC). One such system is Acuity (Varian Medical Systems, Palo Alto, CA) (Fig. 12.9B).

Due to the need for CT image data for the increased role of CT-based treatment planning, the 
conventional treatment simulator has largely been replaced by the CT Simulator.

B. CT SIMULATOR

An important development in the area of simulation has been that of converting a CT scanner 
into a simulator. CT simulation uses a CT scanner to localize the treatment fields on the basis of 
the patient’s CT scans. A computer program, specifically written for simulation, automatically 
positions the patient couch and the laser cross-hairs to define the scans and the treatment fields. 
The software (as part of CT scanner or a stand-alone treatment-planning system) provides out-
lining of external contours, target volumes and critical structures, interactive portal displays and 
placement, review of multiple treatment plans, and a display of isodose distribution. This process 
is known as virtual simulation.

The nomenclature of virtual simulation arises out of the fact that both the patient and the treat-
ment machine are virtual—the patient is represented by CT images and the treatment machine is 
modeled by its beam geometry and expected dose distribution. The simulation film in this case is a 
reconstructed image called the DRR (digitally reconstructed radiograph), which has the appearance 
of a standard 2-D simulation radiograph but is actually generated from CT scan data by mapping 
average CT values computed along ray lines drawn from a “virtual source” of radiation to the loca-
tion of a “virtual film.” DRR is essentially a calculated (i.e., computer-generated) port film that serves 
as a simulation film. The quality of the anatomic image is not as good as the simulation radiograph 
but it contains additional useful information such as the outlined target area, critical structures, 
and beam aperture defined by blocks or MLC. Figure 12.10 shows an anterior field DRR (A) and 
a posterior oblique field DRR (B). A DRR can substitute for a simulator radiograph by itself, but it 
is always preferable to obtain final verification by comparing it with a radiographic simulation film.

A B

Figure 12.9. A: Photograph of Varian Ximatron CDX simulator at the University of Minnesota. B: Varian acuity 
 simulator that has superseded the Ximatron. (Courtesy of Varian associates, Palo alto, Ca.)
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A dedicated radiation therapy CT scanner with simulation accessories (e.g., flat table, laser 
lights for positioning, immobilization and image registration devices, and appropriate software 
for virtual simulation) is called a CT simulator. Many types of such units are commercially 
 available.  Figure 12.11 shows one example.

C. PET/CT

Positron emission tomography (PET) provides functional images that can, in some cases, dif-
ferentiate between malignant tumors and the surrounding normal tissues. This capability can be 
combined with the anatomic information provided by a CT scanner to complement each other. 

A

B

Figure 12.10. A: Digitally 
 reconstructed radiograph (Drr) 
 anterior field. B: Drr posterior 
oblique.

Figure 12.11. Photograph of Phillips 
computed tomography simulator at the 
University of Minnesota.
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The idea of combining both of these modalities into a single system for simulation has led to the 
development of PET/CT.

A PET/CT unit consists of PET and CT scanners combined together with a common patient 
couch (Fig. 12.12). Because the patient position on the couch is kept constant for both of the 
scanning procedures, it is relatively straightforward to fuse the information from the two 
scanners. The composite simulation image contains more information than is possible by a 
CT simulator alone.

The physics of PET involves positron-electron annihilation into photons. For example, a 
radiolabeled compound such as fluorodeoxyglucose (FDG) incorporates 18F as the positron- 
emitting isotope. FDG is an analog of glucose that accumulates in metabolically active cells. 
Because tumor cells are generally more active metabolically than the normal cells, an increased 
uptake of FDG is positively correlated with the presence of tumor cells and their metabolic activ-
ity. When the positron is emitted by 18F, it annihilates a nearby electron, with the emission of two 
0.511-MeV photons in opposite directions. These photons are detected by ring detectors placed 
in a circular gantry surrounding the patient. From the detection of these photons, computer 
software (e.g., filtered back-projection algorithm) reconstructs the site of the annihilation events 
and the intervening anatomy. The site of increased FDG accumulation, with the surrounding 
anatomy, is thereby imaged with a resolution of approximately 4 mm.

Combining PET with CT scanning has several advantages:

1. Superior quality CT images with their geometric accuracy in defining anatomy and tissue den-
sity differences are combined with PET images to provide physiologic imaging, thereby differ-
entiating malignant tumors from the normal tissue on the basis of their metabolic differences.

2. PET images may allow differentiation between benign and malignant lesions well enough in 
some cases to permit tumor staging.

3. PET scanning may be used to follow changes in tumors that occur over time and with therapy.
4. By using the same treatment couch for a PET/CT scan, the patient is scanned by both modali-

ties without moving (only the table is moved between scanners). This minimizes positioning 
errors in the scanned data sets from both units.

5. By fusing PET and CT scan images, the two modalities become complementary. Although 
PET provides physiologic information about the tumor, it lacks correlative anatomy and is 
inherently limited in resolution. CT, on the other hand, lacks physiologic information but 
provides superior images of anatomy and localization. Therefore, PET/CT provides com-
bined images that are superior to either PET or CT images alone.

12.3. TREATMENT VERIFICATION 

A. PORT FILMS

The primary purpose of port filming is to verify the treatment volume under actual conditions of 
treatment. Although the image quality with the megavoltage x-ray beam is poorer than with the 
diagnostic or the simulator film, a port film is considered mandatory not only as a good clinical 
practice, but also as a legal record.

Figure 12.12. Photograph of 
Siemens positron emission tomography/
computed tomography at the University 
of Minnesota.
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As a treatment record, a port film must be of sufficiently good quality so that the field boundar-
ies can be described anatomically. However, this may not always be possible due to either very high 
beam energy (10 MV or higher), large source size (cobalt-60), large patient thickness (>20 cm), 
or poor radiographic technique. In such a case, the availability of a simulator film and/or a treat-
ment diagram with adequate anatomic description of the field is helpful. Anatomic interpretation 
of a port film is helped by obtaining a full-field exposure on top of the treatment port exposure.

The radiographic technique significantly influences the image quality of a port film. The 
choice of film and screen as well as the exposure technique is important in this regard. Droege 
and Bjärngard (12) have analyzed the film screen combinations commonly used for port film-
ing at megavoltage x-ray energies. Their investigation shows that the use of a single emulsion 
film with the emulsion adjacent to a single lead screen1 between the film and the patient is 
preferable to a double emulsion film or a film with more than one screen. Thus, for optimum 
resolution, one needs a single emulsion film with a front lead screen and no rear screen. 
Conventional nonmetallic screens are not recommended at megavoltage energies. Although 
thicker metallic screens produce a better response, an increase in thickness beyond the maxi-
mum electron range produces no further changes in resolution (12).

Certain slow-speed films, ready packed but without a screen, can be exposed during the entire 
treatment duration. A therapy verification film such as Kodak XV-2 is sufficiently slow to allow 
an exposure of up to 200 cGy without reaching saturation. In addition, such films can be used to 
construct compensators for both the contour and tissue heterogeneity (13).

B. ELECTRONIC PORTAL IMAGING

Major limitations of port films are (a) viewing is delayed because of the time required for pro-
cessing, (b) it is impractical to do port films before each treatment, and (c) film image is of poor 
quality especially for photon energies greater than 6 MV. Electronic portal imaging overcomes 
the first two problems by making it possible to view the portal images instantaneously (i.e., 
images can be displayed on computer screen before initiating a treatment or in real time during 
the treatment). Portal images can also be stored on computer disks for later viewing or archiving.

On-line electronic portal imaging devices (EPIDs) are currently being clinically used in most 
institutions, and are commercially available with all modern linacs. In the past some of the 
systems were video based. In such a system, the beam transmitted through the patient excited a 
metal fluorescent screen, which was viewed by a video camera using a 45-degree mirror (14–18) 
(Fig. 12.13). The camera was interfaced to a microcomputer through a frame-grabber board 
for digitizing the video image. The images were acquired and digitized at the video rate of 30 
frames per second. An appropriate number of frames were averaged to produce a final image. 
Depending on the computer software, the image data could be further manipulated to improve 
the image quality or perform a special study.

Another class of EPIDs that has been used in the past consists of a matrix of liquid ion 
chambers used as detectors (19,20). These devices are much more compact than the video-based 
systems and are comparable in size to a film cassette, albeit a little heavier. One such system 
developed at The Nederlands Kanker Institute consists of a matrix of 256 × 256 ion chambers 

1 Such a sheet of lead acts as an intensifying screen by means of electrons ejected from the screen by photon 
interactions. These electrons provide an image on the film that reflects the variation of beam intensity trans-
mitted through the patient.

Metal plate
with fluorescent screen
Fluorescent light

Photon beam

Mirror

Video camera

Patient

Figure 12.13. Schematic diagram of the video-based 
electronic portal imaging device.
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containing an organic fluid and a microcomputer for image processing. Figure 12.14 shows an 
image obtained with such a device.

Today, most commercial EPIDs use flat panel arrays of solid state detectors based on amor-
phous silicon (a-Si) technology (Fig. 12.15). Flat panel arrays are compact, making it easier to 
mount on a retractable arm for positioning in or out of the field. Within this unit a scintillator 
converts the radiation beam into visible photons. The light is detected by an array of photodi-
odes implanted on an amorphous silicon panel. Amorphous silicon is used because of its high 
resistance to radiation damage (21). The photodiodes integrate the light into charge captures. 
This system offers better image quality than the previous system using liquid ion chambers.

C. CONE-BEAM CT

A conventional CT scanner has a circular ring of detectors, rotating opposite an x-ray tube. 
However, it is possible to perform CT scans with detectors imbedded in a flat panel instead of 
a circular ring. CT scanning that uses this type of geometry is known as cone-beam computed 
tomography (CBCT).

In cone-beam CT, planar projection images are obtained from multiple directions as the source 
with the opposing detector panel rotates around the patient through 180 degrees or more. These 
multidirectional images provide sufficient information to reconstruct patient anatomy in three 
dimensions, including cross-sectional, sagittal, and coronal planes. A filtered back-projection 
algorithm is used to reconstruct the volumetric images (22).

CBCT systems are commercially available as accessories to linear accelerators. They are 
mounted on the accelerator gantry and can be used to acquire volumetric image data under 

Figure 12.14. example of a portal image. (Courtesy of Varian associates, Palo alto, Ca.)
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actual treatment conditions, thus enabling localization of planned target volume and critical 
structures before each treatment. The system can be implemented either by using a kilovoltage 
x-ray source or the megavoltage therapeutic source.

C.1. Kilovoltage CBCT

Kilovoltage x-rays for a kilovoltage CBCT (kVCBCT) system are generated by a conventional 
x-ray tube that is mounted on a retractable arm at 90 degrees to the therapy beam direction. A 
flat panel of x-ray detectors is mounted opposite the x-ray tube. The imaging system thus pro-
vided is quite versatile and is capable of cone-beam CT as well 2-D radiography and fluoroscopy. 
Figure 12.16 shows a picture of Elekta Synergy. Figure 12.17 is an example of kVCBCT of a lung 
cancer patient. It should be mentioned that the accelerator-mounted imaging systems are under 
constant development and some advertised features may be works in progress or currently not 
approved by the Food and Drug Administration. The reader can get the updated information by 
contacting the manufacturers or visiting their web sites.

The advantages of a kVCBCT system are its ability to (a) produce volumetric CT images with 
good contrast and submillimeter spatial resolution, (b) acquire images in therapy room coordi-
nates, and (c) use 2-D radiographic and fluoroscopic modes to verify portal accuracy, manage-
ment of patient motion, and making positional and dosimetric adjustments before and during 
treatment. The use of such systems will be further discussed in Chapter 25 on image-guided 
radiation therapy (IGRT).

C.2. Megavoltage CBCT

Megavoltage cone-beam CT (MVCBCT) uses the megavoltage x-ray beam of the linear accel-
erator and its EPID mounted opposite the source. EPIDs with the a-Si flat panel detectors are 
sensitive enough to allow rapid acquisition of multiple, low-dose images as the gantry is rotated 
through 180 degrees or more. From these multidirectional 2-D images, volumetric CT images 
are reconstructed (23–25).

Figure 12.15. Varian Portalvision 
system with a panel of amorphous silicon 
detectors mounted on the accelerator 
gantry. the mounting arm swings into 
position for imaging and out of the way 
when not needed. (Courtesy of Varian 
associates, Palo alto, Ca.)

Figure 12.16. elekta Synergy linear 
accelerator with on-board imaging 
equipment. (Courtesy of Dr. Kiyoshi Yoda, 
elekta K.K., Kobe, Japan.)
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The MVCBCT system has a reasonably good image quality for the bony anatomy and, in 
some cases, even for soft tissue targets. MVCBCT is a great tool for on-line or pretreatment veri-
fication of patient positioning, anatomic matching of planning CT and pretreatment CT, avoid-
ance of critical structures such as spinal cord, and identification of implanted metal markers if 
used for patient setup.

Although kVCBCT has better image quality (resolution and contrast), MVCBCT has the fol-
lowing potential advantages over kVCBCT:

1. Less susceptibility to artifacts due to high-Z objects such as metallic markers in the target, 
metallic hip implants, and dental fillings

2. No need for extrapolating attenuation coefficients from kV to megavoltage photon energies 
for dosimetric corrections

12.4. CORRECTIONS FOR CONTOUR IRREGULARITIES 

As mentioned at the beginning of this chapter, basic dose distribution data are obtained under stan-
dard conditions, which include homogeneous unit density phantom, perpendicular beam incidence, 
and flat surface. During treatment, however, the beam may be obliquely incident with respect to the 
surface and, in addition, the surface may be curved or irregular in shape. Under such conditions, the 
standard dose distributions cannot be applied without proper modifications or corrections.

Before the advent of treatment planning computers, isodose charts were corrected for contour 
irregularity by manual methods. These methods have given way to more accurate analytical 
methods that are incorporated into the computer treatment planning software. Accuracy and 
versatility of contour corrections made by a treatment planning system depend on the dose 
calculation algorithm used (e.g., a semiempirical correction-based algorithm or a model-based 
algorithm simulating radiation transport). In either case, the point of calculation is assigned its 
actual depth along the ray line emanating from the radiation source position.

Although manual methods are no longer used for routine treatment planning, these methods 
are discussed below because they illustrate the basic principles of contour correction and may 
be used as a rough check of computer corrections. The following three methods may be used for 
angles of incidence of up to 45 degrees for megavoltage beams and of up to 30 degrees from the 
surface normal for orthovoltage x-rays (26).

A. EFFECTIVE SOURCE TO SURFACE DISTANCE METHOD

Consider Figure 12.18 in which the source to surface distance (SSD) varies across the field with the 
beam incident on an irregularly shaped patient contour. It is desired to calculate the percent depth 
dose at point A (i.e., dose at A as a percentage of Dmax dose at point Q). The diagram shows that 
the tissue deficit above point A is h cm and the reference depth of Dmax is dm. If we note that the 
percent depth dose does not change rapidly with SSD (provided that the SSD is large), the relative 
depth dose distribution along the line joining the source with point A is unchanged when the iso-
dose chart is moved down by the distance h and positioned with its surface line at S′ S′. Suppose 
DA is the dose at point A. Assuming beam to be incident on a flat surface located at S′– S′,

Figure 12.17. example of kilovoltage cone-beam computed tomography images of a lung cancer patient.
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 DA � Dmax
� # P� (12.2)

where P ′ is percent depth dose at A relative to D  ′max at point Q′. Suppose Pcorr is the correct 
 percent depth dose at A relative to Dmax at point Q. Then,

 DA = Dmax · Pcorr (12.3)

From Equations 12.2 and 12.3,

 Pcorr � P� # a
D� max 

D max 

 b  (12.4)

Because, when the distribution is moved, the SSD is increased by a distance h, we have

 
D� max 

D max 

 � a SSD � dm

SSD � h � dm

 b
2

 (12.5)

 Pcorr � P� # a SSD � dm

SSD � h � dm

 b
2

 (12.6)

Thus, the effective SSD method consists of sliding the isodose chart down so that its surface line 
is at S ′– S ′, reading off the percent dose value at A and multiplying it by the inverse square law 
factor to give the corrected percent depth dose value.

The above method applies the same way when there is excess tissue above A instead of tissue 
deficit. In such a case, the isodose chart is moved up so that its surface line passes through the 
point of intersection of the contour line and the ray line through A. The value of h is assigned a 
negative value in this case.

B. TISSUE–AIR (OR TISSUE–MAXIMUM) RATIO METHOD

This method depends on the principle that the tissue–air, tissue–phantom, or tissue–maximum 
ratios at a point at depth does not depend on the SSD and is a function only of the depth and the 
field size at that depth. Suppose, in Figure 12.18, the surface is located at S∙–S∙ and the air space 
between S–S and S∙–S∙ is filled with tissue-like material. Now, if a standard isodose chart for the 
given beam and SSD is placed with its surface at S∙–S∙, the percent depth dose value at A will 

SSD
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Figure 12.18. Diagram illustrating methods of correcting dose distribution under an irregular surface such as S–S. 
the solid isodose curves are from an isodose chart that assumes a flat surface located at S‘–S‘. the dashed isodose curves 
assume a flat surface at S˝–S˝ without any air gap.
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correspond to the depth d + h. But the actual value at A is greater than this as there is a tissue 
deficit. The correction factor can be obtained by the tissue–air ratio (TAR) or tissue–maximum 
ratio (TMR) for depths d and d + h:

 Correction factor (CF) �
T(d, rA)

T(d � h,rA)
 (12.7)

where T stands for TAR or tissue–maximum ratio and rA is the field size projected at point A 
(i.e., at a distance of SSD + d + h from the source).

Thus, if the uncorrected value of percent depth dose at A with the surface line of the isodose 
chart at S∙–S∙ is P∙, then the corrected value Pcorr is given:

 Pcorr = P  ∙ ⋅ CF 

C. ISODOSE SHIFT METHOD 

The preceding methods are useful for making individual point dose calculations. However, the 
following method may be used for manual correction of the entire isodose chart for contour 
irregularities. This method is known as the isodose shift method. The procedure is illustrated in 
Figure 12.19. Suppose S–S is the patient contour drawn on a transparent paper and S∙–S∙ is a flat 
surface line passing through the point of intersection of the central axis with the contour. From 
the line S∙–S∙, draw vertical grid lines, parallel to the central axis and spaced about 1 cm apart, 
to cover the full field width. Place the standard isodose chart underneath this paper and align the 
central line of the chart with that of the grid. Mark the percent depth dose values on the central 
axis. For each grid line, slide the isodose chart up or down, depending on whether there is tissue 
excess or deficit along that line, by an amount k × h where k is a factor less than 1 (given in 
Table 12.1). Then mark the isodose values at points of intersection of the given grid line and the 
shifted isodose curves. After all the isodose positions along all the grid lines have been marked, 
new isodose curves are drawn by joining the marked points having the same isodose values.
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Figure 12.19. Diagram illustrating the isodose shift method of correcting isodose curves for surface contour 
 irregularity.
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The factor k depends on the radiation quality, field size, depth of interest, and SSD. Table 12.1 
gives approximate values recommended for clinical use when manual corrections are needed. 
Of the three methods discussed above, the tissue-air or tissue–maximum ratio method gives the 
most accurate results. The first two methods have been used in some of the computer treatment 
planning algorithms.

EXAMPLE 1

For point A in Figure 12.18, h = 3 cm and d = 5 cm. Calculate the percent depth dose at point 
A using (a) the effective SSD method and (b) the TAR method.

Given 60Co beam, TAR(5, 11 × 11) = 0.910, TAR(8, 11 × 11) = 0.795, and SSD = 80 cm:

1. Using solid isodose curve lines in Figure 12.14,
Percent depth dose at A = 78.1

 Inverse square law factor � a 80 � 0.5
80 � 3 � 0.5

 b
2

 

 � 0.929 

 Corrected percent depth dose at A = 78.1 × 0.929 
 = 72.6 

2. Field dimension projected at A = 10 × 
80
80

 = 11 cm. Thus, field size at A = 11 × 11 cm2:

 CF �
TAR  (5,11 � 11)
TAR  (8,11 � 11)

 �
0.910
0.795

 � 1.145 

Using dashed isodose lines in Figure 12.14, uncorrected percent depth dose = 65.2.

 Corrected percent depth dose = 65.2 × 1.145 
 = 74.6 

Comparing the results for (a) and (b), the agreement between the two methods is within 3%.

12.5. CORRECTIONS FOR TISSUE INHOMOGENEITIES 

Applications of standard isodose charts and depth dose tables assume homogeneous unit density 
medium. In a patient, however, the beam may transverse layers of fat, bone, muscle, lung, and air. 
The presence of these inhomogeneities will produce changes in the dose distribution, depending 
on the amount and type of material present and on the quality of radiation.

The effects of tissue inhomogeneities may be classified into two general categories: (a) changes 
in the absorption of the primary beam and the associated pattern of scattered photons and 
(b) changes in the secondary electron fluence. The relative importance of these effects depends 
on the region of interest where alterations in absorbed dose are considered. For points that 
lie beyond the inhomogeneity, the predominant effect is the attenuation of the primary beam. 
Changes in the associated photon scatter distribution alter the dose distribution more strongly 
near the inhomogeneity than farther beyond it. The changes in the secondary electron fluence, 
on the other hand, affect the dose in the tissues within the inhomogeneity and at the boundaries.

TABLE 12.1  Isodose Shift Factors for Different Beam Energies

Photon Energy (MV) Approximate Factor k

Up to 1 0.8
60Co-5 0.7

5–15 0.6

15–30 0.5

above 30 0.4

(Data from Giessen Ph. a method of calculating the isodose shift in correcting for oblique incidence in radiotherapy. 
Br J Radiol. 1973;46:978.)

82453_ch12_p195-233.indd   214 1/17/14   3:14 PM



ChaPter 12 treatment Planning II: Patient Data acquisition 215 

For x-ray beams in the megavoltage range, where Compton effect is a predominant mode of 
interaction, the attenuation of the beam in any medium is governed by electron density (number 
of electrons per cm3). Thus, an effective depth can be used for calculating transmission through 
non–water-equivalent materials. However, close to the boundary or interface, the distribution is 
more complex. For example, for megavoltage beams, there may be loss of electronic equilibrium 
close to the boundaries of low-density materials or air cavities. For orthovoltage and superficial 
x-rays, the major problem is the bone. Absorbed dose within the bone or in the immediate vicin-
ity of it may be several times higher than the dose in the soft tissue in the absence of bone. This 
increased energy absorption is caused by the increase in the electron fluence arising from the 
photoelectric absorption in the mineral contents of the bone.

A. CORRECTIONS FOR BEAM ATTENUATION AND SCATTERING

Figure 12.20 is a schematic diagram showing an inhomogeneity of electron density re relative to 
that of water. The material preceding and following the inhomogeneity is water equivalent (rela-
tive re = 1). Lateral dimensions of this composite phantom are assumed infinite or much larger 
than the field size. Calculation is to be made at point P, which is located at a distance d3 from the 
lower boundary, distance (d2 + d3) from the front boundary of the inhomogeneity, and distance 
d = d1 + d2 + d3 from the surface.

Three methods of correcting for inhomogeneities are illustrated with reference to  Figure 12.20.

A.1. Tissue–Air Ratio Method

The following CF applies to the dose at P if the entire phantom was water equivalent:

 CF �
T(d�,rd)

T(d, rd)
 (12.8)

where d  ′ is the equivalent water depth (i.e., d′ = d1 + re d2 + d3) and d is the actual depth of P 
from the surface; rd is the field size projected at point P.

The above correction method does not take into account the position of the inhomogeneity 
relative to point P. In other words, the correction factor will not change with d3 as long as d and 
d ′ remain constant.

A.2. Power Law Tissue–Air Ratio Method

Batho (27) and Young and Gaylord (28) have proposed a method in which the ratio of the TARs 
is raised to a power. Referring again to Figure 12.20, the correction factor at point P is

 CF � c
T(d2 � d3,rd)

T(d3,rd)
 d
re�1

 (12.9)

Here re is the electron density (number of electrons/cm3) of the heterogeneity relative to that of 
water.

ρe= 1

ρe= 1

P
d3

d2

d1

ρe

Figure 12.20. Schematic diagram  showing 
a water-equivalent phantom containing an 
 inhomogeneity of electron density re relative to that 
of water. P is the point of dose calculation.
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As seen in Equation 12.9, the correction factor does depend on the location of the inhomoge-
neity relative to point P but not relative to the surface. This formulation is based on theoretical 
considerations assuming Compton interactions only. It does not apply to points inside the inho-
mogeneity or in the buildup region. Experimental verification of the model has been provided 
for 60Co g beams (27,28).

A more general form of the power law method is provided by Sontag and Cunningham (29) 
that allows for correction of the dose to points within an inhomogeneity as well as below it. 
This is given by

 CF �
T(d3, rd)

r3�r2 

T(d2,d3, rd)
1�r2 

 (12.10)

where r3 is the density of the material in which point P lies and d3 is its depth within this mate-
rial. r2 is the density of the overlying material, and (d2 + d3) is the depth below the upper surface 
of it. It may be pointed out that Equation 12.10 reduces to Equation 12.9 if P lies in a unit den-
sity medium as shown in Figure 12.20.

A.3. Equivalent Tissue–Air Ratio Method

The use of water-equivalent depth in Equation 12.8 appropriately corrects for the primary com-
ponent of dose. However, the change in scattered dose is not correctly predicted because the 
effect of scattering structures depends on their geometric arrangement with respect to point P. 
Sontag and Cunningham (30) accounted for these geometric factors through the scaling of the 
field size parameter. Their method using “equivalent” tissue–air ratios (ETARs) is given by

 CF �
T(d�, r�)

T(d,r)
 (12.11)

where d′ is the water-equivalent depth, d is the actual depth, r is the beam dimension at depth 
d, r′= r # r� = scaled field size dimension, and r� is the weighted density of the irradiated volume.

The weighted density r� can be determined by the averaging procedure:

 r� �

a
i
a

j
a
k
rijk .Wijk

a
i
a

j
a
k

Wijk

 (12.12)

where rijk are the relative electron densities of scatter elements (e.g., pixels in a series of CT 
images of the irradiated volume) and Wijk are the weighting factors assigned to these elements in 
terms of their relative contribution to the scattered dose at the point of calculation.

The weighting factors are calculated using Compton scatter cross sections and integrating 
scatter over the entire irradiated volume for each point of dose calculation. A more practical 
approach is to “coalesce” all of the density information from individual slices into a single 
“equivalent” slice, thus reducing the volume integration to integration over a plane. Details of 
this procedure are discussed by Sontag and Cunningham (30).

An alternative approach to the ETAR method is to calculate scattered dose separately from 
the primary dose by summation of the scatter contribution from individual scatter elements in 
the irradiated heterogeneous volume. Methods such as delta volume (DV) (31,32), dose spread 
array (DSA) (33), and differential pencil beam (DPB) (34) have been proposed to take into 
account multiple scattering of photons and electron transport to predict dose more accurately as 
well as in the regions where electronic equilibrium does not exist. A discussion of model-based 
algorithms using dose kernels (e.g., convolution/superposition algorithms) and Monte Carlo 
techniques is presented in Chapter 19.

A.4. Isodose Shift Method

This method, proposed by Greene and Stewart (35) and Sundblom (36), may be used for manu-
ally correcting isodose charts for the presence of inhomogeneities. The isodose curves beyond the 
inhomogeneity are moved by an amount equal to n times the thickness of the inhomogeneity as 
measured along a line parallel to the central axis and passing through the point of interest. The 
shift is toward the skin for bone and away from the skin for lung or air cavities. Table 12.2 gives 
experimentally determined values of n that apply to 60Co radiation and 4-MV x-rays. The factors 
are approximately independent of field size.

A.5. Typical Correction Factors

None of the methods discussed above can claim an accuracy of ±5% for all irradiation condi-
tions encountered in radiotherapy. The new generation of algorithms that take account of the 
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3-D shape of the irradiated volume and the electron transport are expected to achieve that goal 
but are still under development.

Tang et al. (37) have compared a few commonly used methods, namely the TAR, the ETAR, and 
the generalized Batho, against measured data using a heterogeneous phantom containing layers of 
polystyrene and cork. Their results show that for the geometries considered, (a) the TAR method 
overestimates the dose for all energies, (b) the ETAR is best suited for the lower-energy beams 
(≤6 MV), and (c) the generalized Batho method is the best in the high-energy range (≥10 MV).  
Thus, the accuracy of different methods depends on the irradiation conditions (e.g., energy, field 
size, location and extent of inhomogeneity, and location of point of calculation).

Table 12.3 gives some examples of increase in dose beyond healthy lung for various beam 
energies. These correction factors have been calculated by using Equation 12.10, assuming 
d1 = 6 cm, d2 = 8 cm, and d3 = 3 cm, relative re for lung = 0.25, and field size = 10 × 10 cm2. 
The values were rounded off to represent approximate factors for typical lung corrections. 
More detailed tables of the beyond-lung and in-lung correction factors have been calculated by 
McDonald et al. (38) for several representative beam energies and field sizes.

Table 12.4 gives the decrease in dose beyond bone that might be expected with beams of dif-
ferent energies. These are approximate values because the shielding effect of bone depends on 
the size of the bone, field size, and other parameters that affect scattering. The shielding effect 
of bone diminishes quite rapidly as the beam energy increases. The shielding effect of bone 
for x-rays generated between 500 kV and 4 MV is entirely due to its greater electron density 

TABLE 12.2   Isodose Shift Factorsa for Inhomogeneities

Inhomogeneity Shift Factor na

air cavity –0.6

Lung –0.4

hard bone  0.5

Spongy bone  0.25

aapproximate factors, determined empirically for 60Co and 4-MV x-rays.

(From Greene D, Stewart Jr. Isodose curves in non-uniform phantoms. Br J Radiol. 1965;38:378; and Sundblom L. Dose 
planning for irradiation of thorax with cobalt in fixed beam therapy. Acta Radiol. 1965;3:342; with permission.)

TABLE 12.3   Increase in Dose to Tissues Beyond Healthy Lunga

Beam Quality Correction Factor

Orthovoltage +10%/cm of lung
60Co g rays +4%/cm of lung

4-MV x-rays +3%/cm of lung

10-MV x-rays +2%/cm of lung

20-MV x-rays +1%/cm of lung

aapproximate values calculated with equation 12.10 for typical clinical situations.

TABLE 12.4   Reduction in Dose Beyond 1 cm of Hard Bonea

Beam Quality Correction Factor (%)

1 mm Cu hVL –15b

3 mm Cu hVL –7
60Co –3.5

4 MV –3

10 MV –2

hVL, half-value layer

aapproximate values calculated with equation 12.8 for typical clinical situations. assumed electron density of bone 
relative to water = 1.65.
bestimated from measured data by haas LL, Sandberg Gh. Modification of the depth dose curves of various radiations 
by interposed bone. Br J Radiol. 1957;30:19.
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(electrons per cm3), as all the attenuation is due to the Compton process. In the megavoltage 
range, the corrections for bone attenuation in most clinical situations are small and are usually 
neglected. However, as the x-ray energy increases beyond 10 MV, the shielding effect begins to 
increase because pair production becomes significant. Recall that the absorption of radiation as 
a result of pair production depends on the atomic number.

B. ABSORBED DOSE WITHIN AN INHOMOGENEITY

As mentioned earlier, the absorbed dose within an inhomogeneity or in the soft tissues adjacent to 
it is strongly influenced by alterations in the secondary electron fluence. For example, for x-rays 
generated at potentials less than 250 kVp, there is a substantial increase in absorbed dose inside 
bone because of increased electron fluence arising from photoelectric absorption. Spiers (39,40) 
has made a comprehensive study of absorbed dose within mineral bone as well as within soft tissue 
components of bone. The interested reader is referred to the original work or to Johns and Cun-
ningham (41) for details. Some practical aspects of the problem will be discussed in this section.

B.1. Bone Mineral

Under the conditions of electronic equilibrium, the ratio of absorbed doses in different media, 
for a given photon energy fluence, is given by the ratio of their energy absorption coefficients 
(see Chapter 8). Because the cGy/R or the f factor is proportional to the energy absorption 
coefficient relative to air, the ratio of f factors also reflects the relative absorbed dose. Thus, for 
a given quality radiation and the energy fluence, the absorbed dose in bone mineral relative to 
absorbed dose in muscle is the ratio:

  
fbone

fmuscle

     or     a
men

r
 b

muscle

bone

 

under electronic equilibrium conditions.
Figure 12.21A shows a plot of absorbed dose as a function of depth for an orthovoltage 

beam incident on a composite phantom containing 2-cm-thick bone. Because for this quality 
radiation fbone∙fmuscle = 1.9/0.94 = 2.0, the dose in the first layer of bone will be about twice 
as much as in soft tissue. In the subsequent layers, the dose will drop from this value due to 
increased attenuation by bone (Table 12.4). Figure 12.21B compares the situation with 60Co 
beam. Since fbone∙fmuscle = 0.955/0.957 = 0.96 for this energy, the dose to bone mineral for a 60Co 
beam is slightly less than that expected in the soft tissue. Beyond the bone, the dose is reduced 
due to the shielding effect of bone because the electron density of bone is higher than that of 
the muscle tissue.

Table 12.5, column 3, gives the change in dose expected in the bone mineral for different 
energy beams. These calculations are made on the basis of the f factor ratios of bone to muscle 
or the ratio of energy absorption coefficients. For orthovoltage beams, these values represent 
the maximal enhancement in dose occurring just inside bone on the entrance side of the beam.

B.2. Bone–Tissue Interface

soFt tissue in Bone. The bone discussed in Section B.1 is the inorganic bone (bone mineral). Of 
greater importance biologically, however, is the dose to soft tissue embedded in bone or adjacent 
to bone. The soft tissue elements in bone may include blood vessels (the Haversian canals), liv-
ing cells called osteocytes, and bone marrow. These structures may have very small thicknesses, 
ranging from a few microns to a millimeter. When the thickness of a soft tissue structure in bone 
is small compared with the range of the electrons traversing it, it may be considered as a Bragg-
Gray cavity (see Chapter 8), containing soft tissue embedded in the bone medium. Under these 
conditions photon interactions in the cavity can be ignored and the ionization in the cavity is 
considered entirely due to electrons (photo-, Compton-, or pair-production electrons) originat-
ing from the surrounding material. The dose to a very small volume of soft tissue embedded in 
bone, DSTB, assuming no perturbation of the photon or electron fluences, is given by

 DSTB � DB
# (S /r)B

ST (12.13)

where DB is the dose to the surrounding bone matrix and (S / r)B
ST is the ratio of average mass 

collision stopping power of soft tissue to bone for the electrons.
As discussed earlier in Section B.1, the dose at a point in the bone mineral is related to the 

dose (DST) at the same point if the bone is replaced by a homogeneous medium of soft tissue:

 DB � DST
# (men / r)ST

B  (12.14)
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Figure 12.21. Percent depth 
dose as a function of depth in a 
phantom containing 2 cm of bone.  
A: half-value layer = 1 mm Cu; 
source to surface distance (SSD) =  
50 cm; field size = 10 × 10 cm2.  
B: 60Co g-ray beam; SSD = 80 cm; 
field size = 10 × 10 cm2.

TABLE 12.5   Absorbed Dose to Bone Relative to Soft Tissue for Different Energy Beams 

Radiation Quality

HVLa
Approximate  
Effective Energy Bone Mineralb Soft Tissue in Bone

1 mm al 20 keV 4.6 5.0

3 mm al 30 keV 4.8 5.3

1 mm Cu 80 keV 2.1 3.8

2 mm Cu 110 keV 1.4 2.4

3 mm Cu 135 keV 1.2 1.6

10.4 mm Pb (60Co g rays) 1.25 MeV 0.96 1.03

11.8 mm Pb (4-MV x-rays) 1.5 MeV 0.96 1.03

14.7 mm Pb (10-MV x-rays)  4 MeV 0.98 1.05

13.7 mm Pb (20-MV x-rays)  8 MeV 1.02 1.09

12.3 mm Pb (40-MV x-rays) 10 MeV 1.04 1.11

ahVL and approximate effective energies calculated using attenuation coefficients (Chapter 7).
b Derived from data given in Johns he, Cunningham JP. The Physics of Radiology. 4th ed. Springfield, IL: Charles  
C. thomas; 1983.
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From equations 12.13 and 12.14, we get

 DB � DST
# (men / r)ST

B # (S /r)B
ST (12.15)

The ratio g of dose to a soft tissue element embedded in bone to the dose in a homogeneous 
medium of soft tissue, for the same photon energy fluence, is given by

 g� DSTB/DST � (men / r)ST
B # (S / r)B

ST (12.16)

Calculated values of g for different energy beams are given in column 4 of Table 12.5. 
These data show that for the same photon energy fluence, soft tissue structures inside the 
bone will receive higher dose than the dose to the bone mineral or the dose to soft tissue 
in the absence of bone. There are two reasons for this increase in dose: (a) men /r is greater 
for bone than soft tissue in the very-low-energy range because of the photoelectric process 
and in the very-high-energy range because of the pair production. However, in the Compton 
range of energies, men /r for bone is slightly less than that for soft tissue. (b) S /r is greater 
for soft tissue at all energies because it contains greater number of electrons per unit mass 
than the bone (Table 5.1). The combined effect of (a) and (b) gives rise to a higher dose to 
the soft tissue embedded in bone than the surrounding bone mineral or the homogeneous 
soft tissue in the absence of bone. In a clinical situation, the dose to a small tissue cavity 
inside a bone may be calculated by the following equation:

 DSTB = DST · g · TMR(tST + rB · tB)/TMR(tST + tB) (12.17)

where tST and tB are thicknesses of soft tissue and bone, respectively, traversed by the beam before 
reaching the point of interest; rB is the relative electron density of bone; and TMR is the tissue–
maximum ratio (or similar attenuation function) for the given field size.

soFt tissue suRRounding Bone. On the entrance side of the photon beam, there is a dose 
enhancement in the soft tissue adjacent to the bone. In the megavoltage range of energies, this 
increase in dose is primarily due to the electron backscattering. Das and Khan (42) have shown 
that the magnitude of the backscatter is nearly the same for all photon energies from 60Co to 
24 MV. For bone, the dose enhancement due to backscatter is approximately 8% in the above 
energy range. Because of the very short range of the backscattered electrons, the enhancement 
effect is limited only to a few millimeters (Fig. 12.22). For instance, the dose enhancement drops 
from 8% to less than 2% within 2 mm upstream from the interface.

On the transmission side of the beam, the forward scatter of electrons from bone and the 
buildup of electrons in soft tissue give rise to a dose perturbation effect, which depends on  photon 
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Figure 12.22. Backscatter dose 
factor (BSDF) for various energy pho-
ton beams plotted as a function of 
distance, toward the source, from the 
bone–polystyrene interface. BSDF is 
the ratio of dose at the interface with 
bone to that without bone. (From 
Das IJ, Khan FM. Backscatter dose 
perturbation at high atomic number 
interfaces in megavoltage photon 
beams. Med Phys. 1989;16:367, with 
permission.)
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energy (43). Figure 12.23 shows this energy dependence. For energies up to 10 MV, the dose at 
the interface is initially less than the dose in a homogeneous soft tissue medium but then builds 
up to a dose that is slightly greater than that in the homogeneous case. For higher energies, there 
is an enhancement of dose at the interface because of the increased electron fluence in bone due 
to pair production. The effect decreases with distance and lasts up to the range of the electrons.

A practical clinical situation regarding the bone dosage problem is shown in Figure 12.24. 
This figure shows examples of depth dose distributions expected in a patient treated with paral-
lel opposed beams. Doses are normalized to the midpoint dose expected in a homogeneous soft 
tissue medium. The distribution corrected for increased bone attenuation (shielding effect) alone 
shows dose reduction throughout. The magnitude of this reduction depends on bone thickness 
relative to the soft tissue thickness, bone density, and beam energy. The actual distribution in 
the presence of bone includes both bone attenuation and bone–tissue interface effects discussed 
earlier. These effects in the megavoltage range of energies cause an increase in dose to soft tissue 
adjacent to bone, but the net increase is not significant at lower energies (≤10 MV). However, 
as the pair-production process becomes significant at higher energies and the electron range 
increases, appreciable enhancement in dose occurs at the bone–tissue interfaces. This is seen in 
Figure 12.24 and Table 12.6.

B.3. Lung Tissue

Dose within the lung tissue is primarily governed by its density. As discussed in Section 12.5A, 
lower lung density gives rise to higher dose within and beyond the lung. Figure 12.25 gives the 
increase in lung dose as a function of depth in the lung for selected energies using a 10 × 10-cm 
field. But in the first layers of soft tissue beyond a large thickness of lung, there is some loss of 
secondary electrons (44). This gives rise to a slight decrease in dose relative to that calculated on 
the basis of lung transmission.

Kornelson and Young (45) have discussed the problem of loss of lateral electronic equilibrium 
when a high-energy photon beam traverses the lung. Because of the lower density of lung, an 
increasing number of electrons travel outside the geometric limits of the beam. This causes the 
dose profile to become less sharp. For the same reason there is a greater loss of laterally scattered 
electrons, causing a reduction in dose on the beam axis. The effect is significant for small field sizes 
(<6 × 6 cm2) and higher energies (>6 MV). Clinically, when treating a tumor in the lung, there is 
a possibility of underdosage in the periphery of the tumor if small fields and high-energy beams are 
used. However, considering the fact that most protocols in this country require no lung correction 
in dose prescription, consideration of this effect in dosimetry becomes rather academic.
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of dose at the interface with 
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for the same photon energy 
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Interfaces in Megavoltage Photon 
Beam Therapy. [Dissertation.] 
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photon beam irradiation [abst.]. Phys 
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TABLE 12.6   Dose Enhancement at Bone–Tissue Interface for Parallel Opposed Beamsa

Thickness of 
Bone (cm) 6 MV 10 MV 18 MV 24 MV

0.5 1.01 1.02 1.03 1.04

1.0 1.01 1.02 1.03 1.05

2.0 1.00 1.01 1.03 1.05

3.0 0.99 1.00 1.03 1.05

aDose to soft tissue adjacent to bone relative to midpoint dose in a homogeneous soft tissue; total thickness =  
20 cm; field size = 10 × 10 cm2; source to surface distance = 100 cm.

(From Das IJ, Khan FM, Kase Kr. Dose perturbation at high atomic number interfaces in parallel opposed megavoltage 
photon beam irradiation [abstract]. Phys Med Biol. 1988;33[suppl 1]:121, with permission.)

B.4. Air Cavity

The most important effect of air cavities in megavoltage beam dosimetry is the partial loss of 
electronic equilibrium at the cavity surface. The actual dose to tissue beyond and in front of 
the cavity may be appreciably lower than expected. This phenomenon of dose buildup at the 
air cavities has been extensively studied by Epp et al. (46,47). The most significant decrease in 
dose occurs at the surface beyond the cavity, for large cavities (4 cm deep) and the smallest field  
(4 × 4 cm2). Epp et al. (46) have estimated that in the case of 60Co the reduction in dose in prac-
tical cases, such as the lesions located in the upper respiratory air passages, will not be greater 
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than 10% unless field sizes smaller than 4 × 4 cm2 are used. The underdosage is expected to be 
greater for higher-energy radiation (47).

12.6. TISSUE COMPENSATION 

A radiation beam incident on an irregular or sloping surface produces skewing of the isodose 
curves. Corrections for this effect were discussed in Section 12.2. In certain treatment situations, 
however, the surface irregularity gives rise to unacceptable nonuniformity of dose within the tar-
get volume or causes excessive irradiation of sensitive structures such as the spinal cord. Many 
techniques have been devised to overcome this problem, including the use of wedged fields or 
multiple fields and the addition of bolus material or compensators. Areas having a smaller thick-
ness of tissue can also be blocked for the last few treatments to reduce the dose in these areas.

Bolus is a tissue-equivalent material placed directly on the skin surface to even out the irregu-
lar contours of a patient to present a flat surface normal to the beam. This use of bolus should be 
distinguished from that of a bolus layer, which is thick enough to provide adequate dose buildup 
over the skin surface. The latter should be termed the buildup bolus.

Placing bolus directly on the skin surface is satisfactory for orthovoltage radiation, but for 
higher-energy beams results in the loss of the skin-sparing advantage. For such radiations, a 
compensating filter should be used, which approximates the effect of the bolus as well as pre-
serves the skin-sparing effect. To preserve the skin-sparing properties of the megavoltage photon 
beams, the compensator is placed a suitable distance (≥20 cm) away from the patient’s skin. 
Yet the compensator is so designed that its introduction in the beam gives rise to isodose curves 
within the patient that duplicate, as closely as possible, those for the bolus.

A. DESIGN OF COMPENSATORS

Figure 12.26 illustrates schematically the use of a compensator to provide the required beam 
attenuation that would otherwise occur in the “missing” tissue when the body surface is irregu-
lar or curved. Because the compensator is designed to be positioned at a distance from the 
surface, the dimensions and shape of the compensator must be adjusted because of (a) the beam 
divergence, (b) the relative linear attenuation coefficients of the filter material and soft tissues, 
and (c) the reduction in scatter at various depths when the compensator is placed at a distance 
from the skin rather than in contact with it. To compensate for this scatter, the compensator is 
designed such that the attenuation of the filter is less than that required for primary radiation 
only. These considerations and others have been discussed in the literature (48–54).

Minification of the compensating material for geometric divergence of the beam has been 
achieved in many ways. One method (48,50–52) constructs the compensator out of aluminum 
or brass blocks, using a matrix of square columns corresponding to the irregular surface. The 
dimension of each column is minified according to the geometric divergence correction, which 
is calculated from the SSD and the filter to surface distance. Khan et al. (55) described an appa-
ratus that uses thin rods duplicating the diverging rays of the therapy beam (Fig. 12.27). The 
rods move freely in rigid shafts along the diverging paths and can be locked or released by a 
locking device. The apparatus is positioned over the patient so that the lower ends of the rods 
touch the skin surface. When the rods are locked, the upper ends of the rods generate a surface 
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that is similar to the skin surface but corrected for divergence. A plastic compensator can then be 
built over this surface (53). Beck et al. (56) and Boge et al. (57) have described Styrofoam cutters 
(Fig. 12.28) that work on a pantographic principle and use a heating element or a routing tool 
mechanism for the hollowing of the Styrofoam. The cavity thus produced is a minified version of 
the patient surface, which can be filled with the compensator material.

Source

h′

h

d

Figure 12.26. Schematic representation of a 
 compensator designed for an irregular surface.  
(From Khan FM, Moore VC, Burns DJ. the  construction 
of compensators for cobalt teletherapy. Radiology. 
1970;96:187, with permission.)

Figure 12.27. an apparatus for the construction of 3-D 
 compensator in one piece. (From Khan FM, Moore VC, Burns DJ.  
an  apparatus for the construction of irregular surface compensators  
for use in radiotherapy. Radiology. 1968;90:593, with permission.)
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A tissue-equivalent compensator designed with the same thickness as that of the missing tis-
sue will overcompensate (i.e., the dose to the underlying tissues will be less than that indicated by 
the standard isodose chart). This decrease in depth dose, which is due to the reduction in scatter 
reaching a point at depth, depends on the distance of the compensator from the patient, field size, 
depth, and beam quality. To compensate for this decrease in scatter, one may reduce the thick-
ness of the compensator to increase the primary beam transmission. The compensator thickness 
should be such that the dose at a given depth is the same whether the missing tissue is replaced 
with the bolus in contact or with the compensator at the given distance from the skin surface. 
The required thickness of a tissue-equivalent compensator along a ray divided by the missing 
tissue thickness along the same ray may be called the density ratio or thickness ratio (53) (h′/h 
in Fig. 12.26). Figure 12.29 gives a plot of thickness ratio, t, as a function of the compensator to 
surface distance, d. t is unity at the surface and decreases as d increases.

The thickness ratio depends, in a complex way, on the compensator to surface distance, 
thickness of missing tissue, field size, depth, and beam quality. However, a detailed study of this 
parameter has shown that t is primarily a function of d (for d ≤20 cm) and that its dependence 
on other parameters is relatively less critical (53,58). Thus, a fixed value of t, based on a given d 
(usually 20 cm), 10 × 10-cm field, 7-cm depth, and tissue deficit of 5 cm, can be used for most 
compensator work.

The concept of thickness ratios also reveals that a compensator cannot be designed to provide 
absorbed dose compensation exactly at all depths. If, for given irradiation conditions, t is chosen 
for a certain compensation depth, the compensator overcompensates at shallower depths and 
 undercompensates at greater depths. Considering the limitations of the theory and too many 
variables affecting t, we have found that an average value of 0.7 for t may be used for all irradia-
tion conditions provided d greater than or equal to 20 cm. The same value has been tested to yield 
satisfactory results (errors in depth dose within ±5%) for 60Co, 4-MV, and 10-MV x-rays (58).

Fixed pivot

Routing tool

Styrofoam

PointerPoiPointenterr

Figure 12.28. Schematic diagram of a Styrofoam cutter  fitted 
with a routing tool for constructing compensators. (redrawn 
from Boge rJ, edland rW, Mathes DC. tissue compensators for 
 megavoltage radiotherapy fabricated from hollowed Styrofoam filled 
with wax. Radiology. 1974;111:193, with permission.)
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In the actual design of the compensator, the thickness ratio is used to calculate compensator 
thickness (tc) at a given point in the field:

 tc = TD · (t/rc) (12.18)

where TD is the tissue deficit at the point considered and rc is the density of the compensator 
material.

A direct determination of thickness (t/rc) for a compensator system may be made by measur-
ing dose at an appropriate depth and field size in a tissue-equivalent phantom (e.g., polystyrene) 
with a slab of compensator material placed in the beam at the position of the compensator tray. 
Pieces of phantom material are removed from the surface until the dose equals that measured in 
the intact phantom, without the compensator. The ratio of compensator thickness to the tissue 
deficit gives the thickness ratio.

It may be mentioned that the term compensator ratio (CR) has also been used in the literature 
to relate tissue deficit to the required compensator thickness (59). It is defined as the ratio of the 
missing tissue thickness to the compensator thickness necessary to give the dose for a particular 
field size and depth. The concepts of CR and the thickness ratio are the same, except that the two 
quantities are inverse of each other (i.e., CR = TD/tc = rc/t).

B. TWO-DIMENSIONAL COMPENSATORS

Designing a 3-D compensator is a time-consuming procedure. In a well-equipped mold or 
machine shop, a trained technician can probably construct such compensators routinely with a 
reasonable expenditure of time. In the absence of such facilities and personnel, however, most 
situations requiring compensation can be handled satisfactorily with simple 2-D compensators. 
In many treatment situations, the contour varies significantly in only one direction: along the 
field width or length. In such cases, a compensator can be constructed in which the thickness 
varies only along this dimension. For example, if anterior and posterior fields are incident on a 
sloping mediastinum, compensation is usually not changed in the lateral direction but only in 
the craniocaudal direction.

One simple way of constructing a two-dimensional compensator is to use thin sheets of lead 
(with known thickness ratio or effective attenuation coefficient) and gluing them together in a 
stepwise fashion to form a laminated filter. The total thickness of the filter at any point is cal-
culated to compensate for the air gap at the point below it. Another method is to construct the 
compensator in one piece from a block of Lucite. The patient contour is taken showing body 
thickness at at least three reference points: central axis, inferior margin, and superior margin of 
the field. Tissue deficits, Δt, are calculated by subtracting thicknesses at the reference points from 
the maximum thickness. A thickness minification factor is calculated by dividing the thickness 
ratio t by the electron density (e− per cm3) of Lucite relative to that of tissue. The geometric 
minification factor is calculated by (       f – d)/f where f is the SSD at the point of maximum thick-
ness and d is the filter to surface distance. The compensator dimensions can now be drawn by 
multiplying the Δt values with the thickness minification factor and the spacing between the ref-
erence points with the geometric minification factor. A Lucite block is then machined and glued 
on a thin Lucite plate for placement in the beam. The same method may be used to construct a 
compensator by stacking Lucite plates in a stepwise fashion and attaching them together firmly 
with pieces of Scotch tape.

C. THREE-DIMENSIONAL COMPENSATORS

Early 3-D compensator systems were mechanical devices to measure tissue deficits within the 
field in both the transverse and the longitudinal body cross sections. Examples of these systems 
include Ellis-type filters (58,50), rod boxes (52,53), and pantographic devices (56,57). More 
recent devices include Moiré camera, 3-D magnetic digitizers, CT-based compensator programs, 
and electronic compensation using MLCs (Chapter 20).

C.1. Moiré Camera

A specially designed camera system allows topographic mapping of the patient body surface and 
provides tissue deficit data necessary for the design of a 3-D compensator. The principle of oper-
ation of the camera has been discussed by Boyer and Goitein (60). The camera can be mounted 
on a simulator without interfering with the simulator’s normal use. Moiré fringes observed on 
the patient’s surface represent iso-SSD lines from which the tissue deficit data can be deduced. 
The data can be used to drive a pantographic cutting unit.
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C.2. Magnetic Digitizer

A handheld stylus containing a magnetic field sensor is used to digitize the position of the sensor 
as it is scanned over the patient’s surface in the presence of a low-strength, low-frequency mag-
netic field. Tissue deficit data are calculated by the computer from the sensor coordinates and 
used to drive a Styrofoam cutter. Cavities corresponding to the tissue deficit are then filled with 
an appropriate compensator material to design a compensator. A commercially available system, 
known as Compuformer, is manufactured by Huestis Corporation (Bristol, RI).

C.3. Computed Tomography–Based Compensator Systems

Three-dimensional radiotherapy treatment-planning systems that use multilevel CT scans have 
sufficient data available to provide compensation not only for the irregular surface contours, but 
also for the tissue inhomogeneities. There are commercial systems that provide equipment for the 
design of compensating filters [e.g., Compu-former (Best Theratronics Ltd., Ottawa, Ontario, Can-
ada. www.theratronics.ca)]. These systems extract the tissue deficit data from the CT scans, which 
are then used to cut the Styrofoam mold using a computer-controlled milling machine. Although 
any compensator material of known CR may be cast into the filter molds, it is desirable to use 
medium-density materials rather than heavier materials such as Cerrobend. The main reason for 
this is to minimize error in dose distribution when small errors are made in cutting the mold.

Alternatively, if in-house compensating design equipment is not available, it is possible 
to electronically export the desired contour shape to an outside company for compensator 
manufacture. For example .decimal (www.dotdecimal.com) constructs brass photon compen-
sators using the compensator designs sent from users’ treatment planning systems. For both 
in-house or external constructed compensators, appropriate quality assurance tests must be 
implemented before clinical use.

There are several other compensator systems that have not been discussed here. For a detailed 
review of this topic the reader is referred to Reinstein (61).

D. OTHER APPLICATIONS

Compensating filters can be designed to compensate for tissue heterogeneity. Most of this 
work was done by Ellis et al. (13) in which compensators were designed from the knowledge 
of cross-sectional anatomy using transaxial tomography or a photographic film. Khan et al. 
(62) have described compensators for total body irradiation including compensation for lungs 
(discussed in Chapter 18).

Compensators have also been used to improve dose uniformity in the fields where nonunifor-
mity of the dose distribution arises from sources other than contour irregularity: reduced scatter 
near the field edges and unacceptable high-dose regions or “horns” in the beam profile. Leung 
et al. (63) have discussed the design of filters for the mantle technique in which the compensator 
is designed on the basis of calculated dose distribution in the absence of a  compensator. Boge 
et al. (64) have described a special compensator filter to reduce the horns present in large fields 
of a 4-MV linear accelerator.

E. COMPENSATOR SETUP

As mentioned earlier, the compensator should be placed at a distance of 20 cm or more away 
from the skin surface to preserve the skin-sparing properties of the megavoltage beams. Because 
the dimensions of the compensator are reduced (compared to the bolus) in the plane perpen-
dicular to the beam axis to allow for beam divergence, the filter must be placed at the filter to 
surface distance for which it is designed. In addition, the nominal SSD should be measured from 
the plane perpendicular to the beam axis, containing the most elevated point on the contour 
included in the field (Fig. 12.26). For isocentric treatments, it is most convenient to use field 
dimensions projected at the isocenter in compensator design. Accordingly, the depth of the iso-
center is measured from the level of the most elevated point on the contour to be compensated.

12.7. PATIENT POSITIONING 

Availability of isocentric treatment machines, simulators, CT scanners, and computers has made 
it possible to achieve a high degree of precision in radiation therapy. However, one of the weakest 
links in the treatment-planning process is the problem of patient positioning and  immobilization. 
It is frequently observed that some of the treatment techniques in current practice are outdated 
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or do not take advantage of the accuracy available with the modern equipment. For example, 
when patients are treated in less than a stable position, or are moved between different fields, or 
set up primarily by marks inked or tattooed on the skin surface. But, as any experienced observer 
knows, such practices are prone to serious errors. Skin marks are vulnerable to variation in skin 
sag and body position on the treatment table.

The problem of precise patient positioning and immobilization has been addressed by a number 
of investigators (65–70), including more recent reviews by Balter (71) and Reinstein and Podgor-
sak (72). But this problem still remains the area of greatest variance in actual treatment. The fol-
lowing ideas are presented to focus attention on this important area and offer some guidelines for 
precise patient positioning.

A. GENERAL GUIDELINES

 1. Treatments should be set up isocentrically. The principal advantage of isocentric technique 
over SSD technique is that the patient is not moved between fields. Once the isocenter is 
positioned accurately within the patient, the remaining fields are arranged simply by gantry 
rotation or couch movement, not by displacing the patient relative to the couch.

 2. To accurately define the patient’s position, thick pads or mattresses should not be used on 
the simulator table or the treatment table. This is essential for accurate measurement of setup 
 parameters as well as reproducibility.

 3. For head and neck treatments, flexible head rests, such as pillows or sponges, should be 
avoided. The head should rest on a rigid surface such as a block of hard Styrofoam or a 
plastic “head-neck” support (Fig. 12.30).

 4. Many methods of head immobilization are available such as aquaplast masks, partial body 
casts bite block system nose bridges, head clamps, or simple masking tape (73). The choice 
of any of these devices will depend on the location of the treatment fields.

 5. As far as possible, the patient should be treated in the supine position. An overhead sagittal 
laser line is useful in aligning the sagittal axis of the patient with the axis of gantry rotation.

 6. For head and neck treatments, the chin extension should be defined anatomically, for exam-
ple, the distance between the sternal notch and the chin bone. This measurement should be 
 accurately made after the head position has been established on the basis of stability and field 
 localization.

 7. During simulation as well as treatment, the depth of isocenter should be defined by either 
the setup SSD (usually measured anteriorly or posteriorly) or by setting the distance 
between the tabletop distance and lateral beam axis. Side laser lights may also be used for 
this purpose. In the latter case, the laser lights should be checked frequently for alignment 
accuracy, because these lights are known to drift presumably by expansion and contrac-
tion of the walls on which they are mounted.

 8. Skin marks should not be relied on for daily localization of the treatment field. The field 
boundaries should be defined relative to the bony landmarks established during simulation. 
Do not force the field to fit the skin marks!

Figure 12.30. Bite block system for head and neck immobilization. (Courtesy of radiation Products Design,  
Buffalo, MN.)
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 9. For lateral portals, the Mylar section of the couch or tennis racket should be removed and 
the patient placed on a solid surface to avoid sag. These should be used only for AP treat-
ments for which skin sparing is to be achieved. For example, if the four-field pelvis technique 
is used, one can use two fields a day in which case AP treatments are given isocentrically on 
a Mylar window using anterior or posterior setup SSD, and lateral fields are treated on a flat 
tabletop section using the tabletop distance to lateral beam axis. Or if four fields are treated 
the same day, the posterior field can be treated through the rigid Plexiglas section of the 
couch instead of the Mylar window. Or AP treatments can be given on the Mylar window 
and then the window can be replaced by the Plexiglas section for the lateral treatments. The 
last alternative involves two separate setups, one for the AP and the other for the lateral 
fields. It should be used only when skin dose from the posterior fields is to be reduced to a 
minimum.

10. For isocentric techniques, field sizes must be defined at the isocenter, which will, in most 
 cases, be at the center of the treatment volume and not on the skin surface. Physicians who 
are accustomed to using standard field sizes (e.g., pelvic fields) defined at the skin surface 
should make adjustments in field sizes so that the fields encompass the same irradiated 
 volume.

Some institutions have developed elaborate casting techniques to immobilize patients during 
treatments. This requires a well-equipped mold room as well as personnel trained in mold tech-
nology. Some of these techniques have been shown to be quite effective in minimizing patient 
motion (69,72). However, patients are known to move within a cast especially if the fit is not 
good or if there is a change in the surface contour due to regression of the tumor or weight loss.

Detection of patient motion is possible by using small dots of reflective tape on the patient 
with a pencil light ray and photocell device. Laser localization lights can also be used for 
this purpose. The signal received from the photocell can be further processed to activate an 
interlock to interrupt treatment or sound an alarm if pertinent motion exceeds a preset limit. 
Thus, a good motion detection system can complement patient positioning and immobiliza-
tion techniques by monitoring the stability of patient position as well as the effectiveness of 
immobilization.

Patient immobilization, target localization, and target verification are the hallmark modern 
radiotherapy. These important topics are discussed in Part III (Chapters 21 and 25).

B. THE XYZ METHOD OF ISOCENTER SETUP

In the isocentric technique, the isocenter is placed inside the patient, usually at the center of the 
target volume. Once this point has been localized by simulation, a good treatment setup should 
reproduce it quickly and accurately. The following steps outline a procedure, hereby called the 
XYZ method, for the localization of this important point.

B.1. Simulation Procedure

 1. The patient is positioned on the simulator couch following the general guidelines discussed 
in Section 12.7A.

 2. The patient is leveled using the side lasers (or a bubble level) and the sagittal laser beam to 
define the sagittal axis of the patient. The patient is then constrained from movement by 
a suitable immobilization device. For head and neck positioning, chin extension (distance 
between chin bone and the sternal notch) should be accurately measured.

 3. The treatment fields are simulated using anterior and lateral radiographs and the isocenter is 
established according to the treatment plan.

 4. A reference anatomic point is chosen on the sagittal axis, somewhere in the neighborhood of 
the treatment area, to represent a stable anatomic landmark. For example, nasion for head and 
neck, sternal notch for neck and thorax, tip of xiphoid for thorax and abdomen, and bottom 
of pubic ramus or tip of coccyx for pelvis can be chosen as reasonably stable reference points.

 5. The coordinates of the treatment isocenter are represented by (X, Y, Z) where X is the lateral 
distance and Y is the longitudinal distance (along patient axis) of the isocenter from the refer-
ence point, and Z is the tabletop to isocenter distance (Fig. 12.31). Beam angle u is recorded.

B.2. Treatment Setup

 1. Position and level the patient on the treatment couch as in simulation.
 2. With the gantry vertical, place the central axis at the reference anatomic point and mark it 

with ink.
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 3. Move the couch up or down to obtain Z using the side laser, laterally through X and longitu-
dinally through distance Y. Rotate the gantry through angle u. This gives the required central 
axis of the field and the isocenter location.

 4. Make secondary checks according to the field diagram such as SSD, location of field bor-
ders, etc.

 5. For isocentric setup, other fields are positioned by simply rotating the gantry and positioning 
it at predetermined angles.

One potential advantage of this method is that the setup parameters X, Y, Z, and u could be 
computer controlled, thereby decreasing the setup time and minimizing human errors. The 
therapist, in this case, will position the patient as usual and place the central axis vertically at 
the reference point. Then, with a switch on the hand pendant, the computer control could be 
initiated to move the couch and the gantry to the X, Y, Z, and u coordinates. Such a method 
could be adopted by some of the existing treatment-monitoring systems that are capable of 
moving the couch and the gantry.

Even manually, the XYZ method can greatly economize setup time as well as enhance setup 
precision. Most modern couches are motor driven and equipped with motion-sensing devices. 
Videographic display of the couch motions could be conveniently used to position the couch. A 
reset switch for the X, Y, and Z coordinates would make it easier to move the couch through the 
X, Y, and Z distances.

Table top
Reference
anatomical

point

Isocenter

X

0

0Y

Z

Figure 12.31. a diagram to illustrate X, Y, Z coordinates to a patient setup.
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R e f e r e n c e s

• Treatment planning requires accurate patient data acquisition such as external body 
 contours and internal anatomy.

• Manual devices for body contouring consist of solder wires, pantograph-type contour 
 plotters, and electromechanical devices. Current methods primarily use CT scans for 
 contour information.

• CT numbers bear a linear relationship with attenuation coefficients.

• CT numbers depend on electron density (electrons/cm3) as well as atomic number, if the 
scanning beam used is kilovoltage x-rays as in conventional CT scanners.

• Correlation between CT numbers and electron density of various tissues is established 
by scanning phantoms of known electron densities in the range that includes lung, 
muscle, and bone.

• Imaging modalities such as ultrasound, MRI, and PET are useful in mapping out struc-
tural and/or functional anatomy, but their signal values are not correlated with electron 
density. Fusion techniques are used to combine their images with the corresponding CT 
images to provide geometric accuracy of external contour and internal anatomy.

• Radiographic and/or CT simulators are an essential part of the treatment-planning process.

• Accelerator-mounted accessories such as EPID and cone-beam CT systems allow 
 treatment verification before and during treatments. These capabilities are essential 
when using conformal radiation therapy techniques such as 3-D CRT or intensity- 
modulated radiation therapy (IMRT).

• Manual methods of contour and tissue heterogeneity corrections are semiempirical and 
have given way to computer algorithms for treatment planning. These are  collectively 
called correction-based algorithms. Currently, the most sophisticated  algorithms are mod-
el-based (e.g., pencil beam, convolution/superposition, and  semi-Monte Carlo techniques).

• Dose within bone depends on beam energy.

• Dose to soft tissue within bone is two to five times higher in the orthovoltage and 
 superficial range of beam energies. It is about 3% to 10% higher in the megavoltage 
range used clinically (Table 12.5).

• Dose reduction can occur at air cavity surfaces and lung due to a partial loss of 
 electronic equilibrium. The effect is more pronounced for small fields (<6 × 6 cm2) and 
high-energy beams (>6 MV).

• Compensators are used to compensate for missing tissue at the surface or internal inhomo-
geneities such as lung. Their design takes into account the extent of  missing tissue, compen-
sator to surface distance (or thickness ratio), and the density of the  compensator material.

• Reproducible and stable patient positioning; proper immobilization; accurate 
 measurements of external and internal bony landmarks; precise X, Y,  Z couch motions; 
and isocentric accuracy are crucial requirements for precision radiotherapy.
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Shielding of vital organs within a radiation field is one of the major concerns of radiation 
therapy. Considerable time and effort are spent in shaping fields not only to protect critical 
organs, but also to avoid unnecessary irradiation of the surrounding normal tissue. Attendant to 
this problem is the effect on skin dose and the buildup of dose in the subcutaneous tissue when 
shielding blocks mounted on a plastic tray are inserted into the beam. Skin sparing is an impor-
tant property of megavoltage photon beams, and every effort should be directed to maintaining 
this effect when irradiating normal skin.

Another problem frequently encountered in radiation therapy is the matching of adjacent 
fields. This situation arises when radiation fields available with the equipment are not large 
enough to encompass the entire target volume. In some cases, the target volume is divided into 
two parts, so treatment to the second part does not commence until the treatment course to the 
first part has been completed. Such a scheme is designed to avoid toxicity due to irradiating 
an excessive volume of tissue. Multiple adjacent fields are also used when tumor distribution 
or patient anatomy does not allow coplanar fields (fields with central axes in the same plane). 
The main problem with these techniques is the possibility of extreme dose inhomogeneity in the 
junctional region. Because radiation beams are divergent, adjacent fields can overlap at depth 
and give rise to regions of excessive dose or hot spots. Overlaps can be avoided by separating the 
fields, but this in turn can give rise to areas of reduced dose or “cold spots.”

This chapter on treatment planning focuses on the above problems and discusses their pos-
sible solutions.

13.1. FIELD BLOCKS 

The shaping of treatment fields is primarily dictated by tumor distribution—local extensions as 
well as regional metastases. Not only should the dose to vital organs not exceed their tolerance, 
but also the dose to normal tissue, in general, should be minimized. As long as the target volume 
includes, with adequate margins, the demonstrated tumor as well as its presumed occult spread, 
significant irradiation of the normal tissue outside this volume must be avoided as much as pos-
sible. These restrictions can give rise to complex field shapes, which require intricate blocking.

The frequency and complexity of field shaping vary from institution to institution. However, 
if complex techniques involving elaborate blocking are used often, it is necessary to establish a 
rational system of field shaping.

A. BLOCK THICKNESS

Shielding blocks are most commonly made of lead. The thickness of lead required to provide 
adequate protection of the shielded areas depends on the beam quality and the allowed trans-
mission through the block. A primary beam transmission of 5% through the block is considered 
acceptable for most clinical situations. If n is the number of half-value layers to achieve this 
transmission:

 
1
2n

 � 0.05 
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TABLE 13.1 Recommended Minimum Thickness of Lead for Shieldinga

Beam Quality Required Lead Thickness

1.0 mm al hVL 0.2 mm

2.0 mm al hVL 0.3 mm

3.0 mm al hVL 0.4 mm

1.0 mm Cu hVL 1.0 mm

3.0 mm Cu hVL 2.0 mm

4.0 mm Cu hVL 2.5 mm
137Cs 3.0 cm
60Co 5.0 cm

4 MV 6.0 cm

6 MV 6.5 cm

10 MV 7.0 cm

25 MV 7.0 cm

hVL, half-value layer.

aapproximate values to give ≤5% primary transmission.

or

 2n �
1

0.05
 � 20 

or

 n log 2 �  log 20 

or

 n �
 log 20

 log 2
 � 4.32 

Thus, a thickness of lead greater than 4.3 half-value layers would give less than 5% primary 
beam transmission and is, therefore, recommended for most clinical shielding.

Shielding against primary radiation for superficial and orthovoltage beams is readily accom-
plished by thin sheets of lead that can be placed or molded on to the skin surface. However, as 
the beam energy increases to the megavoltage range, the thickness of lead required for shielding 
increases substantially. The lead blocks are then placed above the patient supported in the beam 
on a transparent plastic tray, called the shadow tray. Table 13.1 gives the recommended lead 
shield thicknesses for various-quality beams.

Although the primary beam transmission can be reduced further by using extra thick blocks, 
the reduction in dose in the shielded region may not be that significant due to the predominance 
of scattered radiation from the adjoining open areas of the field.

B. BLOCK DIVERGENCE

Ideally, the blocks should be shaped or tapered so that their sides follow the geometric diver-
gence of the beam. This minimizes the block transmission penumbra (partial transmission of the 
beam at the edges of the block). However, divergent blocks offer little advantage for beams with 
large geometric penumbra. For example, in the case of 60Co, the sharpness of the beam cutoff 
at the block edge is not significantly improved by using divergent blocks. Also, for some clinical 
situations such as making last minute alterations in the field blocking, this sharpness is not criti-
cal or worth the time required for making divergent blocks, which have to be invariably custom 
designed for a given treatment setup. Therefore, most institutions keep a stock of straight-cut 
blocks of various shapes and dimensions. Divergent blocks are most suited for beams having 
small focal spots such as with linac beams. Because the sides of these blocks follow beam diver-
gence, one can reduce the lateral dimensions by designing the shields for smaller source to block 
distances without increasing the block transmission penumbra.
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13.2. FIELD SHAPING 

A. CUSTOM BLOCKING

Although a number of systems have been used for field shaping (1–8), the one introduced by 
Powers et al. (1) is most commonly used in radiation therapy. This system uses a low melting 
point alloy, Lipowitz metal (brand name, Cerrobend), which has a density of 9.4 g/cm3 at 20°C 
(~83% of lead density). This material consists of 50.0% bismuth, 26.7% lead, 13.3% tin, and 
10.0% cadmium (1). (Cadmium-free Cerrobend is also available.) The main advantage of Cerro-
bend over lead is that it melts at about 70°C (Cadmium-free at 95°C) (compared with 327°C for 
lead) and, therefore, can be easily cast into any shape. At room temperature, it is harder than lead.

The minimum thickness of Cerrobend blocks required for blocking may be calculated from 
Table 13.1 using its density ratio relative to lead (e.g., multiply lead thickness by 1.21). In the 
megavoltage range of photon beams, the most commonly used thickness is 7.5 cm, which is equiv-
alent to about 6 cm of pure lead. The manual procedure for constructing Cerrobend blocks starts 
with a simulator radiograph, port film or a digitally reconstructed radiograph (DRR) on which the 
outline of the treatment field indicating areas to be shielded is drawn. The film is then used to con-
struct divergent cavities in a Styrofoam block that are used to cast Cerrobend blocks. Figure 13.1 
shows a Styrofoam-cutting device that consists of an electrically heated wire that pivots about a 
point simulating the source or the x-ray target. The film, the Styrofoam block, and the wire appa-
ratus are so adjusted that the actual treatment geometry (same source to film and source to block 
distances) is obtained. The lower end of the wire traces the outline on the film. There are also auto-
mated systems which can cut a Styrofoam block based on a block outline sent electronically from 
the treatment planning system. If “positive” blocks such as lung blocks are to be made, cavities 
are cut in the Styrofoam with the heated segment of the wire and subsequently filled with melted 
Cerrobend. If a “negative” block with central area open and peripheral areas blocked is desired, 
an inner cut is first made to outline the field opening. An outer rectangular cut is then made to 
define the collimator field with a 1- to 2-cm margin. The three Styrofoam pieces thus made are 
placed on a Lucite plate and carefully aligned relative to the central axis. The intermediate piece, 
corresponding to the areas to be shielded, is then removed and Cerrobend is poured into the cavity.

It is important that the Cerrobend is poured slowly to prevent formation of air bubbles. 
Also, the Styrofoam block should be pressed tightly against a rubber pad at the bottom to avoid 
leakage of the liquid metal. The inside walls of the cavity may be sprayed with silicone for easy 
release of the Styrofoam pieces from the block.

The blocks can be mounted on a Lucite plate or blocking tray, which is premarked with the 
central axis cross-hairs. Blocks can also be placed on a template made on a clear film by tracing 
the outline of the field at the shadow tray position, while the port film outline is placed at the 
distance at which the radiograph was taken.

Figure 13.2 shows examples of Cerrobend blocks, one constructed for shielding lungs and the 
other for a head and neck field.

B. INDEPENDENT JAWS

Asymmetric fields are sometimes used to block off a part of the field without changing the 
 position of the isocenter. Although blocking is often used to generate irregular field shapes, rect-
angular blocking can be easily done by independently movable collimators, or jaws. This feature 

Figure 13.1. photograph of block cutter. (Courtesy of huestis Machine Corp., Bristol, rI.)  
[Source: www.huestis.com.]
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is very  convenient when matching fields or beam splitting. In the latter case, the beam is blocked 
off at the central axis to remove divergence. Whereas half-beam blocks have been used as beam 
splitters in the past, this can now be done simply by moving in the independent jaws.

Most modern machines are equipped with independently movable jaws. Operationally, the 
independent jaw option is interlocked to avoid errors in the setting of symmetric fields, in which 
case the opposite jaws open or close symmetrically. One of the effects of asymmetric collimation 
is the change in the physical penumbra (defined in Section 4.7A.3) and the tilt of the isodose 
curves toward the blocked edge (Fig. 13.3). This effect is simply the result of blocking, which 
eliminates photon and electron scatter from the blocked portion of the field, thereby reducing 
the dose near the edge. The same effect would occur on the isodose curves if the blocking were 
done with a lead or Cerrobend block on a tray.

When asymmetric fields are used, special considerations must be given to the beam flatness and 
the dosimetric parameters used to calculate monitor units. Khan et al. (9) have proposed a system of 
dose calculation for fields generated by asymmetric collimators, which was discussed in Chapter 10.

C. MULTILEAF COLLIMATORS

A multileaf collimator (MLC) for photon beams consists of a large number of collimating blocks 
or leaves that can be driven automatically, independent of each other, to generate a field of any 
shape (Fig. 13.4). Typical MLC systems consist of 60 to 80 pairs, independently driven. The 
individual leaf has a width of 1 cm or less as projected at the isocenter. The leaves are made of 
tungsten alloy (r = 17.0 to 18.5 g/cm3) and have thickness along the beam direction ranging 
from 6 cm to 7.5 cm, depending on the type of accelerator. The leaf thickness is sufficient to pro-
vide primary x-ray transmission through the leaves of less than 2% (compared with about 1% 
for jaws and 3.5% for Cerrobend blocks). The interleaf (between sides) transmission is usually 
less than 3%. The primary beam transmission may be further minimized by combining jaws with 
the MLC in shielding areas outside the MLC field opening.

Some MLC systems have double-focused leaves; that is, the leaves form a cone of irregular 
cross section diverging from the source position and move on a spherical shell centered at the 
source. The rationale behind a double-focused MLC is to provide a sharp beam cutoff at the edge. 
However, for high-energy beams this objective is achieved only to a limited extent, because the 
dose falloff at the edge is largely determined by laterally scattered photons and electrons. Because 
double-focused MLCs are difficult to manufacture, some systems have been designed with rounded 
leaf edges and directions of travel perpendicular to the central ray. The purpose of rounded edges 
is to provide constant beam transmission through a leaf edge, regardless of its position in the field.

A

B

Figure 13.2. A: Cerrobend blocks 
for lung shielding. B: Custom blocks for 
head and neck.
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An important consideration in the use of MLCs for stationary fields is the conformity between 
the planned field boundary, which is continuous, and the jagged stepwise boundary created by 
the MLC. The degree of conformity between the two depends not only on the projected leaf 
width, but also on the shape of the target volume and the angle of rotation of the collimator. 
Optimization of MLC rotation and setting has been discussed by Brahme (10). His analysis 
shows that the best orientation of the collimator is when the direction of motion of the leaves is 
parallel with the direction in which the target volume has the smallest cross section.

The physical penumbra (section 11.1) with MLC is larger than that produced by the collima-
tor jaws or the Cerrobend blocks (Fig. 13.5). This is usually not a serious drawback except for 

Independent jaw
Secondary block

Central axis
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Figure 13.3. Comparison of isodose distribution with half the beam blocked by an independent jaw versus a block 
on a tray. Notice close agreement as well as the tilt of the isodose curves toward the blocked edge.
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the treatment of small fields or when blocking is required close to critical structures. Also, jag-
gedness of the field edges makes it difficult to match adjacent fields.

The use of MLC in blocking and field shaping is ideally suited for treatments requiring large 
numbers of multiple fields because of automation of the procedure, thus resulting in a significant 
reduction of setup time. MLC can practically eliminate the use of Cerrobend blocking except for 
shaping small fields or “island” blocking in which an area within the open portion of the fields 
needs to be blocked.

The importance of MLC is not just the replacement of Cerrobend blocking. The greater 
impact of this technology is in the automation of field shaping and modulation of beam intensity. 
Modern radiotherapy techniques such as 3-D conformal radiation therapy (Chapter 19) and 
intensity-modulated radiation therapy (Chapter 20) are dependent on dynamically controlled 
MLCs. Other applications include dynamic wedges and electronic compensation. For further 
details on MLC designs and applications, the reader is referred to a review by Boyer (11).

13.3. SKIN DOSE 

When a patient is treated with a megavoltage beam, the surface dose or skin dose can be sub-
stantially lower than the maximum dose that occurs in the subcutaneous tissues. In contrast 
to lower-energy beams (e.g., superficial and orthovoltage x-rays), which give rise to maximum 
ionization at or close to the skin surface, the megavoltage beams produce an initial electronic 
buildup with depth. Consequently, the surface dose is less than the maximum dose that occurs at 
a depth downstream. The higher the energy, the deeper is the depth of maximum dose.

Skin sparing is one of the most desirable features of high-energy photon beams. However, 
this effect may be reduced or even lost if the beam is excessively contaminated with secondary 
electrons. In the following sections, the sources of this contamination and the methods used to 
reduce it will be discussed.

A. ELECTRON CONTAMINATION OF PHOTON BEAMS

Surface dose is the result of electron contamination of the incident beam as well as the backscat-
tered radiation (both electrons and photons) from the medium. It is well known that all x-ray 

Figure 13.4. Varian Millennium multileaf collimator. (Courtesy of Varian associates, palo alto, Ca.) [Source: www.
varian.com.]
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240 part II Classical radiation therapy

and g-ray beams used in radiation therapy are contaminated with secondary electrons. These 
electrons are mostly Compton electrons produced by photon interactions with the collimator, 
the flattening filter, and other materials in the path of the beam such as wedges and shadow tray. 
If a shadow tray is the last absorber in the beam, it will absorb most of the electrons incident on 
it but, in turn, will generate its own Compton electrons. The tray is then the main contributor of 
contaminant electrons incident on the patient.

Electron contamination also effects the variation of dose in the buildup region with field size. 
It is well known that as the field size increases, the depth dose in the buildup region increases, 
resulting in a shift in the depth of maximum dose, dmax, to increasingly shallower depths (12–14). 
Several investigators (15–17) have shown that this effect is predominantly caused by the second-
ary electrons.

B. MEASUREMENT OF DOSE DISTRIBUTION IN THE BUILDUP REGION

Because of the steep dose gradient in the buildup region, the size of the dosimeter along the 
beam direction should be as small as possible. Extrapolation chambers (see Chapter 6) are 

A

B

Figure 13.5. Comparison of 
physical penumbra associated 
with multileaf collimator A: and 
 Cerrobend blocks B: Field size =  
15 × 15, depth = 10 cm, and 
energy = 6 MV. Dose distribution 
normalized to 100% at central axis. 
(From Galvin JM, Smith ar, Moeller 
rD, et al. evaluation of multileaf 
 collimator design for a photon 
beam. Int J Radiat Oncol Biol Phys. 
1992;23:789–801, with permission.)
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the instruments of choice for these measurements. However, only few institutions have these 
instruments available. Instead, fixed-separation plane-parallel ionization chambers are most 
commonly used for this purpose. Although these chambers are very suitable for measurements 
in regions of severe dose gradients, their response is dependent, in a complex manner, on their 
design. Several papers have discussed the inaccuracies in the measurement of dose in the buildup 
region when using fixed-separation plane-parallel chambers. These inaccuracies arise primarily 
as a result of electron scattering from the side walls of the chamber (18–20). These may be mini-
mized by using a smaller plate separation and wider guard ring in the design of the chamber. 
Furthermore, the chambers may exhibit a significant polarity effect in the buildup region, which 
may be corrected by averaging the readings obtained with the positive and negative polarities. 
Gerbi and Khan (21) have studied several commercially available plane-parallel chambers and 
found that they overrespond in the buildup region. The errors were more severe at the surface 
and for the lower beam energies (e.g., 60Co). The magnitude of overresponse at the surface for 
a 60Co beam ranged from 9% to 20% for the chambers studied.

Thin layers (<0.5 mm) of thermoluminescent dosimeter (TLD) material can also be used for 
measuring dose distribution in the buildup region. The TLD phosphor (e.g., LiF) can be in the 
form of chips, crystals embedded in plastic, or powder layers (18,22,23). The surface dose may be 
obtained by extrapolating the depth–dose distribution curve to zero depth. In vivo measurements 
of surface dose can also be made by placing thin TLD chips directly on the skin surface. Such mea-
surements are useful in checking dosimetry if an unacceptable degree of skin reaction develops.

C. SKIN SPARING AS A FUNCTION OF PHOTON ENERGY

Studies have shown that the dose distribution in the buildup region depends on many variables 
such as beam energy, source to surface distance (SSD), field size, and position of secondary 
blocking tray (18,22–26). Table 13.2 gives values for different energies. These data are pre-
sented here as an example and should not be considered universal for all machines, especially 
for depths less than 2 mm. Reasonable agreement between different machines has been shown 
to exist for greater depths.

Examination of Table 13.2 would also indicate that for all energies the dose increases rapidly 
within the first few millimeters and then gradually achieves its maximum value at the depth of 
peak dose. For example, in the case of 4 MV, the percent depth dose increases from 14% to 74% 
in the first 2 mm, reaches 94% at a 5-mm depth, and achieves its maximum value at a 10-mm 
depth. A practical application of this phenomenon is the case in which buildup bolus (Chapter 12)  
is used intentionally to maximize the dose on the skin (e.g., covering a scar with a strip of 
bolus). A tissue-equivalent bolus of 5 to 6 mm of thickness is usually adequate for 4 MV. Thus, 

TABLE 13.2 Buildup Dose Distribution in Polystyrene for a 10 × 10-cm Field

Depth (mm) 60Co 80 cma 4 MV 80 cma 10 MV 100 cmb 25 MV 100 cma

 0  18.0  14.0  12.0  17.0

 1  70.5  57.0  30.0  28.0

 2  90.0  74.0  46.0  39.5

 3  98.0  84.0  55.0  47.0

 4 100.0  90.0  63.0  54.5

 5 100.0  94.0  72.0  60.5

 6 —  96.5  76.0  66.0

 8 —  99.5  84.0  73.0

10 — 100.0  91.0  79.0

15 — —  97.0  88.5

20 — —  98.0  95.0

25 — — 100.0  99.0

30 — — — 100.0

aData from Velkley De, Manson DS, purdy Ja, Oliver GD. Buildup region of megavoltage photon radiation sources. Med 
Phys. 1975;2:14.
bData from Khan FM, Moore VC, Levitt Sh. effect of various atomic number absorbers on skin dose for 10-MeV x-rays. 
Radiology. 1973;109:209.
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the thickness of bolus required to achieve 90% to 95% buildup of dose is substantially less than 
the depth of maximum dose.

Although the skin sparing depends on many conditions, as mentioned earlier, the effect, in 
general, becomes more and more pronounced as photon energy increases. For higher-energy 
beams, significant sparing can be achieved not only for the skin surface, but also for the subcu-
taneous tissues.

D. EFFECT OF ABSORBER TO SKIN DISTANCE

The electron contamination with no absorber placed in the open beam is mainly caused by the 
secondary electron emission from the collimator, flattening filter, and air. When a shadow tray 
(or any absorber) of thickness greater than the range of secondary electrons (equilibrium thick-
ness) is introduced in the beam, the collimator electrons are almost completely absorbed but the 
tray itself becomes the principal source of electron contamination of the beam. By increasing the 
distance between the tray and the surface, the electron fluence incident on the skin is reduced 
because of divergence as well as absorption and scattering of electrons in the air. Thus, skin 
sparing is enhanced by placing the shadow tray farther away from the skin. In the case of a 60Co 
g-ray beam, it has been shown (27,28) that for small fields an air gap of 15 to 20 cm between 
the scatterer and the skin is adequate to keep the skin dose to an acceptable level (<50% of the 
Dmax). This has been found to be true for higher-energy beams as well (17).

Figure 13.6 shows the effect on dose distribution in the buildup region as a Lucite shadow 
tray is placed in the beam at various distances from the phantom surface. Not only does the 
relative surface dose increase with decreasing tray to surface distance, but also the point of maxi-
mum dose buildup moves closer to the surface.

Figure 13.6 also illustrates the principle of what is known as the “beam spoiler.” A low-
atomic-number absorber, such as a Lucite shadow tray, placed at an appropriate distance from 
the surface, can be used to modify the buildup curve. Doppke et al. (29) have discussed the treat-
ment of certain head and neck cancers with 10-MV x-rays using a beam spoiler to increase the 
dose to the superficial neck nodes.

E. EFFECT OF FIELD SIZE

The relative skin dose depends strongly on field size. As the field dimensions are increased, the 
dose in the buildup region increases. This increase in dose is due to increased electron contamina-
tion. Figure 13.7 is a plot of relative surface dose as a function of field size for 60Co, 4-MV, and 
10-MV beams. These data show that skin sparing is significantly reduced for the larger field sizes.

Saylor and Quillin (24) have discussed the relative importance of field size and tray to skin 
distance for 60Co g rays. They have shown that the optimum skin sparing occurs for an h/r value 
of about 4, where h is the tray to surface distance and r is the radius of an equivalent circular 
field. This ratio can be easily achieved for the 5 × 5-cm field, because it requires a distance of 
12 cm; however, for the 30 × 30-cm field, the corresponding absorber to surface distance is 
67 cm, which is hardly possible for isocentric treatments.
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Figure 13.6. effect of Lucite shadow 
tray on dose buildup for 10-MV x-rays. 
percent depth–dose distribution is 
 plotted for various tray to surface 
 distances (d). 10-MV x-rays, tray  
thickness = 1.5 g/cm2, field size =  
15 × 15 cm2, source to surface  
distance = 100 cm, and source to 
diaphragm distance = 50 cm. (From 
Khan FM, Moore VC, Levitt Sh. effect of 
various atomic number absorbers on 
skin dose for 10-MeV x-rays. Radiology. 
1973;109:209, with permission.)
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When using large fields with a tray to skin distance of 15 to 20 cm, it becomes necessary to 
use electron filters to maintain the skin-sparing effect. These are discussed in the next section.

F. ELECTRON FILTERS

The skin dose can be reduced by using g-ray absorbers of medium atomic number (Z in the 
range of 30–80). Such absorbers are commonly known as electron filters, because their introduc-
tion in the photon beam reduces the secondary electron scatter in the forward direction. Hine 
(30,31) studied the scattering of electrons produced by g rays in materials of various atomic 
numbers. He showed that the medium-atomic-number absorbers give less electron scatter in the 
forward direction than either the low- or the very-high-Z materials. Khan (22) and Saylor and 
Quillin (24) applied the results of Hine’s study to the design of electron filters for the purpose of 
improving skin dose for 60Co teletherapy. Later it was shown that such filters not only reduce the 
surface dose, but also improve the buildup characteristics of large fields (32).

Figure 13.8 is a plot of relative surface dose as a function of log (Z + 1). These data are 
plotted in this manner to show agreement with the theoretical relationship discussed by Hine 
(30,31). As Z increases, the surface dose falls to a shallow minimum due to increased elec-
tron scattering in the absorbers. Further increases in Z result in increased surface dose due to 
increased production of photoelectrons and electron pairs in addition to the Compton electrons. 
The minimum occurs at about Z = 50, which is the atomic number of tin. These results obtained 
for 10-MV x-rays qualitatively agree with those obtained for 60Co g rays (24,30,31).

Effectiveness of tin in reducing skin dose is demonstrated in Figure 13.9. Greater reduction is 
possible by increasing the filter to skin distance as discussed previously.

To preserve the light field, Saylor and Quillin (24) have suggested the use of leaded glass as 
an electron filter. However, breakability of leaded glass may pose a serious problem. We have 
used a tin sheet mounted on a pressed wood sheet that could be slipped under the Plexiglas tray 
at the end of the treatment setup. In this arrangement, the tin filter must face the patient surface.
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The thickness of an electron filter, in theory, should be at least equal to the maximum range 
of secondary electrons. For 60Co, this thickness is about 0.5 g/cm2 or 0.9 mm of tin (assuming 
rtin = 5.75 g/cm3). For higher energies, thicknesses less than the maximum range of electrons 
may be used for practical reasons.

G. SKIN SPARING AT OBLIQUE INCIDENCE

Skin dose has been shown to increase with increasing angle of incidence (33–39). Clinically, 
brisk reactions have been observed in patients when the beam is incident at near glancing 
angles. Jackson (35) has explained the increase in skin dose with increasing angle of incidence 
through the concept of electron range surface (ERS). The ERS is a 3-D representation of second-
ary electron range and distribution produced by a pencil beam of photons interacting with the 
medium (Fig. 13.10). Electrons generated inside the ERS volume will reach P and contribute to 
the dose there, whereas those generated outside, because of their inadequate range, make no 
contribution. The ERS for 60Co g rays is in the shape of an ellipsoid with axial dimensions of  
5 × 2.4 mm2 (35). As illustrated in Figure 13.10, the increase in the angle of incidence of the 
photon beam results in additional surface dose at P because of electron contribution from the 
portion of the ERS, which appears below the phantom surface (hatched curve). For tangential 
beam incidence, since half of the ERS is below the phantom surface, an upper estimate of the 
dose to the skin may be obtained by the following relationship (35,39):

 Percent skin dose �
1
2

 (100% � entrance dose) (13.1)

where the entrance dose represents the surface dose for normal incidence expressed as a percent-
age of Dmax. The skin dose for other angles of incidence will lie between the values for the normal 
and the tangential incidence.

Gerbi et al. (40) did a systematic study of dose buildup for obliquely incident beams as a func-
tion of energy (6–24 MV), angle, depth, field size, and SSD. A quantity obliquity factor (OF) was 
defined as the dose at a point in phantom on central axis of a beam incident at angle u, with respect 
to the perpendicular to the surface, divided by the dose at the same point and depth along central 
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axis with the beam incident at angle 0 degrees. The OF, therefore, represents dose enhancement 
due to beam obliquity for the same depth. Figure 13.11 shows that the OF at the surface increases 
with the increase in the angle of incidence, first gradually and then dramatically beyond 45 degrees. 
Thus, the surface dose at large oblique angles can be significantly higher than at normal incidence. 
At tangential or grazing incidence, the surface dose approaches the value given by Equation 13.1.

ERS

Beam

Surface

A B

PP

Phantom

C

P

Figure 13.10. the use of electron range surface (erS) to determine surface dose buildup at point P. A: perpendicular 
beam incidence. B: Oblique beam incidence. C: tangential beam incidence.
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Another important effect associated with oblique angles is that as the surface dose increases 
with the angle of incidence, the depth of maximum buildup decreases. The dose reaches its 
maximum value faster at glancing angles than at normal incidence. As a result, the dose buildup 
region is compressed into a more superficial region. Under these conditions, a high skin reaction 
becomes much more likely. Jackson (35) has discussed the possibility that if the sensitivity of the 
skin extends to the first or second millimeter below the surface, at glancing angles skin sparing is 
practically lost for the cobalt unit and greatly reduced for higher-energy beams.

13.4. SEPARATION OF ADJACENT FIELDS 

Adjacent treatment fields are commonly employed in external beam radiation therapy, such as 
the “mantle” and “inverted Y” fields for the treatment of Hodgkin disease. In some cases, the 
adjacent fields are orthogonal, such as the craniospinal fields used in the treatment of medul-
loblastoma. Another example is the irradiation of head and neck tumors when the lateral neck 
fields are placed adjacent to the anterior supraclavicular field. In each of these situations, there 
is a possibility of introducing very large dosage errors across the junction. Consequently, this 
region is at risk for tumor recurrence if it is underdosed or severe complications if it is  overdosed.

The problem of adjacent fields has been extensively studied (41–53). A number of techniques 
have been devised to achieve dose uniformity in the field junction region. Some of the more 
commonly used techniques are illustrated in Figure 13.12. Figure 13.12A has been described by 
Lance and Morgan (41); here fields are angled away from a common line of abutment to avoid 
overlap of the fields due to their geometric divergence. Figure 13.12B illustrates the methods in 
which the fields are separated at the skin surface to provide dose uniformity at a desired depth. 
The separation or gap between the fields is calculated on the basis of geometric divergence (53) 
or isodose curve matching (42,43). A technique using split beams (49,53) is illustrated in Figure 
13.12C. In this method, the beam is split along the plane containing the central axis by using a 
half-beam block or a beam splitter, thus removing the geometric divergence of the beams at the 
split line. Figure 13.12D uses penumbra generators or spoilers (46,47). These lead wedges are 
custom designed to provide satisfactory dose distribution across the field junction.

In clinical practice, the fields are usually abutted at the surface if the tumor is superficial at the 
junction point. Care is taken, however, that the hot spot created due to the overlap of the beams 
at depth is clinically acceptable, considering the magnitude of the overdosage and the volume 
of the hot spot. In addition, the dosage received by a sensitive structure such as the spinal cord 
must not exceed its tolerance dose.

For the treatment of deep-seated lesions such as in the thorax, abdomen, and pelvis, the fields 
can be separated on the surface. It is assumed in this case that the cold spots created by the field 
separation are located superficially where there is no tumor.

A. METHODS OF FIELD SEPARATION

As stated earlier, the field separation can be accomplished geometrically or dosimetrically.

A.1. Geometric

If the geometric boundary of the field is defined by the 50% decrement line (line joining the 
points at depth where the dose is 50% of the central axis value at the same depth), the dose at 
the point of junction between the beams will add up to be 100%. The dose distribution laterally 
across the junction is more or less uniform, depending on the interfield scatter contribution and 
the penumbra characteristics of the beam.

If the two fields are incident from one side only and made to junction at a given depth 
(Fig. 13.13), the dose above the junction will be lower and below the junction higher than the 
junction dose. In the case of four fields when two fields are incident from one side and two from 
the parallel opposed direction (Fig. 13.14), the fields are usually made to junction at the midline 
depth (e.g., mantle and inverted Y fields). Such an arrangement can be used to obtain almost a uni-
form distribution at the midline, but cold spots are created above and below the junction point.

Figure 13.13 shows the geometry of two adjacent beams that are allowed to join at a given 
depth d. Let L1 and L2 be the field lengths and SSD1 and SSD2 be the SSDs. Since triangles ABC 
and CDE are similar,

 
CD
DE

 �
BC
AB
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or

 
S1

d
 �

L1

2
 #

1
SSD1

 (13.2)

giving

 S1 �
1
2

 # L1
# d
SSD1

 (13.3)

A B

Separation

C D

Figure 13.12. Schematic representation of various techniques used for field matching. A: angling the beams away 
from each other so that the two beams abut and are aligned vertically. B: Fields separated at the skin surface. the junc-
tion point is at a depth where dose is uniform across the junction. C: Isocentric split-beam technique for head and neck 
tumors. (redrawn from Williamson tJ. a technique for matching orthogonal megavoltage fields. Int J Radiat Oncol Biol 
Phys. 1979;5:111.) D: Craniospinal irradiation using penumbra generators. (redrawn from Griffin tW, Schumacher D, Berry 
hC. a technique for cranial-spinal irradiation. Br J Radiol. 1976;49:887.)
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Similarly,

 S2 �
1
2

 # L2
# d
SSD2

 (13.4)

Thus, the total separation S on the surface is given by

 S � S1 � S2

1
2

 # L1
# d
SSD1

 �
1
2
 # L2

# d
SSD2

 (13.5)

Figure 13.14A shows an ideal geometry in which there is no overlap between a field and its adjacent 
opposing neighbor. The arrangement shown in Figure 13.14B, on the other hand, creates regions of 
“three-field overlap” (shaded areas) where the bigger fields diverge into the opposing smaller fields. 
Consequently, the total dose there may exceed the central axis dose at the same depth. This will be 
of concern if a significant portion of the spinal cord is in the three-field overlap region.

The maximum length of three-field overlap (ΔS) occurs on the surface and is given by

 ΔS = S1 – S2 (13.6)

A

B C
D

E

d

SSD1 SurfaceSSD2

L2

S1 S2

L1

Figure 13.13. Geometry of two 
adjacent beams, separated by a distance 
S1 + S2 on the surface and junctioning at 
depth d. SSD, source to surface distance.

S1= S2

Midline

S2

Midline

S1

B

A

Figure 13.14. two pairs of parallel 
opposed fields. adjacent fields are 
separated on the surface so that they 
all join at a point on the midline.  
A: Ideal geometry in which there is no 
three-field overlap. B: arrangement in 
which there are two regions (shaded) 
of three-field overlap.
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ΔS can be made equal to zero if

 
L1

L2

 �
SSD1

SSD2

 (13.7)

Thus, if the field lengths are different, the SSDs can be adjusted to eliminate the three-field over-
lap. Also, if the geometrically calculated gap (S1 + S2) is increased by ΔS, the three-field overlap 
is  eliminated at the expense of a cold spot at the midline. As a compromise, one could increase 
the gap (S1 + S2) by an amount ΔS∙ just enough to eliminate the three-field overlap in a specific 
region such as the spinal cord. ΔS∙ can be calculated geometrically:

 �S� � �S #
d� � d

d
 (13.8)

where d∙ is the depth of the cord from the anterior surface and d is the midline depth.
The three-field overlap in Figure 13.14B can also be avoided by using the same length and 

SSD for all the four fields and blocking the second pair (e.g., paraortic or inverted Y fields) 
caudally as needed. This technique is more convenient when the accelerator is equipped with 
asymmetric collimators that can be moved independently of each other.

ExAMPLE 1

A patient is treated with parallel opposed mantle and paraortic fields of lengths 30 and 15 cm, 
respectively. Calculate (a) the gap required on the surface for the beams to intersect at a midline 
depth of 10 cm and (b) the gap required to just eliminate the three-field overlap on the cord 
assumed to be at a depth of 15 cm from the anterior surface, given SSD = 100 cm for all the fields:

a.
 S1 �

1
2

 # L1
# d
SSD

 �
1
2

 � 30 �
10
100

 � 1.5 cm 

 S2 �
1
2

 # L2
# d
SSD

 �
1
2
 � 30 �

10
100

 � 0.75 cm 

Total gap required = 1.5 + 0.75 = 2.3 cm

b. ΔS = S1 = S2 = 1.5 – 0.75 = 0.75 cm 

Length of three-field overlap on the cord:

 �S� � �S #
d� � d

d
 � 0.75 �

15 � 10
10

 � 0.4 cm 

New gap required = S1 + S2 + ΔS∙ = 2.7 cm.
Although the previous geometric considerations provide useful criteria for field separation, 

one must be aware of their limitations. For example, the actual dose distribution may present a 
different picture than the predictions based on pure geometry of beam divergence. Patient posi-
tioning, beam alignment, field penumbra, and radiation scatter are all relevant factors that make 
this problem one of the most complex in radiation therapy.

Figure 13.15 shows the composite dose distribution for the cases discussed in Example 1. 
Each beam is given a weight of 100 at the depth of Dmax. The expected three-field hot spot is seen 
in Figure 13.15A when the beams intersect at the midline. This hot spot is eliminated when the 
gap is increased from 2.3 cm to 3.0 cm (=S1 + S2 + ΔS) (Fig. 13.15B). However, the dose in the 
junction region has dropped considerably. Such a procedure will be justified only if the junction 
region is tumor free. Figure 13.15C shows the distribution when the gap is just enough to elimi-
nate the three-field overlap at the cord (i.e., gap = 2.7 cm). This reduces the dose to the cord but 
also cools down the midjunction area by about 10%.

In practice, the choice between the options shown in Figure 13.15 should be based on physi-
cal, clinical, and technical considerations. As usual, the guiding principles are that the tumor 
must receive adequate dosage and sensitive structures must not be treated beyond tolerance. 
If these conditions are not satisfied, other methods of field matching, discussed earlier in this 
chapter, may be considered.

A.2. Dosimetric

The separation of fields can be determined by optimizing the placement of fields on the contour 
so that the composite isodose distribution is uniform at the desired depth and the hot and cold 
spots are acceptable. The accuracy of this procedure depends on the accuracy of the individual 
field isodose curves, especially in the penumbra region.
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B. ORTHOGONAL FIELD JUNCTIONS

Orthogonal fields denote an arrangement in which the central axes of the adjacent fields are 
orthogonal (i.e., perpendicular to each other). For example, orthogonal fields are used for the 
treatment of medulloblastoma in which the craniospinal irradiation is accomplished by lateral 
parallel opposed brain fields coupled with a posterior spine field. Another common example is 
treatment of the neck by bilateral fields while an orthogonally adjacent anterior field is used to 
treat the supraclavicular areas.

The problem of matching orthogonal fields has been discussed by several investigators (48–
52). For superficial tumors such as in the head and neck areas, it may be inadvisable to separate 
the adjacent fields unless the junction area is over a tumor-free region. If separation is not pos-
sible, one may use beam splitters and abut the fields along or close to their central axes (50). 
The matching line should be drawn each time before treatment to avoid overlap of the fields. If 
a sensitive structure such as the spinal cord exists in the junction region, one may additionally 
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Figure 13.15. Geometric separation of fields with all the four beams intersecting at midpoint. adjacent field sizes:  
30 × 30 cm2 and 15 × 15 cm2; source to surface distance (SSD) = 100 cm; anteroposterior thickness = 20 cm; 4-MV 
x-ray beams; each beam weighted 100 at its depth of Dmax. A: Field separation at surface = 2.3 cm. a three-field overlap 
exists in this case because the fields have different sizes but the same SSD. B: the adjacent field separation increased to  
3 cm to eliminate three-field overlap on the surface. C: Field separation adjusted 2.7 cm to eliminate three-field overlap 
at the cord at a 15-cm depth from anterior.
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block an appropriate segment of the cord anteriorly or laterally, provided there is no tumor in 
the shielded region.

As stated previously, field separation is possible for deep-seated tumors if there is no tumor 
in the superficial junction region. A geometric method of orthogonal field separation has been 
described by Werner et al. (52). According to this method, one pair of opposing fields, defined by 
the collimating light, is allowed to diverge on the skin and the point of intersection of the field 
borders is marked. From this point, a distance S is calculated to separate the orthogonal fields.

The separation S is given by

 S �
1
2

 # L # d
SSD

 (13.9)

where d is the depth at which the orthogonal fields are allowed to join. A general diagram for 
orthogonal field separation is illustrated in Figure 13.16A.

B.1. Craniospinal Fields

Craniospinal irradiation involves a complex technique in which orthogonal junctions are 
created between the lateral brain fields and a posterior spine field. The spinal field, because 
of its large length, may be split into two spinal fields with a junction gap calculated  according 
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Figure 13.16. A: a general diagram showing the separation of orthogonal fields. B: an example of orthogonal fields 
used for craniospinal irradiation. C: a lateral view of B, illustrating the geometry of orthogonal field separation.
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to Equation 13.5. The junction between the cranial and the spinal fields can be accomplished 
in several ways (48–50,52,54,55).

Technique A. Figure 13.16B presents an example showing bilateral cranial fields adjacent to a 
spinal field. The cranial light fields are allowed to diverge on the skin and their inferior borders 
meet at a point midway on the posterior neck surface. From this point, the spinal field is sepa-
rated by a distance S, which is calculated from Equation 13.9 by substituting depth d of spine 
(from the posterior surface), length L, and SSD for the spinal field. In this diagram, the solid line 
represents the light field on the surface. The dashed line shows the field projected at the depth of 
the spinal cord. Figure 13.16C is the lateral view of Figure 13.16B.

Technique B. The patient is positioned prone with the forehead resting on a rigid head 
support and the chest and abdomen resting on hard Styrofoam blocks (Fig. 13.17A). Some 

Independent
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Independent
jaws
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θ

Unrotated Rotated

B

D
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A

Figure 13.17. Craniospinal irradiation technique. A: patient setup showing Styrofoam blocks and alpha Cradle mold 
to provide stable position for abdomen, chest, and head. B: elimination of cranial field divergence by using an indepen-
dent jaw as a beam splitter. C: Lateral view of fields showing cranial field rotated to align with the diverging border of 
the spinal field. D: Couch rotated to provide match between the spinal field and the diverging border of the cranial field. 
technique B provides an alternative to couch rotation in D.
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 institutions use a half-shell plaster body cast under the patient for immobilization of head and 
neck relative to thorax (54,55). The spine field is simulated with the cephalad margin on the 
neck but without exiting through the mouth. By opening the light field, the diverging bound-
ary of the cephalad margin of the spinal field is displayed on the lateral aspect of the neck. This 
boundary is marked on the patient’s skin to provide a match line for the lateral cranial fields. 
The cranial fields are set up so that their caudad field margins are parallel with the diverging 
cephalad margin of the spinal field. This is accomplished by rotating the collimator of the 
cranial fields through an angle ucoll (Fig. 13.17C).

If the cranial fields were nondivergent, the rotation of the cranial fields through ucoll would be 
sufficient to provide the desired geometric match between the cranial and the spinal fields. How-
ever, to match the diverging cranial fields with the diverging spinal field, the couch must also be 
rotated through ucouch in addition to the rotation of the cranial fields through ucoll (Fig. 13.17D). 
The two angles ucoll and ucouch can be calculated as

 ucoll � arc  tan a1
2

 # L1
# 1

SSD
 b  (13.10)

 ucoch � arc  tan a1
2

 # L2
# 1

SAD
 b  (13.11)

where L1 is the length of the posterior spinal field, L2 is the length of the lateral cranial field, 
SSD is the SSD for the spinal field, and SAD is the source to axis distance for the cranial fields, 
assuming that the SSD technique is used for the spinal field and the SAD technique for the cranial 
fields. The couch is rotated toward the side the cranial field enters the head.

An alternative approach to rotating the couch is to eliminate cranial field divergence by using 
a half-beam block or an independent jaw to split the fields at the craniospinal junction line 
(Fig. 13.17B). The beam splitter is positioned at the central axis or close to it, thereby eliminat-
ing divergence of the rays at the junction line. The collimator of the cranial fields is still tilted 
through ucoll as discussed earlier.

The technique of using independent jaw and ucoll to match the craniospinal fields has two 
advantages: (a) orthogonal field matching is achieved with no overlaps between the cranial and 
spinal fields at any depth, and (b) the independent jaw can be conveniently used to move the 
craniospinal junction line caudally by about a centimeter each week during the treatment course 
to smear out the junctional dose distribution. As long as the independent jaw splits the cranial 
fields within a few centimeters of the central axis, the divergence of the cranial fields into the 
spinal field at the matching line will be minimal.

C. GUIDELINES FOR FIELD MATCHING

 1. The site of field matching should be chosen, insofar as possible, over an area that does not 
contain tumor or a critically sensitive organ.

 2. If the tumor is superficial at the junction site, the fields should not be separated because a 
cold spot on the tumor will risk recurrence. However, if the diverging fields abut on the skin 
surface, they will overlap at depth. In some cases, this may be clinically acceptable, provided 
the excessive dosage delivered to the underlying tissues does not exceed their tolerance. In 
particular, the tolerances of critical structures such as the spinal cord must not be exceeded. 
In the case of a superficial tumor with a critical organ located at depth, one may abut the 
fields at the surface but eliminate beam divergence using a beam splitter or by tilting the 
beams.

 3. For deep-seated tumors, the fields may be separated on the skin surface so that the junction 
point lies at the midline. Again, care must be taken in regard to a critical structure near the 
junction region.

 4. The line of field matching must be drawn at each treatment session on the basis of the 
first field treated. It is not necessary anatomically to reproduce this line every day because 
variation in its location will only smear the junction point, which is desirable. For the 
same reason some advocate moving the junction site two or three times during a treatment 
course.

 5. A field-matching technique must be verified by actual isodose distributions before it is adopt-
ed for general clinical use. In addition, beam alignment with the light field and the accuracy 
of isodose curves in the penumbra region are essential prerequisites.
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• Thickness of lead required to give 5% primary beam transmission is 4.3 half-value 
 layers.

• Half-beam blocking gives rise to tilting of the isodose curves toward the blocked edge. 
This effect is due to missing electron and photon scatter from the blocked part of the 
field into the open part of the field.

• Physical penumbra with a rounded-end MLC is wider than that with the collimator 
jaws or Cerrobend blocks.

• Surface dose in megavoltage beams is predominantly due to the electron contamination 
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High-energy electrons have been used in radiation therapy since the early 1950s. Originally, 
the beams were extracted mostly from betatrons, although a few linear accelerators and Van 
de Graaff generators with relatively low electron energies were also available. In the 1970s, 
high-energy linear accelerators, having photon and multienergy electron beam capabilities, 
became increasingly available for clinical use. The surge in the commercial development of these 
machines was prompted largely by the clinical experience gained at a few major centers, which 
showed that in some commonly encountered situations “there is no alternative treatment to 
electron beam therapy” (1).

The most clinically useful energy range for electrons is 6 to 20 MeV. At these energies, the 
electron beams can be used for treating superficial tumors (<5 cm deep) with a characteristi-
cally sharp dropoff in dose beyond the tumor. The principal applications are (a) the treatment 
of skin and lip cancers, (b) chest wall irradiation for breast cancer, (c) administering boost dose 
to nodes, and (d) the treatment of head and neck cancers. Although many of these sites can also 
be treated with superficial x-rays, brachytherapy, or tangential photon beams, the electron beam 
irradiation offers distinct advantages in terms of dose uniformity in the target volume and in 
minimizing dose to deeper tissues.

This chapter is intended to provide basic information on electron beam characteristics, dosime-
try, and treatment planning. Most of the discussion will pertain to 6- to 20-MeV electrons, although 
the data at these energies can be qualitatively extrapolated to the lower or the higher energy range.

14.1. ELECTRON INTERACTIONS 

As electrons travel through a medium, they interact with atoms by a variety of processes owing 
to Coulomb force interactions. These processes include (a) inelastic collisions with atomic elec-
trons (ionization and excitation), (b) inelastic collisions with atomic nuclei (bremsstrahlung), 
(c) elastic collisions with atomic nuclei (nuclear scattering), and (d) elastic collisions with atomic 
electrons (electron-electron scattering).

In inelastic collisions, some of the kinetic energy is lost as it is used in producing ionization 
and excitation or converted to other forms of energy such as bremsstrahlung photons. In elas-
tic collisions, kinetic energy is not lost, although it may be redistributed among the particles 
emerging from the collision. In low-atomic-number media such as water or tissues, electrons 
lose energy predominantly through ionization/excitation events with atomic electrons. In higher-
atomic-number materials, such as lead, bremsstrahlung production is more important. In the 
collision process with the atomic electrons, if the kinetic energy acquired by the stripped electron 
is large enough for it to cause further ionization, the electron is known as a secondary electron 
or a d-ray. As a beam of electrons travels through a medium, the energy is continually degraded 
until the electrons reach thermal energies and are captured by the surrounding atoms.

Multiple elastic collisions of a high-energy electron (multiple scattering) produce multiple 
small angle deflections. As a result, the electron follows a tortuous (zigzag) path, while it also 
continuously loses kinetic energy through inelastic collisions with atoms (ionization and excita-
tion) until all of its kinetic energy is gone.

A. RATE OF ENERGY LOSS

An electron traveling in a medium loses energy as a result of collisional and radiative processes. 
The magnitudes of the two effects for water and lead are shown in Figure 14.1. Although the 
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 theoretical treatment of this subject is given elsewhere (2–5), it will suffice here to provide some 
important generalizations.

A.1. Collisional Losses (Ionization and Excitation)

(a) The rate of energy loss depends on the electron density of the medium. (b) The rate of 
energy loss per gram per centimeter squared, which is called the mass stopping power, is 
greater for low-atomic-number (Z) materials than for high-Z materials (compare the water 
curve to the lead curve in Fig. 14.1). There are two reasons for this: First, high-Z materials 
have fewer electrons per gram than low-Z materials have and, second, high-Z materials have 
more tightly bound electrons, which are not as available for this type of interaction. (c) As seen 
in Figure 14.1, the energy loss rate first decreases and then increases with increase in electron 
energy with a minimum occurring at about 1 MeV. Above 1 MeV, the variation with energy is 
very gradual. (d) The rate of energy loss of electrons of energy 1 MeV and above in water is 
roughly 2 MeV/cm.

A.2. Radiation Losses (Bremsstrahlung)

The rate of energy loss per centimeter in a medium due to bremsstrahlung is approximately 
proportional to the electron energy and to the square of the atomic number (Z2). Moreover, the 
probability of radiation loss relative to the collisional loss increases with the electron energy 
and with Z. That means that x-ray production is more efficient for higher-energy electrons and 
higher-atomic-number absorbers.

A.3. Polarization

A high-energy electron loses more energy per gram per square centimeter in a gas than in tra-
versing a denser medium, because of appreciable polarization of the condensed medium (5–7). 
Atoms close to the electron track screen those remote from the track. This phenomenon is par-
ticularly important in dosimetry with ionization chambers when energy deposition in a medium 
and a gas cavity are compared. The ratio of mass stopping power of water to air varies with 
electron energy, and consequently, the dose conversion factor for an air ionization chamber read-
ing in water (or another condensed medium) varies with depth.

Figure 14.1. rate of energy loss in MeV per g/cm2 as a function of electron energy for water and lead. (From Johns 
he, Cunningham Jr. The Physics of Radiology. 3rd ed. Springfield, IL: Charles C thomas; 1969, with permission.)
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A.4. Stopping Power

The total mass stopping power (S/r)tot of a material for charged particles is defined by the Inter-
national Commission on Radiation Units and Measurements (ICRU) (8) as the quotient of dE by 
rdl, where dE is the total energy lost by the particle in traversing a path length dl in the material 
of density r:

 (S/r)tot = (S/r)col + (S/r)rad (14.1)

where (S/r)col and (S/r)rad apply to collisional losses and radiation losses, respectively, discussed 
in previous Sections A.1 and A.2.

A.5. Absorbed Dose

In calculating the energy absorbed per unit mass (absorbed dose), one needs to know the elec-
tron fluence and the “restricted” collision stopping power. Restricted collision stopping power 
is defined as the rate of energy loss per unit path length in collisions in which energy is “locally” 
absorbed, rather than carried away by energetic secondary electrons. Thus, the restricted colli-
sion mass stopping power, (L/r)col, of a material for charged particles is defined (8) as the quo-
tient of dE by rdl, where dE is the energy lost by a charged particle in traversing a distance dl as 
a result of those collisions with atomic electrons in which the energy loss is less than Δ:

 aL
r

 b
col,�

� a dE
rdl

 b
col,�

 (14.2)

If ΦE is the differentiated distribution of fluence with respect to energy, c�E �
d�(E)

dE
 d , the 

absorbed dose, D, is closely approximated by

 D �L
E0

�

�E
# aL
r

 b
col,�

# dE (14.3)

The use of stopping powers in photon and electron dosimetry has been discussed in Chapter 8. 
Quantitative data on stopping powers as a function of electron energy for various elements 
and materials have been calculated by Berger and Seltzer (9,10) and tabulated in Table A.8 of 
the appendix. More extensive tables of stopping powers are given by the ICRU (11). National 
Institute of Standards and Technology (NIST) maintains a list of stopping powers calculated by 
Berger et al. (12) (http://physics.nist.gov/PhysRefData/Star/Text/ESTAR.html).

B. ELECTRON SCATTERING

When a beam of electrons passes through a medium, the electrons suffer multiple scattering due to 
Coulomb force interactions between the incident electrons and, predominantly, the nuclei of the 
medium. As a result, the electrons acquire velocity components and displacements transverse to 
their original direction of motion. For most practical applications, the angular and spatial spread 
of a narrow, collimated beam of electrons can be approximated by a Gaussian distribution (13).

By analogy with mass stopping power, the ICRU (8) defines the mass angular scattering 
power of the material as the quotient, u2/rl, where u 2 is the mean square scattering angle. Fol-
lowing the calculations of Rossi (13), mass scattering powers for various materials and electron 
energies have been tabulated (14).

The scattering power varies approximately as the square of the atomic number and inversely 
as the square of the kinetic energy. For this reason, high-Z materials are used in the construction 
of scattering foils. Scattering foils spread out the electron beam that emerges from the accelera-
tor tube, and are made thin to minimize x-ray contamination of the electron beam.

14.2. ENERGY SPECIFICATION AND MEASUREMENT 

Although an electron beam is almost monoenergetic before exiting the accelerator structure, the 
random energy degradation that the electrons suffer as they pass through the exit window, scat-
tering foil, monitor chambers, air, and other materials results in the beam taking on a spectrum 
of energies at the phantom surface. Further degradation and spread of beam energy take place 
with depth in the phantom (Fig. 14.2).

In clinical practice, an electron beam is usually characterized by the energy at the body sur-
face. There are several methods that can be used to determine this energy: measurement of 
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threshold energy for nuclear reactions; range measurements; and the measurement of Cerenkov 
radiation threshold (14). Of these, the range method is the most practical and convenient for 
clinical use.

A. MOST PROBABLE ENERGY

The Nordic Association of Clinical Physics (15) recommends the specification of most probable 
energy, (Ep)0 (defined by the position of the spectral peak in Fig. 14.2) at the phantom surface 
and the use of the following relationship:

 (Ep)0 = C1 + C2Rp + C3Rp
2 (14.4)

where Rp is the practical range in centimeters as defined in Figure 14.3. For water, C1 = 0.22 MeV,  
C2 = 1.98 MeV/cm, and C3 = 0.0025 MeV/cm2 (16–18). They further recommend that the field  
size for range measurements be no less than 12 × 12 cm2 for energies up to 10 MeV and no less 
than 20 × 20 cm2 for higher energies.

For the determination of range, ion chambers, diodes, or film may be used. Although the 
range measurements are usually made using the depth ionization curve, the result is only slightly 
different from what would be obtained using depth dose curves (19). The practical range, Rp, 
is the depth of the point where the tangent to the descending linear portion of the curve (at the 
point of inflection) intersects the extrapolated background, as shown in Figure 14.3.

To be in strict accordance with Equation 14.4, each point on the depth ionization curve 
should be corrected for beam divergence before the range is determined. The correction factor  

is  a f � z

f
 b

2

, where f is the effective source to surface distance (SSD); see Section 14.4E for 

details) and z is the depth. However, this correction in Rp is clinically not significant in terms of 
its impact on the ionization to dose conversion factor (20).
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Figure 14.2. Distribution of electron fluence in energy, f
E
, as the beam passes through the collimation system of 

the accelerator and the phantom. (From International Commission on radiation Units and Measurements. Radiation 
Dosimetry: Electrons with Initial Energies between 1 and 50 MeV. report No. 21. Washington, DC: International Commission 
on radiation Units and Measurements; 1972, with permission.)
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B. MEAN ENERGY

It has been shown (21) that the mean energy of the electron beam, E0, at the phantom surface is related 
to R50 (the depth at which the dose is 50% of the maximum dose) by the following relationship:

 E0 � C4
# R50 (14.5)

where C4 = 2.33 MeV/cm for water. Again, the divergence correction is applied to each point on 
the depth dose curve before determining R50.

The American Association of Physicists in Medicine (AAPM) TG-21 protocol recommended 
the value of C4 as 2.33 MeV/cm. However, Monte Carlo calculations of Rogers and Bielajew (22) 
have shown that the value of C4 in the energy range of clinical interest is closer to 2.4 MeV/cm. 
Again, this small change in the value of C4 as well as the divergence correction mentioned above 
has little impact on clinical dosimetry (20).

C. ENERGY AT DEPTH

Harder (23) has shown that the most probable energy and, approximately, the mean energy of 
the spectrum decrease linearly with depth. This can be expressed by the relationships:

 (Ep)z � (Ep)0a1 �
z
Rp

 b  (14.6)

and approximately

 Ez � E0a1 �
z
Rp

 b  (14.7)

where z is the depth.
Equation 14.7 is important in dosimetry because for absorbed dose measurements it is neces-

sary to know the mean electron energy at the location of the chamber.

14.3. DETERMINATION OF ABSORBED DOSE 

Calorimetry is the most basic method for the determination of absorbed dose, but because 
of technical difficulties, the use of calorimeters is not practical in a clinical setting. Ionization 
chambers and Fricke dosimeters are more commonly used. Film, thermoluminescent dosimeters 
(TLDs), and solid state diodes are used to find the ratio of the dose at one point in a phantom 
to the dose at another point but not usually to measure the absolute absorbed dose at a point.

Ionization chambers should be calibrated by an Accredited Dose Calibration Laboratory 
(ADCL) or the NIST. However, an ADCL can usually provide calibrations only for high-energy 
photon beams (60Co or 2-MV x-rays) but not for high-energy electron beams. The use of ioniza-
tion chambers calibrated for photon beams for the measurement of absorbed dose in electron 
beams has been the subject of many national and international protocols (14,15,24–26). The 
most current recommendations are included in the protocols by TG-51 of the AAPM (24) and 
the International Atomic Energy Agency (IAEA) TRS398 (25). Elements of these protocols and 
other related concepts were presented in Chapter 8.
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Figure 14.3. Depth dose curve  illustrating 
the definition of Rp and R50.
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A. OUTPUT CALIBRATION

The variation of output (absorbed dose per monitor unit at dmax in phantom) with field size dif-
fers considerably from one type of accelerator to another. Therefore, the output of each treat-
ment applicator or representative field size should be measured for each available energy. The 
output for one applicator or field size (often the 10 × 10-cm field) is selected as the standard to 
which the other output measurements are referred. Since the beam is calibrated to give 1 cGy/
MU for the standard applicator at the depth of maximum dose on the central axis (nominal 
SSD = 100 cm), the output factor for any applicator represents cGy/MU at dmax. This topic will 
be further discussed in Section 14.4D.

B. DEPTH DOSE DISTRIBUTION

The depth dose and isodose distributions can be determined by ion chambers, diodes, or films. 
Automatic beam scanning systems and densitometers are useful in this regard and are available 
commercially.

B.1. Ionization Chambers

Although plane-parallel chambers are best suited for relative dose measurements in electron 
beams, cylindrical ionization chambers are also commonly used for the measurement of depth 
dose distribution. Depth ionization curves measured with an ion chamber need to be converted 
to depth dose curves by making the following corrections: (a) correction for restricted mass 
stopping power ratio of water to air, (L /r)air

w , as a function of mean electron energy at depth; and 
(b) chamber replacement correction, Prepl. This factor is dependent both on the air cavity diam-
eter as well as well as the mean electron energy at the depth of measurement.

Data for (L / r)air
w  are provided in the Appendix (Table A.3) as a function of incident electron 

beam energy and depth. The factor Prepl accounts for three effects: (a) the in-scatter effect, which 
increases the electron fluence in the chamber cavity because of electron scattering out of the air 
cavity being less than that expected in the intact medium; (b) the obliquity effect, which decreases 
the fluence in the cavity because of electrons travelling relatively straight in the air cavity instead 
of taking oblique paths as they would without cavity owing to larger-angle scattering in the 
medium than air; and (c) the displacement in the effective point of measurement. The first two 
effects may be grouped into a fluence correction, while the third is called the gradient correction.

Although the gradient correction for electrons is depth dependent, a single correction may be 
applied as an approximation to the entire depth ionization curve by shifting the curve toward 
the surface through a distance of 0.5r, where r is the radius of the chamber cavity (Chapter 8). 
The fluence correction is dependent on the chamber cavity radius as well as on the mean electron 
energy at depth, Ez. Table 14.1 gives fluence correction factors for cylindrical chambers of differ-
ent inner diameters as a function of mean energy at depth.

The following equation for the conversion of percent depth ionization, %DIw, in water to 
percent depth dose (PDD), %DDw, in water takes into account the above corrections:

 %DDw(d) � %DIw(d)�
3(L /r)air

w � Prepl4d

3(L /r)air
w � Prepl4d max  

 (14.8)

The software for converting depth ionization curves to depth dose curves for electron beams 
may be available with the water phantom scanning systems.

TABLE 14.1    Effective Density for Scaling Depth in Nonwater Phantoms to Water for 
Electron Beamsa

Material Mass Density (g/cm3) Effective Density Relative to Water

Water 1 1

polystyrene (clear) 1.045 0.975

polystyrene (high  
impact, white)

1.055 0.99

acrylic 1.18 1.15

electron solid water 1.04 1.00

a recommended in american association of physicists in Medicine (aapM). Clinical electron-beam dosimetry. aapM 
task Group No. 25. Med Phys. 1991;18:73.
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It should be mentioned that for well-designed plane-parallel chambers with adequate guard 
rings, both the fluence and gradient corrections may be ignored (i.e., Prepl � 1); the point of mea-
surement for these chambers is defined at the front surface of the air cavity. However, (L / r)air

w  
correction as a function of depth still needs to be applied.

B.2. Silicon Diodes

Silicon p–n junction diodes offer some advantages in terms of small size and high sensitivity 
(Chapter 8). However, diodes suffer from temperature and directional dependence and their 
sensitivity may change over time. Therefore, they are not recommended for absolute dosimetry. 
They are suitable for relative electron beam dosimetry such as measuring depth dose distribu-
tion. Because variation of silicon–to–water stopping power ratio with electron energy is quite 
minimal (~5% between 1 and 20 MeV), measurements made with a diode may be used directly 
to give depth dose distributions. However, diode measurements should be checked by ion cham-
ber measurements in order to ensure that the diode is functioning properly. Figure 14.4 shows 
a comparison of depth dose distributions obtained with an ion chamber (corrected for stopping 
power ratios and other effects) and a diode. The data show close agreement.

B.3. Film

Film dosimetry offers a convenient and rapid method of obtaining a complete set of isodose 
curves in the plane of the film. Its use for determining electron beam dose distributions is well 
established (27–29). It has been shown that the depth dose distributions measured by using film 
agree well with those by ion chambers when the latter measurements are corrected as outlined 
in Section 14.3B.1 (Fig. 14.5). Good agreement has also been demonstrated between film and 
FeSO4 dosimeters used for the measurement of depth dose curves (29). The energy independence 
of film may be explained by the fact that the ratio of collision stopping power in emulsion and 
in water varies slowly with electron energy (9). Thus, the optical density of the film can be taken 
as proportional to the dose with essentially no corrections.

Film is useful for a variety of dosimetry problems such as determining practical range, 
isodose curves, and beam flatness. However, film cannot be used reliably for absolute dosim-
etry because the optical density of a film exposed to electrons depends on many variables 
such as emulsion, processing conditions, magnitude of absorbed dose, and some measurement 
 conditions, which can give rise to serious artifacts. The use of film is, therefore, restricted to 
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relative dosimetry. Care is required to avoid air gaps adjacent to the film. In addition, the sen-
sitometric curve (optical density as a function of absorbed dose) must be known to interpret 
the optical density in terms of absorbed dose. Wherever possible, a film with a linear response 
over the range of measured dose should be used. Errors caused by changes in the processing 
conditions can be minimized by developing the films at approximately the same time. Accuracy 
can also be improved by using films from the same batch.

Film can be positioned either perpendicular or parallel to the beam axis. In the latter case, 
precautions must be taken to align the top edge of the film with the surface of the phantom or 
serious artifacts and errors in the depth dose distribution may result (28) (Fig. 14.6).

To obtain isodose curves, the film is usually placed in a plastic phantom such as polystyrene 
or solid water and oriented parallel to the beam axis. The film can be kept in its original paper 
jacket and pressed tightly between the phantom slabs. Small holes can be punched in the corners 
of the jacket for trapped air to escape. The film wrapping that extends beyond the phantom 
should be folded to one side and taped down. After processing, the film may be analyzed using a 
densitometer having a light aperture of about 1 mm diameter. Figure 14.7 shows an example of 
a film exposed to electrons and a set of isodose curves obtained by isodensity scanning. Because 
the effective density of transparent polystyrene or solid water is close to that of water, the result-
ing isodose curves can be used clinically without further correction.

Because many electron energies are often available with accelerators, an automatic film dosim-
etry system is a desirable thing to have in a clinical department. Automatic density plotters are com-
mercially available, and some of them are interfaced with treatment-planning computers. Although 
hand processing of films gives the best results, automatic rapid processors can be used in many 
instances. A strict quality assurance, however, is necessary to maintain consistency in film dosimetry.

B.4. Phantoms

Water is the standard phantom for the dosimetry of electron beams. However, it is not always 
possible or practical to perform dosimetry in a water phantom. For example, plastic phantoms 
are more suitable when using film or plane-parallel chambers. It also is difficult to make mea-
surements near the surface of water, because of its surface tension and the uncertainty in posi-
tioning the detector near the surface.

For a phantom to be water equivalent for electron dosimetry it must have the same linear 
stopping power and the same linear angular scattering power. This is approximately achieved if 
the phantom has the same electron density (number of electrons per cubic centimeter) and the 
same effective atomic number as water. A depth dose distribution measured in a nonwater phan-
tom may be converted to that expected in a water phantom by the following relationship (20):

 DW(dW) � Dmed(dmed)(S /r)med
water �med

water (14.9)
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Figure 14.6. Film artifacts created by misalignment of the film in the phantom. the effects of A: air gaps between 
the film and the phantom, B: film edge extending beyond the phantom, and C: film edge recessed within the phantom. 
(From Dutreix J, Dutreix a. Film dosimetry of high energy electrons. Ann NY Acad Sci. 1969;161:33, with permission.)

provided the energy spectra of electrons at each position are identical. However, because of dif-
ferences in stopping power and scattering power among different phantoms, it is not possible 
to find corresponding depths at which the energy spectra are identical. Consequently, there is 
no single scaling factor that can accurately transform an entire depth dose curve in a nonwater 
phantom to that in water. However, an effective density may be assigned to a medium to give 
water-equivalent depth dose distribution near the therapeutic range and along the descending 
portion of the depth dose curve. The AAPM (20) has recommended that the water-equivalent 
depth or the effective density (reff) may be estimated from the following relationship:

 dW � dmed � reff � dmeda
R50

water

R50
med

 b  (14.10)

where R50 is the depth of 50% dose or detector response. Recommended values of reff for various 
phantoms are given in Table 14.1.

14.4. CHARACTERISTICS OF CLINICAL ELECTRON BEAMS 

A. CENTRAL AXIS DEPTH DOSE

The major attraction of the electron beam irradiation is the shape of the depth dose curve, espe-
cially in the energy range of 6 to 15 MeV. A region of more or less uniform dose followed by a 
rapid dropoff of dose offers a distinct clinical advantage over the conventional x-ray modalities. 
This dose gradient, however, decreases with increasing energy.

It was stated earlier that high-energy electrons lose energy at the rate of about 2 MeV/cm of 
water or soft tissue. Beyond the maximum range of electrons, the dose is contributed only by 
the x-ray contamination of the beam, indicated by the tail of the depth dose curve (Fig. 14.8).
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Figure 14.7. Film used for obtaining isodose curves. A: a film exposed to 12-MeV electron beam, 14 × 8-cm cone, in 
a polystyrene phantom. B: Isodensity curves.
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For a broad beam, the depth in centimeters at which electrons deliver a dose to the 80% to 
90% isodose level is equal to approximately one-third to one-fourth of the electron energy in 
MeV. Thus, a 13-MeV electron beam is useful to a depth of about 3 to 4 cm, depending on the 
isodose level specified. As seen in Figure 14.8, the depth dose curve falls off sharply beyond the 
useful depth and, therefore, the underlying tissues are spared.

The most useful treatment depth, or therapeutic range, of electrons is given by the depth 
of the 90% depth dose. For modern accelerators with trimmer-type applicators this depth is 
approximately given by E/3.2 cm, where E is the most probable energy in MeV of the electron 
beam at the surface. The depth of the 80% depth dose occurs approximately at E/2.8 cm. The 
depth of Dmax does not follow a linear relationship with energy but it covers a broad region and 
its value may be approximated by 0.46 E0.67 (30). Figure 14.9 shows a comparison of depth of 
90% dose (R90) as a function of beam energy for two different linear accelerators. These differ-
ences can be clinically significant and, therefore, underscore the requirement of using beam data 
that have been measured specifically for the given machine.
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Figure 14.9. plots of depth dose ranges as a function of the most probable energy (Ep)0 at the surface for two 
 different linear accelerators. A: R100, the depth of maximum dose versus (Ep)0. B: R90, the depth of 90% depth dose versus 
(Ep)0. (From Khan FM. Clinical electron beam dosimetry. In: Keriakes JG, elson hr, Born CG, eds. Radiation Oncology 
 Physics—1986. aapM Monograph No. 15. New York, NY: american Institute of physics; 1986:211, with permission.)
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The choice of beam energy is much more critical for electrons than for photons. Because 
the dose decreases abruptly beyond the 90% dose level, the treatment depth and the required 
electron energy must be chosen very carefully. The guiding principle is that, when in doubt, use 
higher electron energy to make sure that the target volume is well within the specified isodose 
curve.

The skin-sparing effect with the clinical electron beams is only modest or nonexistent. Unlike 
the photon beams, the percent surface dose for electrons increases with energy. This effect can be 
explained by the nature of the electron scatter. At the lower energies, the electrons are scattered 
more easily and through larger angles. This causes the dose to build up more rapidly and over 
a shorter distance. The ratio of surface dose to maximum dose is, therefore, less for the lower-
energy electrons than for the higher-energy electrons. A simple illustration of this effect is seen in 
Figure 14.10. For the same incident electron fluence (e−/cm2), the lower-energy electrons build up 
to a larger fluence at the depth of maximum dose than the higher-energy electrons. The increase 
in fluence is given by 1/cos u, where u is the angle of scatter.

Because of differences in beam generation, beam bending, and collimation, the depth dose dis-
tribution and the surface dose can be significantly different for different machines.  Figure 14.11 
illustrates this point by comparing central axis depth dose curves for the Sagittaire linear accel-
erator and the Siemen betatron for different beam energies. In clinical practice, therefore, it is 
not sufficient to specify just beam energy. Isodose distributions for an individual machine, cone, 
and/or field size are required.

Low energy e
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Fluence (φ)zmax
=
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Figure 14.10. Schematic 
illustration showing the increase 
in percent surface dose with 
an increase in electron energy. 
(From Khan FM. Clinical electron 
beam dosimetry. In: Keriakes JG, 
elson hr, Born CG, eds. Radiation 
Oncology Physics—1986. aapM 
Monograph No. 15. New York, 
NY: american Institute of physics; 
1986:211, with permission.)
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B. ISODOSE CURVES

The scattering of electrons plays an important role in determining the shape of the isodose curves—
the central axis distribution, flatness, and curvature near the field borders. Significant differences 
exist among the shapes of the isodose curves for different machines. These differences arise as 
a result of different collimation systems that the accelerators employ. The collimation system  
(e.g., scattering foil, monitor chambers, jaws, and cones) and the air column above the patient cause 
an angular dispersion of the beam as well as energy spread. Thus, two beams of the same energy, 
E0, can give rise to different dose distributions after passing through different collimation systems.

As the beam penetrates a medium, the beam expands rapidly below the surface due to scat-
tering. However, individual spread of the isodose curves varies, depending on the isodose level, 
energy, field size, and collimation. Figure 14.12 shows isodose patterns for two different energy 
beams. Whereas for the low-energy beams all the isodose curves show some expansion, for the 
higher energies only the low-value isodose levels bulge out. The higher isodose levels tend to 
show lateral constriction, which becomes worse with decreasing field size.

C. FIELD FLATNESS AND SYMMETRY

Uniformity of the electron beam is usually specified in a plane perpendicular to the beam axis 
and at a fixed depth. The ICRU (31) specifies beam flatness in terms of a uniformity index. 
This is defined in a reference plane and at a reference depth as the ratio of the area where the 
dose exceeds 90% of its value at the central axis to the geometric beam cross-sectional area 
at the phantom surface. The uniformity index should exceed a given fraction (e.g., 0.80 for a 
10 × 10-cm field size and at depth of maximum dose). In addition, the dose at any arbitrary 
point in the reference plane should not exceed 103% of the central axis value.

Figure 14.13 shows isodose curves obtained from a film exposed perpendicular to an electron 
beam at the depth of maximum dose. The dashed line is the boundary of the geometric beam at 
the surface. In this example, the homogeneity index is 0.8.

Because of the presence of lower-energy electrons in the beam, the flatness changes signifi-
cantly with depth. Therefore, it has been recommended (32) that the uniformity index be defined 
at the depth of half the therapeutic range (e.g., one-half the depth of 85% depth dose). Further-
more, it is defined as the ratio of the areas inside the 90% and 50% isodose lines at this depth. 
A uniformity index of 0.70 or higher is acceptable with field sizes larger than 100 cm2. The peak 
value in this plane should be less than 103%.

The AAPM (20) recommends that the flatness of an electron beam be specified in a reference 
plane perpendicular to the central axis, at the depth of the 95% isodose beyond the depth of 
dose maximum. The variation in dose relative to the dose at central axis should not exceed ±5% 
(optimally to be within ±3%) over an area confined within lines 2 cm inside the geometric edge 
of fields equal to or larger than 10 × 10 cm2.
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Figure 14.12. Comparison of isodose curves for different energy electron beams. (From tapley N, ed. Clinical Applica-
tions of the Electron Beam. New York, NY: John Wiley & Sons; 1976:86, with permission.)
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Beam symmetry compares a lateral dose profile on one side of the central axis to that on the 
other. The AAPM recommends that the cross-beam profile in the reference plane should not differ 
more than 2% at any pair of points located symmetrically on opposite sides of the central axis.

C.1. Beam Collimation

Acceptable field flatness and symmetry are obtained with a proper design of beam scatterers and 
beam-defining collimators. Accelerators with magnetically scanned beam do not require scatter-
ing foils. Others use one or more scattering foils, usually made up of lead, to widen the beam as 
well as give a uniform dose distribution across the treatment field.

The beam collimation has been significantly improved by the introduction of the dual-foil 
system (33). Figure 14.14 shows a typical arrangement for such a system. Whereas the first foil 
widens the beam by multiple scattering, the second foil is designed to make the beam uniform in 
cross section. The thickness of the second foil is differentially varied across the beam to produce 
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20%

Geometric
beam edge

Homogeneity index 0.8

Figure 14.13. Isodose curves in a 
plane perpendicular to the central axis, 
obtained with a film placed in a phan-
tom at the depth of maximum dose. 
(From almond pr. radiation physics of 
electron beams. In: tapley N, ed. Clinical 
Applications of the Electron Beam. New 
York, NY: John Wiley & Sons; 1976:50, 
with permission.)
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Figure 14.14. principle of dual-foil system for obtain-
ing uniform electron beam field. (From almond pr. 
Handbook of Medical Physics. Vol I. Boca raton, FL: CrC 
press; 1982:149, with permission.)
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a desired degree of beam widening and flattening. Analysis by Werner et al. (34) shows that the 
dual-foil systems compare well with the scanning beam systems in minimizing angular spread 
and, hence, the effect on dose distribution characteristics.

The beam-defining collimators are designed to provide a variety of field sizes and to maintain 
or improve the flatness of the beam. Basically, all collimators provide a primary collimation 
close to the source that defines the maximum field size and a secondary collimation close to the 
patient to define the treatment field. The latter can be in the form of trimmer bars or a series of 
different applicators. In the electron therapy mode, the x-ray collimator jaws are usually opened 
to a size larger than the applicator opening. Because the x-ray jaws give rise to extensive electron 
scatter, they are interlocked with the individual applicators to open automatically to a fixed 
predetermined size.

D. FIELD SIZE DEPENDENCE

The output and the central axis depth dose distribution are field size dependent. The dose 
increases with field size because of the increased scatter from the collimator and the phan-
tom. As stated previously, some electron collimators provide a fixed jaw opening, and the 
treatment field size is varied by various-size applicators (also called cones), inserts, or 
 movable trimmer bars. Such an arrangement minimizes the variation of collimator scatter, 
and therefore, the output variation with field size is kept reasonably small. If the collima-
tor aperture (x-ray jaw setting) were allowed to change with the treatment field, the output 
would vary too widely with field size, especially for lower-energy beams. This effect is shown 
in Figure 14.15, where the applicator size is held fixed, while the x-ray jaws are varied (35). 
Note that the dose rate varies by a factor of greater than 2 between small and large jaw 
 openings at 4 MeV.

The effects of field size on output and the central axis depth dose curve due to phan-
tom scatter is significant as long as the distance between the point of measurement and the  
edge of the field is shorter than the range of the laterally scattered electrons. After this distance 
is reached, there is no further increase in depth dose caused by phantom scatter. When the field 
size is reduced below that required for lateral scatter equilibrium (LSE), the dose rate decreases 
rapidly. This is shown in Figure 14.16. In these measurements, the field size at the phantom 
was varied without changing the photon collimator opening. For small fields, the output factor 
as well as depth dose can be significantly reduced compared with the broad beam distribution.

Figure 14.17 shows the change in central axis depth dose distribution with field size. As the 
field size is increased, the PDD initially increases but becomes constant beyond a certain field size 
when the LSE is reached. Furthermore, the depth dmax shifts toward the surface for the smaller 
fields. Thus, in clinical practice, depth dose distribution for small fields should be measured indi-
vidually in addition to the output calibration.
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It has been shown (36) that the minimum field radius for the establishment of LSE at all 
depths on central axis is given by the following approximate relationship:

 Req � 0.883Ep,o (14.11)

where Req is the field radius in cm and Ep,o is the most probable energy at the surface in MeV. 
For example, the equilibrium fields for 8- and 32-MeV electrons have diameters of 5 and 10 cm, 
 respectively, which agree with the data shown in Figure 14.17. In clinical practice, the above 
relationship may be used to classify fields with radius less than Req as small or narrow fields and 
radius greater than or equal to Req as broad fields. Thus, as stated earlier, the depth dose distribu-
tion for small fields is field size dependent, while for broad fields it is independent of field size.

E. FIELD EQUIVALENCE

Exact field equivalence for electron beams of different shapes cannot be established. However, 
it has been shown (36) that approximate equivalent circular or square fields can be determined 
for fields of any size, shape, and energy. The term field equivalence means that for the same 
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incident fluence and cross-sectional beam uniformity, the equivalent fields have the same depth 
dose distribution along the central ray. Thus, field equivalence here is defined in terms of PDDs 
and not the output factors, which depend on particular jaw setting for the given applicator or 
other collimation conditions. According to this definition, all broad fields are equivalent because 
their depth dose distribution is the same irrespective of field size. For example, 10 × 10, 10 × 
15, 10 × 20, and 20 × 20 are all broad fields for energies up to 30 MeV (see Equation 14.11) 
and hence are equivalent in depth dose distribution. Field equivalence is therefore relevant only 
for small fields in which the LSE does not exist, and consequently, the depth dose distribution is 
field size dependent.

Harder et al. (37) have shown that for a square field of dimensions (a × a), the equivalent 
circular field has a diameter Dequiv, given by

 Dequiv � 1.12a (14.12)

However, for small rectangular or irregularly shaped fields, field equivalence is not as straight-
forward. Khan and Higgins (36) have applied Gaussian pencil beam theory to this problem and 
derived relationships that can be used to find approximate equivalent circular or square fields for 
fields of any size and shape. The reader is referred to their paper for further details on this subject.

F. SQUARE ROOT METHOD

Hogstrom et al. (38) have shown that, if the change in collimator scatter with field size is not 
considered, the depth dose for rectangular field sizes can be extracted from square field data by 
the following relationship:

 Dx,y �2Dx,x # Dy,y (14.13)

where D is the central axis depth dose and X and Y are the field dimensions. Thus, the depth 
dose for a rectangular field size can be determined from the square root of the two square field 
depth doses when the sides of the two square fields are equal respectively to the two sides of 
the rectangular field.

Referred to as the square root method, this concept has also been applied to the determina-
tion of output factors when the primary collimation is fixed and the secondary collimation close 
to the phantom is varied (39). It may be restated that the collimator scatter is neglected in this 
model. Thus, the applicability of the square root method is not automatically valid for those 
machines in which collimator scatter varies significantly with field size.

G. ELECTRON SOURCE

Unlike an x-ray beam, an electron beam does not emanate from a physical source in the accelerator 
head. A pencil electron beam, after passing through the vacuum window of the accelerator, bend-
ing magnetic field, scattering foils, monitor chambers, and the intervening air column, is spread 
into a broader beam that appears to diverge from a point. This point is called the virtual source 
(40), which may be defined as an intersection point of the backprojections along the most prob-
able directions of electron motion at the patient surface (41). This is illustrated in Figure 14.18.

A number of methods have been suggested for the determination of virtual source position. 
Pohlit’s (40) method consists of taking electron radiographs of a grid of copper wires at different 
distances from the collimator and backprojecting the images to a point, the virtual source. A mul-
tipinhole technique (41) uses double conical holes in a metal plate. Pinhole images are obtained 
on a film. Backprojection of the pinhole images gives the virtual source position. Meyer et al. 
(42) have described the method of determining field size magnification on film with distance. 
The virtual source point is found by the backprojection of the 50% width of the beam profiles 
obtained at different distances. A broad beam (≥20 × 20 cm2) is used for these  measurements.

The use of virtual SSD does not give accurate inverse square law correction for output at 
extended SSDs under all clinical conditions. Measurements have shown that the virtual SSD 
gives correct inverse square law factor only for large field sizes (43). For small field sizes, 
the inverse square law correction underestimates the change in output with virtual SSD. This 
deviation from the inverse square law is caused by an additional decrease in output because 
of a loss of side-scatter equilibrium in air and in phantom that is significant for small field 
sizes and low electron energies. Thus, the use of the virtual SSD to predict dose variation with 
distance requires correction factors, in addition to the inverse square law factor, as a function 
of field size and energy (42).

An alternative method of correcting dose output as a function of air gap between the elec-
tron applicator end and the patient is to determine a quantity known as the effective SSD. The 
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 effective SSD is defined as the distance from an effective source position to the standard phantom 
position (e.g., isocenter) which gives the correct inverse square law relationship for the change in 
output with distance. Khan et al. (44) have recommended a method that simulates as closely as 
possible the clinical situation. In this method, doses are measured in a phantom at the depth of 
maximum dose (dm), with the phantom first at the standard SSD (zero gap) and then at various 
distances, up to about 20 cm from the applicator end. Suppose f = effective SSD, I0 = dose with 
zero gap, and Ig = dose with gap g between the standard SSD point and the phantom surface. 
Then, if electrons obey inverse square law,

 
I0

Ig

 � a f � dm � g

f � dm

 b
2

 (14.14)

or

 C I0

Ig 

�
g

f � dm

 �1 (14.15)

By plotting C I0

Ig 

 as a function of gap g (Fig. 14.19), a straight line is obtained, the slope of which 

is 
1

f � dm

 . Thus the effective SSD is given by 
1

slope
 �dm.

Although the effective SSD is obtained by making measurements at the depth dm, its value 
does not change significantly with the depth of measurement (44). However, the effective SSD 
does change with energy and field size, especially for small field sizes and low energies. A table of 
effective SSDs as a function of energy and field size may be made available as part of the beam 
data to meet clinical situations.

H. X-RAY CONTAMINATION

Dose due to x-ray contamination at the end of the electron range can be determined from the 
tail of the depth dose curve by reading off the dose value at the point where the tail becomes 
straight (Fig.  14.3). This dose in a patient is contributed by bremsstrahlung interactions of 
electrons with the collimation system (scattering foils, chambers, collimator jaws, etc.) and the 
body tissues. Table 14.2 gives the x-ray dose generated in water for monoenergetic electron 
beams, with no initial x-ray contamination. These values were extracted from the depth dose 
distributions in water calculated by Berger and Seltzer (45), using a Monte Carlo program. The 
x-ray contamination dose from a medical accelerator, however, depends very much on its col-
limation system and is usually an order of two greater than the values given in Table 14.2. In 
general, the x-ray contamination is least in the scanning beam type of accelerator, because the 
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Accelerator
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point

Scattering
foil (s)

Patient
surface

Figure 14.18. Definition of the virtual point source 
of an electron beam: the intersection point of the 
backprojections along the most probable directions 
of motion of electrons at the patient surface. (From 
Schroeder-Babo p. Determination of the virtual electron 
source of a betatron. Acta Radiol. 1983;364(suppl):7, with 
permission.)

82453_ch14_p256-308.indd   273 1/7/14   8:40 PM



274 part II Classical radiation therapy

scattering foils are not used. In a modern linear accelerator, typical x-ray contamination dose 
to a patient ranges from approximately 0.5% to 1% in the energy range of 6 to 12 MeV; 1% 
to 2%, from 12 to 15 MeV; and 2% to 5%, from 15 to 20 MeV.

For regular treatment field sizes used in electron beam therapy, the dose to the patient con-
tributed by the x-ray contamination is not of much concern. However, even small amounts of 
x-ray contamination become critical for total skin electron irradiation such as in the treatment 
of mycosis fungoides (Section 14.8).

14.5. TREATMENT PLANNING 

Most electron beam treatments are planned for a single field technique. For a relatively flat and 
homogeneous slab of soft tissue, the dose distribution can be found by using the appropriate 
isodose chart. However, this simplicity of treatment planning is the exception rather than the 
rule. Surface areas are seldom flat, and in many cases, inhomogeneities, such as bone, lung, and 
air cavities, present dosimetric complexities.

Before the advent of computer treatment planning for electron beams, planning methods were 
rudimentary and involved manual techniques of modifying standard isodose charts  measured 
in a water phantom. Empirically determined correction factors were applied to  correct dose 
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Figure 14.19. Determination of the effective source to surface distance. (From Khan FM, Sewchand W, Levitt Sh. 
effect of air space on depth dose in electron beam therapy. Radiology. 1978;126:249, with permission.)

TABLE 14.2    X-ray Contamination Dose (Dx) to Water, at the End of the Electron Range 
as a Percentage of Dmax

Energy (MeV) Dx (%)

 5 0.1

10 0.5

15 0.9

20 1.4

30 2.8

40 4.2

50 6.0

(Data are for theoretical beam with no initial x-ray contamination and are extracted from Monte Carlo data of Berger 
MJ, Seltzer SM. Tables of Energy-Deposition Distributions in Water Phantoms Irradiated by Point-Monodirectional Electron 
Beams with Energies from 1 to 60 MeV, and Applications to Broad Beams. NBSIr 82–2451. Washington, DC: National 
Bureau of Standards; 1982.)
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 distributions for air gaps, beam obliquity, and tissue heterogeneities. Although modern computer 
treatment planning systems (discussed in Section 14.9) have obviated the need for manual treat-
ment planning, these methods are discussed below to explain the basic principles involved in 
treatment planning for electrons. In addition, manual methods are useful in checking computer 
algorisms and computer-generated dose distributions, if needed.

A. CHOICE OF ENERGY AND FIELD SIZE

The energy of beam is dictated, in general, by the depth of the target volume, minimum target 
dose required, and clinically acceptable dose to a critical organ, if present in the path of the 
beam. In most cases, when there is no danger of overdosing a critical structure beyond the  target 
volume, the beam energy may be set so that the target volume lies entirely within the 90% to

 
 

95% isodose curve. However, in the treatment of the breast (e.g., chest wall, after mastectomy) 
with a straight-on field, the energy is often chosen so that the depth dose at the chest wall–lung 
interface is about 80% (46). The rationale for this lowering of the energy is to spare the lung, 
with the rationale that the target volume for the chest wall irradiation is quite superficial and that 
a minimum of 80% (and some even advocate 70%) isodose curve is sufficient for the chest wall. 
Beyond the 80% depth dose, the dose falloff is characteristically rapid at these beam energies.

The choice of field size in electron beam therapy should be strictly based on the isodose cover-
age of the planning target volume (PTV). Examination of the electron isodose curves (Fig. 14.20) 
reveals that there is a significant tapering of the 80% isodose curve at energies above 7 MeV (46). 
The constriction of the useful treatment volume also depends on the field size and is worse for 
the smaller fields. Thus, with electrons, a larger field at the surface than one is usually accus-
tomed to (in the case of photon beams) may be necessary to cover PTV adequately.

B. CORRECTIONS FOR AIR GAPS AND BEAM OBLIQUITY

In electron beam therapy, there is a frequent problem of the treatment applicator end1 not being 
parallel to the skin surface. These uneven air gaps can sometimes be large as a result of the 
extreme curvature of the sloping surface. In these cases, one could manually calculate dose distri-
bution simply by applying inverse square law correction to the dose distribution along fan lines 

1In a general sense, the applicator end means a plane perpendicular to the beam axis at the nominal SSD.

Energy: 16 MeV
SSD: 100 cm
Field size: 10 ×10 cm
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Figure 14.20. Lateral constriction of the 80% isodose curve with depth. (From almond pr. radiation physics of 
electron beams. In: tapley N, ed. Clinical Applications of the Electron Beam. New York, NY: John Wiley & Sons; 1976:7, with 
permission.)
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 emanating from an effective electron source (47–49). As a result of this correction, the relative 
depth dose distribution for a sloping contour remains almost unchanged but the absolute value 
of the dose is decreased at all depths because of beam divergence. This method, however, does not 
take into account changes in side scatter owing to beam obliquity. This has been pointed out by 
Ekstrand and Dixon (50), who showed that the beam obliquity tends to (a) increase side scatter at 
the depth of maximum dose (dmax), (b) shift dmax toward the surface, and (c) decrease the depth of 
penetration (as measured by the depth of the 80% dose). These effects are evident in Figure 14.21.

A broad electron beam can be represented by a summation of a large number of pencil or slit 
beams placed adjacent to each other. When the beam is incident obliquely on the patient surface, 
the point at the shallow depth receives greater side scatter from the adjacent pencil beams, which 
have traversed a greater amount of material, whereas the point at the greater depth receives less 
scatter. This is schematically illustrated in Figure 14.22A. As a result of these changes in the relative 
orientation of the pencils, one would expect an increase in dose at shallow depths and a decrease 
in dose at greater depths. However, because the beam is divergent, the dose will also decrease at 
all depths as a result of the inverse square law effect, as the air gap between the cone end and the 
surface increases with the increase in the angle of obliquity. Thus, the depth dose at a point in an 
obliquely incident beam is affected both by the “pencil scatter effect” and the beam divergence.

Figure 14.22B schematically represents an arrangement used frequently for the treatment 
of chest wall. The beam is incident vertically on a sloping surface, thus increasing the angle of 
obliquity as well as the air gap between the standard SSD and the surface. Let D0(f, d) be the dose 
at a point at depth d for a beam incident normally on a flat-surfaced phantom with an effective 
SSD = f. When the applicator (or cone) is positioned on the sloping chest wall, the depth dose 
D (f +g, d) will be given by,
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Figure 14.21. Change in depth dose with the angle 
of obliquity for a 9-MeV electron beam. (From ekstrand Ke, 
Dixon rL. the problem of obliquely incident beams in elec-
tron beam treatment planning. Med Phys. 1982;9:276, with 
permission.)
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Figure 14.22. A: a schematic illustration of how the relative orientation of pencil 
beams changes with the angle of obliquity. For a parallel beam, this effect would increase 
the dose at the shallower points and decrease the dose at the deeper points as the 
angle of obliquity is increased. (redrawn from ekstrand Ke, Dixon rL. Obliquely incident 
electron beams. Med Phys. 1982;9:276.)
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Figure 14.22.  B: a diagrammatic representation of irradiation of a chest wall with sloping surface. the gap g and 
depth d for a point are measured along the fan line (the line joining the point to the effective source location). u is the 
angle between the fan line and normal to the tangent to the sloping surface. the figure on the right represents the 
 reference setup, with beam incident normal, with no air gaps between the cone end and the phantom. C: Comparison 
of measured (solid lines) and calculated (dashed lines) isodose distribution for a beam incident on a polystyrene cylindrical 
phantom. the measured distribution represents isodensity distribution obtained with a film sandwiched in the phantom 
according to the procedure outlined in Section 14.3B. the calculated distribution was obtained with a computer using a 
divergent pencil beam algorithm. Both distributions are normalized to the Dmax in a reference setup in which the beam is 
incident normally on a flat phantom with no air gaps between the cone end and the phantom. 12-MeV electrons; field 
size 18 × 12 cm2; effective source to surface distance = 70 cm.

 D(f � g, d) � D0 (f , d)a f � d

f � g � d
 b

2

 � OF(u, d) (14.16)

where g is the air gap and OF(u, d) is the obliquity factor for the pencil beam scatter effect discussed 
previously. OF (u, d) accounts for the change in depth dose at a point if the beam angle u changes 
relative to the surface without change in the distance from the point to the effective source position.

82453_ch14_p256-308.indd   277 1/7/14   8:40 PM



278 part II Classical radiation therapy

TABLE 14.3   Obliquity Factors for Electron Beamsa

E0 (MeV)

Z/Rp
b 22 18 15 12 9 6

(a) u = 30°

 0.0 1.00 0.98 0.98 1.00 0.94 1.01

 0.1 1.00 1.00 1.00 1.00 1.00 1.08

 0.2 1.00 1.00 1.01 1.02 1.05 1.11

 0.3 1.01 1.00 1.02 1.03 1.05 1.06

 0.4 1.01 1.01 1.02 1.00 1.00 0.96

 0.5 1.00 1.00 0.98 0.96 0.92 0.86

 0.6 0.95 0.94 0.92 0.90 0.86 0.79

 0.7 0.92 0.90 0.87 0.86 0.86 0.83

 0.8 0.93 0.85 0.82 0.90 1.00 0.96

 0.9 1.09 1.00 1.20 1.11 1.44 1.00

 1.0 1.42 1.54 1.50 1.50 1.30 1.00

(b) u = 45°

 0.0 1.03 1.02 1.03 1.05 0.98 1.14

 0.1 1.03 1.04 1.04 1.06 1.10 1.14

 0.2 1.05 1.06 1.07 1.11 1.12 1.12

 0.3 1.06 1.07 1.09 1.09 1.05 1.07

 0.4 1.04 1.04 1.04 1.01 0.93 0.92

 0.5 1.00 0.99 0.92 0.92 0.80 0.77

 0.6 0.93 0.90 0.86 0.82 0.70 0.69

 0.7 0.84 0.84 0.82 0.77 0.70 0.76

 0.8 0.87 0.83 0.85 0.86 0.83 1.10

 0.9 1.30 1.00 1.43 1.20 1.40 1.46

 1.0 2.17 2.31 2.19 2.50 2.00 2.14

(c) u = 60°

 0.0 1.06 1.06 1.10 1.14 1.14 1.30

 0.1 1.10 1.12 1.17 1.20 1.23 1.21

 0.2 1.12 1.14 1.15 1.16 1.17 1.08

 0.3 1.07 1.07 1.07 1.02 0.98 0.90

 0.4 1.00 0.96 0.93 0.86 0.79 0.70

 0.5 0.87 0.84 0.79 0.74 0.67 0.56

 0.6 0.75 0.74 0.69 0.63 0.58 0.51

 0.7 0.70 0.68 0.67 0.62 0.57 0.56

 0.8 0.75 0.71 0.67 0.74 0.77 0.87

 0.9 1.21 1.00 1.29 1.14 1.60 1.40

 1.0 2.31 2.46 2.75 3.0 3.2 2.45

a Measured on a Varian Clinac 2500 linear accelerator, by Deibel FC, Khan FM, Werner BL. electron beam treatment 
planning with strip beams [abstract]. Med Phys. 1983;10:527.

b Z is the depth measured along the line joining the point of measurement to the virtual electron source.

The obliquity factor becomes significant for angles of incidence approaching 45 degrees or 
higher. For example, a 60-degree angle of obliquity for a 9-MeV beam gives rise to OF = 1.18 
at the dmax, a shift of the dmax to about 0.5 cm, and a shift of the 80% depth to about 1.5 cm (51). 
Of course, in a given clinical situation, these effects are compounded by the inverse square law 
effect when significantly large air gaps are caused by the sloping surface.

Khan et al. (52) have determined obliquity factors as a function of energy and depth for 
 obliquity angles of 30 degrees, 45 degrees, and 60 degrees. These data are presented in Table 14.3. 
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Depths are normalized to the practical range, which is approximately given by E (MeV)/2 in 
 centimeters of water. The Z/Rp values in column 1 can be converted to depths by multiplying 
with the Rp for the given energies. These obliquity factors can be used in Equation 14.15 for the 
calculation of dose manually at a point for an obliquely incident beam.

Computer algorithms have been developed (38,51,53,54) by which broad beam distribution 
is calculated by placing a set of narrow or pencil beams along the contour. The divergence cor-
rection is taken into account by aligning central axes of the pencil beams along the fan lines and 
normalizing the resulting dose distribution to the dose at dmax for the beam incident normally 
on a flat-surfaced phantom. Figure 14.22C compares the calculated distribution using a pencil 
beam algorithm with the measured distribution obtained in a cylindrical polystyrene phantom.

Sharp surface irregularities produce localized hot and cold spots in the underlying medium 
due to scattering. Electrons are predominantly scattered outward by steep projections and 
inward by steep depressions. This can be seen in Figure 14.23 (55). In practice, such sharp edges 
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Figure 14.23. effect of sharp surface irregularities on electron beam isodose distributions. (From Dutreix J. 
 Dosimetry. In: Gil G, Gayarre G, eds. Symposium on High-energy Electrons. Madrid: General Directorate of health; 1970:113, 
with permission.)
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may be smoothed with an appropriately shaped bolus. Also, if a bolus is used to reduce beam 
penetration in a selected part of the field, its edges should be tapered to minimize the effect 
shown in Figure 14.23.

C. TISSUE INHOMOGENEITIES

Electron beam dose distribution can be significantly altered in the presence of tissue inhomoge-
neities such as bone, lung, and air cavities. It is difficult to determine dose distribution within 
or around small inhomogeneities because of enhanced scattering effects. However, for large and 
uniform slabs, dose distribution beyond the inhomogeneity can be corrected by using the coef-
ficient of equivalent thickness (CET) method (49,56–59). It is assumed that the attenuation by a 
given thickness z of the inhomogeneity is equivalent to the attenuation (z × CET) of water. The 
CET for a given material is approximately given by its electron density (electron/mL) relative 
to that of water. The dose at a point beyond the inhomogeneity is determined by calculating the 
effective depth, deff, along the ray joining the point and the virtual source of the electrons:

 deff � d � z(1 � CET) (14.17)

where d is the actual depth of point P from the surface. The depth dose is read from dose distri-
bution data for water at the effective depth. An additional correction may be applied due to the 

inverse square law, that is, a
f � deff

f � d
 b

2

, where f is the effective SSD.

C.1. Bone

The CET method is in good agreement with in vivo measurements in patients for the dose 
behind the mandible (60). The electron density (or CET) of a compact bone (e.g., mandible) 
relative to that of water is taken as 1.65. For spongy bone, such as sternum, which has a density 
of 1.1 g/cm3, the electron density is not much different from that of water, and therefore, CET 
can be assumed to be unity.

C.2. Lung

The problem of lung inhomogeneity has been studied by many investigators (56–59). Results 
of in vivo measurements in the lungs of dogs have shown that there is a considerable variation 
of CET with depth in the lung (61). This is illustrated by Figure 14.24 for a water-cork sys-
tem (simulating chest wall and lung interface). The dose near the interface is decreased due to 
reduced scatter from the low-density cork. Beyond a certain depth, the dose to the cork begins 
to increase relative to the reference curve (measured in water) as the increased penetration over-
takes the reduced scatter.

100 Water/cork phantom depth dose—18 MeV electrons
(14 × 7 field at 58 cm SSD)

80

60

Cork

40

X1

X2

H2O

d0

20

0
0 4 8 12 16

H2O phantom, ion–chamber results
H2O/cork phantom, ion–chamber results
H2O/cork, LiF–Teflon results

Figure 14.24. Depth dose distribution in water and water-cork phantoms. Cet values may be calculated from these 
data. Cet = X1/X2. (Modified from almond pr, Wright ae, Boone ML. high-energy electron dose perturbations in regions 
of tissue heterogeneity. Radiology. 1967;88:1146.)
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Thus, in general, the CET values for lung depend on depth within the lung. Empirical equa-
tions for the CET values derived from in vivo measurements have been proposed to take this 
variation into account (60). An average lung CET value of 0.5 has also been suggested (56). 
More recent measurements (62) in anthropomorphic phantoms have shown that a CET value 
based on electron density gives an accuracy of approximately 10% in depth dose for typical 
chest wall irradiations.

The relative electron density of lung may be equated to its mass density. The studies with 
computed tomography (CT) have shown that the electron density of lung varies between 0.20 
and 0.25 relative to that of water. Therefore, if CET is assumed equal to electron density, 
Equation 14.16 may be used to calculate lung correction by substituting lung density in place 
of CET. Figure 14.25 shows examples of uncorrected and corrected isodose distributions 
obtained by using pencil beams. In the case of the corrected distribution, the effective depth 
was calculated assuming CET equal to the lung density.

In routine treatment planning, any of the previous methods may be used as approximations. 
Obviously, the effective depth calculation based on electron density or some empirically derived 
CET is only a rough approximation, for which scattering effects are not fully taken into account.

C.3. Small Inhomogeneities

Small inhomogeneities present a more complex situation because of electron scattering behind 
edges. Figure 14.26 schematically illustrates the effect at a single edge. For simplicity, it is 
assumed that the path of the electrons in medium M is along straight lines. If a material M∙ of a 
higher mass scattering power is introduced, electrons are scattered at larger angles. This causes 
a decrease in the electron fluence behind the slab, thus reducing the dose there. The scattered 
electrons, on the other hand, increase the dose in the medium M. Thus, a small inhomogeneity 
causes cold spots and hot spots behind its edges.

Pohlit and Manegold (63) have made a systematic analysis of dose distributions behind 
edges of different materials. Their method can be used to get a rough estimate of the maximum 
values for increase and decrease of dose behind such inhomogeneities. Figure 14.27 defines 
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Figure 14.25. an example of chest wall irradiation with electrons. the surface contour was irregular in shape, so 
bolus was used to even out chest wall thickness as well as maximize surface dose. A: Calculated isodose curves uncor-
rected for lung density. B: Calculated isodose curves corrected for lung density (r = 0.25 g/cm3). 10-MeV electron beam; 
effective source to surface distance = 68 cm; field size = 13 × 15 cm2.
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Figure 14.26. Schematic illustration of electron scatter behind edges between 
materials M and M’. the scattering power of M’ is greater than that of M.
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angles a and b of dose perturbation. The mean angle a gives the position of the maxima of 
reduction and of increase of dose, and b represents the mean angle at which the effect of the 
inhomogeneity is practically negligible. These angles, which are related to the scattering of elec-
trons in the medium, depend mainly on the mean electron energy E at the edge. Figure 14.28 
gives these angles as a function of E.

The dose distribution under the inhomogeneity but outside angle b may be calculated accord-
ing to the regular CET method discussed previously. The maxima and minima of dose along the 
boundaries of angle a may be estimated by defining a maximum change, Pmax, in dose:

 P max �
Dm � D0

D0

 (14.18)

where Dm is the dose at the highest increase or depression and D0 is the dose in the  homogeneous 
water phantom at that point. Figure 14.29 may be used to estimate Pmax for different  energies and 
materials. It is important to note that the influence of an edge increases with increasing electron energy.
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Figure 14.27. Isodose distribution behind an 
edge of a thin lead slab in water. angle a denotes the 
maxima of dose change and angle b of negligible 
change. (From pohlit W, Manegold Kh. electron-beam 
dose distribution in inhomogeneous media. In: Kramer 
S, Suntharalingam N, Zinninger GF, eds. High Energy 
Photons and Electrons. New York, NY: John Wiley & 
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Figure 14.28. plot of angles a and b as 
a function of mean energy at the edge for 
inhomogeneities in water (or tissue). (From 
pohlit W, Manegold Kh. electron-beam dose 
distribution in inhomogeneous media. In: 
Kramer S, Suntharalingam N, Zinninger GF, 
eds. High Energy Photons and Electrons. New 
York, NY: John Wiley & Sons; 1976:243, with 
permission.)
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Scattering effects can be enhanced by adjoining scattering edges, and therefore, small inhomo-
geneities produce complex effects, resulting in large changes in dose caused by the overlapping 
of these regions.

The previous method is useful for quick-and-rough calculations. More accurate calculations 
require more sophisticated methods based on multiple scattering theory. Some work along these 
lines has been reported in the literature (34,38,54,64).

D. USE OF BOLUS AND ABSORBERS

Bolus is often used in electron beam therapy to (a) flatten out an irregular surface, (b) reduce 
the penetration of the electrons in parts of the field, and (c) increase the surface dose. Ideally, the 
bolus material should be equivalent to tissue in stopping power and scattering power. A given 
bolus material should be checked by comparing depth dose distribution in the bolus with that in 
the water. If a scaling factor is required, it should be documented and used in treatment planning 
whenever the bolus is used.

A number of commercially available materials can be used as bolus (e.g., paraffin wax, poly-
styrene, Lucite, Superstuff, and Superflab). Usefulness of some of these materials for electron 
bolusing has been discussed in the literature (65). As an example, Superflab2 is excellent for 
bolusing. This material is transparent, flexible, and almost water equivalent. A plate of low-
atomic-number material such as Lucite and polystyrene is sometimes used to reduce the energy 
of an electron beam. Such plates are known as decelerators. The decelerator should be placed 
in close contact with the patient surface as with a bolus. Large air gaps between the absorber 
and the surface would result in scattering of electrons outside the field and reduction in dose, 
which may not be easily predictable unless specifically measured for those conditions. For these 
reasons, a flexible bolus that conforms to the surface is more desirable.

Modern treatment planning systems all for the design of custom bolus to conform the elec-
tron dose distribution to the distal surface of the target. The technique is called bolus electron 
conformal therapy (ECT) and uses customized, variable thickness wax bolus, whose distal sur-
face is milled to fit the patient’s surface. The construction of the bolus is automated, and is 
currently offered by at least one manufacturer (http://www.dotdecimal.com/products/ect). Ini-
tial results of Bolus ECT has shown excellent dosimetric plans comparable to those obtainable 
through IMRT (66,67).

E. PROBLEMS OF ADJACENT FIELDS

When two adjacent electron fields are overlapping or abutting, there is a danger of deliver-
ing excessively high doses in the junction region. On the other hand, separating the fields may 
 seriously underdose parts of the tumor. Examples of combined isodose distributions for different 
field separations are shown in Figure 14.30. In a clinical situation, the decision as to whether 
the fields should be abutted or separated should be based on the uniformity of the combined 
dose distribution across the target volume. Because the tumors treated with electrons are mostly 
superficial, the electron fields are usually abutted on the surface. The hot spots can be accepted, 

2 Developed by G. R. Feaster, University of Kansas at Kansas City, and supplied by Mick Radio-Nuclear Instru-
ments, Inc., Mount Vernon, New York.
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Figure 14.29. plot of maximum change in 
dose Pmax as a function of mean electron energy 
at the edge of various inhomogeneities in water. 
(From pohlit W, Manegold Kh. electron-beam dose 
 distribution in inhomogeneous media. In: Kramer 
S, Suntharalingam N, Zinninger GF, eds. High Energy 
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Sons; 1976:243, with permission.)
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depending on their magnitude, extent, and location. Similar considerations apply to electron 
fields adjacent to x-ray fields.

When an electron field is abutted at the surface with a photon field, a hot spot develops on 
the side of the photon field and a cold spot develops on the side of the electron field (68). This 
is caused by outscattering of electrons from the electron field. Figure 14.31 shows this effect 
when a 9-MeV electron field is abutted with a 6-MV photon field, an example typifying a clini-
cal situation involving treatment of tumors in the neck. Whereas the photon field is used to treat 
the anterior neck, the electron field is used to treat the posterior neck nodes overlying the cord. 
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Because of the limited range of the electrons, the cord can be spared, while sufficient dose can 
be delivered to the nodes.

An examination of the isodose distribution in Figure 14.31 also reveals that the extent of 
hot and cold spots depends on the electron beam SSD. In Figure 14.31A, the electron beam 
is incident at the standard SSD of 100 cm, with the distance between the applicator end and 
the surface being 5 cm. In Figure 14.31B, the electron beam is incident at an extended SSD of 
120 cm, exemplifying a practical situation when clearance is required between the applicator 
and the patient shoulder. The increased air gap between the applicator and the surface causes 
the electron beam profile to become less flat as a result of increased scattering of electrons by 
air. Consequently, the hot and cold spots spread out to cover larger areas, without significantly 
changing their magnitudes.
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Figure 14.31. Isodose curves in a plane perpendicular to the junction line between abutting photon and electron 
fields. 9-MeV electron beam; field size = 10 × 10 cm2; 6-MV photon beam; SSD = 100 cm. A: electron beam at standard 
source to surface distance (SSD) of 100 cm. B: electron beam at extended SSD of 120 cm. (From Johnson JM, Khan FM. 
Dosimetric effects of abutting extended SSD electron fields with photons in the treatment of head and neck cancers. Int 
J Radiat Oncol Biol Phys. 1994;28:741-747, with permission.)
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14.6. FIELD SHAPING 

Extensive field shaping is sometimes required in electron beam therapy. Lead cutouts are often 
used to give shape to the treatment area and to protect the surrounding normal tissue or a critical 
organ. These cutouts are placed either directly on the skin or at the end of the treatment cone. 
For lower-energy electrons (<10 MeV), less than 5 mm thickness of lead is required for adequate 
shielding (e.g., ≤5% transmission). Lead sheets of this thickness can be molded to  conform 
more or less to the surface contour and, therefore, can be placed directly on the skin surface. 
For higher-energy electrons, however, thicker lead is required and cannot be so easily contoured. 
Moreover, a heavy lead mask may cause discomfort to the patient. The alternative method is to 
support a lead cutout at the end of the treatment cone or the field trimmers. Shields to be used 
in such a configuration can be designed from pure lead sheets or a low melting alloy such as 
Lipowitz metal (trade names:  Cerrobend, Ostalloy, and Lometoy).

A. EXTERNAL SHIELDING

Several publications have reported the thickness of lead or low melting point lead alloy required 
for shielding in electron beam therapy (69–73). Figure 14.32 shows a set of transmission mea-
surements through lead. The thickness for shielding can be chosen on the basis of allowable 
transmission (e.g., 5%). The shield thickness should be neither overly large nor so critical in mea-
surement that a small change in thickness would cause a large change in the transmitted dose.

An important consideration in electron beam shielding is to make certain that the thickness is 
appropriate to reduce the dose to an acceptable value. As seen in Figure 14.32, if the lead is too 
thin, the transmitted dose may even be enhanced directly behind the shield. Normally, if weight 
or thickness is no problem, one can use a shield of thickness greater than the required minimum. 
But there are practical limits on the amount of lead that can be used. For example, in the case 
of eye shields (74) and internal shields, it is important to use the minimum thickness of lead to 
obtain the desired reduction in dose.

B. MEASUREMENT OF TRANSMISSION CURVES

Transmission curves for a shielding material may be obtained with an ion chamber embedded in a 
phantom. A suitable arrangement for such measurements consists of a parallel-plate ion chamber 
in a polystyrene phantom. Because the maximum transmitted dose through lead occurs at a point 
close to the patient’s surface, the measurement depth in the phantom should not exceed 5 mm (75).
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Figure 14.32. transmission curves 
through lead for 7-, 9-, 11-, 15-, and 18-MeV 
electrons. Measurements made with a 
 plane-parallel chamber in a polystyrene 
phantom, at a depth of 0.5 cm. Solid lines 
are for 10.5 × 10.5 cm effective field size and 
dashed lines are for 6.3 × 6.3 cm  effective 
field size. (redrawn from Giarratano JC, 
 Duerkes rJ, almond pr. Lead shielding 
thickness for dose reduction of 7- to 28-MeV 
electrons. Med Phys. 1975;2:336.)
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The transmission curve is a plot of ionization current as a function of shield thickness. Gener-
ally, the shielding measurements made with broad beams gives an upper limit to the shielding 
requirements for all field sizes (69,73). However, if minimum-thickness shields are needed, as for 
internal shielding, a transmission curve may be measured especially for the given field size and 
the depth of the structure to be shielded.

Although it is desirable to make measurements with the shields in the same configuration 
relative to the applicator and the phantom as used clinically, this is not a critical consideration. 
Purdy et al. (73) made measurements with the shield placed at the end of the treatment cone and 
at the phantom surface. They did not find significant differences in the percent transmission for 
the two arrangements.

Figure 14.33 shows a plot of minimum lead thickness required to stop electrons as a function 
of the most probable electron energy incident on lead. The transmitted dose in this case is only 
the result of bremsstrahlung. From these data, a rule of thumb may be formulated: The minimum 
thickness of lead required for blocking in millimeters is given by the electron energy in MeV 
incident on lead divided by 2. Another millimeter of lead may be added as a safety  margin. The 
required thickness of Cerrobend is approximately 20% greater than that of pure lead.

C. EFFECT OF BLOCKING ON DOSE RATE

Blocking a portion of the electron beam field produces changes in the dose rate and dose distri-
bution. The magnitude of the change depends on the extent of blocking, the thickness of lead, 
and the electron energy. Figure 14.34 shows increase in output ratio (or decrease in output 
factor) at dmax when a field is blocked down to a smaller size (72). If a field produced by a lead 
cutout is smaller than the minimum size required for maximum lateral dose buildup, the dose in 
the open portion is reduced (70) (Fig. 14.35). The reduction in dose also depends on the depth 
of measurement. Thus, field shaping affects output factor as well as depth dose distribution in a 
complex manner.

As the most conservative measure, a special dosimetry (e.g., output factor, depth dose, and 
isodose distribution) should be measured for any irregularly shaped electron field used in the 
clinic. However, this is impractical because most radiation therapy fields are irregular. The 
ICRU (14) suggested Rp as the lower limit for field diameter, above which the field size depen-
dence of the depth dose is negligible. That means that for a given point of interest in an irregu-
larly shaped field, the field edges should be farther than Rp/2 for the LSE to be approximately 
achieved. For example, a 10 × 10-cm field of a 12-MeV electron beam (Rp �  6 cm) may be 
blocked down to a 6 × 6-cm field without significantly affecting the depth dose distribution.
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Figure 14.33. a plot of published data for minimum lead thickness required to stop primary electrons as a function 
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Lax and Brahme (76) have measured field diameters above which the maximum shift of the 
depth dose curve in water is less than 2 mm and the dose maximum is within 1% of its value for 
a broad beam. From these data (Fig. 14.36) a rough rule of thumb may be formulated: The mini-
mum field diameter for approximate LSE is given by E (MeV)/2.5 in centimeters of water. This 
rule is slightly less stringent than that of the ICRU (14) discussed above. An alternative method 
is to determine equilibrium radius,  Req, from Equation 14.11. For an irregularly shaped field, the 
radius in any direction must be greater than or equal to Req for the establishment of LSE.

D. INTERNAL SHIELDING

In some situations, such as the treatment of lip, buccal mucosa, and eyelid lesions, internal 
shielding is useful to protect the normal structures beyond the target volume. Lead shielding may 
be used to reduce the transmitted dose to an acceptable value. However, the electron backscatter 
from lead enhances the dose to the tissue near the shield. This effect has been discussed by several 
investigators (70,77–82).

The enhancement in dose at the tissue–lead interface can be quite substantial (e.g., 30% to 70% 
in the range of 1 to 20 MeV), having a higher value for the lower-energy beams. Figure 14.37 shows 
the increase in dose (relative to homogeneous phantom) as a function of the mean energy incident 
at the tissue–lead interface. The scatter in the experimental data is probably due to differences in 
the measurement techniques and the state of angular spread of the electron beam before  incidence 
at the interface. The curve by Klevenhagen et al. (82) represents the best fit to the experimental data 
for the polystyrene–lead interface and has been characterized by the following equation:

 EBF � 1 � 0.735 exp (�0.052Ez) (14.19)

where EBF is the electron backscatter factor, defined as the quotient of the dose at the interface 
with the lead present to that with a homogeneous polystyrene phantom at the same point. Ezis 
the average electron energy incident at the interface.
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Figure 14.36. Minimum field diameter, d, versus most probable energy at the surface, Ep,0, for which the depth 
dose distribution can be considered independent of field size. the curve labeled 2z1 shows maximum lateral excursion 
diameter of electrons. Rp is the extrapolated range. Δz is the maximum shift in the depth dose distribution for the field 
diameter relative to broad beam. the curve 2R1 gives the field diameter at which the maximum dose is 1% less than its 
value for a broad beam. these data do not include the effects of collimator or air scatter. (From Lax I, Brahme a. On the 
collimation of high energy electron beams. Acta Radiol Oncol. 1980;19:199, with permission.)

Variation of electron backscatter with atomic number Z of the scattering material has also 
been studied (81,82). Figure 14.38 gives the data by Klevenhagen et al. (82).

An important aspect of the electron backscatter problem is the range of the backscat-
tered electrons. Measurements of dose in the phantom layers preceding the lead have shown 
(70,81,82) that for electrons in the range of 1 to 25 MeV the range of the backscattered elec-
trons is about 1 to 2 g/cm2 of polystyrene, depending on the energy of the incident electrons. The 
dose enhancement drops off exponentially with the distance from the interface on the entrance 
side of the beam. Figure 14.39 illustrates this effect for a 10-MeV beam incident on a phantom 
with a sheet of lead placed at various depths.

To dissipate the effect of electron backscatter, a suitable thickness of low-atomic-number 
absorber such as a wax bolus may be placed between the lead shield and the preceding tissue 
surface. Saunders and Peters (79) recommend the use of an aluminum sheath around any lead 
used for internal shielding. Oral shielding has also been accomplished by special oral stents 
made of dental acrylic that encompasses the lead (46). Such a shield provides lead protection 
for the tongue and other structures as well as reduces the electron backscatter from lead reach-
ing the buccal mucosa.

The thickness of low-atomic-number absorber required to absorb the backscattered electrons 
may be calculated using the data in Figure 14.40. For a given energy of electrons incident on 
lead, the thickness of polystyrene, determined from Figure 14.40, is converted to the absorber 
thickness by dividing it by its relative electron density.
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EXAMPLE

A buccal mucosa lesion is treated with a 9-MeV electron beam incident externally on the cheek. 
Assuming cheek thickness, including the lesion, to be 2 cm, calculate (a) the thickness of lead 
required to shield oral structures beyond the cheek, (b) the magnitude of electron backscatter, 
and (c) the thickness of bolus or aluminum to absorb backscattered electrons.
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For these calculations, the most probable energy and the mean energy of electrons may be 
assumed to be the same.

(a) Incident energy = 9 MeV; Rp ≈ 4.5 cm. Energy at the lead–mucosa interface (at 2 cm depth) = 

9 a1 �
2

4.5
 b � 5.0 MeV (see Equation 14.7) and lead thickness for shielding �

5.0
2

 = 2.5 mm

 (Fig. 14.33).
(b) From Equation 14.18 or Figure 14.38, electron backscatter for 5-MeV electrons incident on 

lead is approximately 56%.
(c) From Figure 14.40, depth upstream in polystyrene for backscattered electrons is approxi-

mately equal to 10 mm for a 10% transmission of backscatter intensity. Assuming the 
density of polystyrene or bolus to be approximately unity and that of aluminum equal to 
2.7 g/cm3, thickness of bolus ≃ 1 cm and thickness of aluminum ≃ 4 mm.

Thus, either 1 cm of bolus or 4 mm of aluminum may be used to absorb 90% of the backscat-
tered electrons. Considering the available space for oral shielding, one may adjust the calculated 
thickness of materials or the incident electron energy to provide acceptable target dose and the 
allowed transmitted dose through lead.

Eye shields are designed using the same principles to protect the lens. Minimum thickness of 
lead is used to provide acceptable transmission value. Because a significant thickness of low-Z 
material is required to absorb the electron backscatter, eye shields cannot be coated with an 
 adequate thickness of such materials without exceeding the size requirements. In such cases, it is 
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desirable to coat the lead shield with a thin film of dental acrylic (to absorb the very-low-energy 
electrons) and calibrate the setup for the actual enhanced dose received by the lid. Alternatively, 
if space allows, a 2-mm-thick aluminum sheath may be interposed between the lead shield and 
the eyelid to absorb the backscattered electrons.

14.7. ELECTRON ARC THERAPY 

Electron beam arc technique gives excellent dose distribution for treating superficial tumors along 
curved surfaces. The technique was first described by Becker and Weitzel (83) in 1956.  Several 
papers (84–91) have since appeared in the literature describing the various technical and physi-
cal aspects of electron arc therapy. For details, the reader is referred to Paliwal (92). On the basis 
of isodose distribution, electron arc therapy is most suited for treating superficial volumes that 
follow curved surfaces such as the chest wall, ribs, and entire limbs. Although all chest wall irra-
diations can be done with electron arcing, this technique is mostly useful in cases for which the 
tumor involves a large chest wall span and extends posteriorly beyond the midaxillary line. The 
conventional technique of using tangential photon beams in this case will irradiate too much of 
the underlying lung. The alternative approach of using multiple abutting electron fields is fraught 
with field junction problems, especially when angled beams are used. In short, it appears that for 
a certain class of cases, electron arc therapy has no reasonable alternative. Not all electron accel-
erators are equipped with electron arc mode. However, with increasing interest in this technique, 
more and more linear accelerators are being made with this capability. Besides the arcing capabil-
ity, certain modifications in electron collimation are necessary to make this technique feasible. 
For example, one needs a beam-defining aperture with adequate clearance from the patient and 
additional collimation close to the patient surface to sharpen the dose falloff at the arc limits (86).

Machines that cannot rotate in the electron mode may still be used to perform what is called a 
“pseudoarc” technique (93). In this technique, the field is defined by the x-ray jaws and the electron 
collimation is provided on the patient’s skin surface. The beam is directed isocentrically through 
equally spaced large numbers of angles. The fields are overlapped by aligning the center of a given 
fixed field with the edge of its next neighboring field. Thus, the pseudoarc technique is designed to 
achieve the results of a continuous arc by using a sufficiently large number of overlapping fields 
directed isocentrically.

A. CALIBRATION OF ARC THERAPY BEAM

Calibration of an electron arc therapy procedure requires special considerations in addition to 
those required for stationary beam treatments. Dose per arc can be determined in two ways: 
(a) integration of the stationary beam profiles and (b) direct measurement. The first method 
requires an isodose distribution as well as the dose rate calibration of the field (under stationary 
beam conditions) used for arcing. The integration procedure is illustrated in Figure 14.41. Radii 
are drawn from the isocenter at a fixed angular interval Δu (e.g., 10 degrees). The isodose chart 
is placed along each radius, while the dose at point P as a fraction of the maximum dose on the 
central axis is recorded. Let Di(P) be this dose as the isodose chart is placed at the radius. The 
dose per arc at P is given by the following equation (94):

 Darc (P) �
D0

# �u

2pn
 aN
i�1

Di (P) # Inv(i) (14.20)

where D
#

0 is the dose rate per minute in the stationary field at the depth of dmax, n is the speed of 
rotation (number of revolutions per minute), and Inv (i) is the inverse square law correction for 
an air gap between the dotted circle and the beam entry point. The term �u # aN

i�1Di (P) also 
can be evaluated graphically as shown in Figure 14.41.

The direct measurement of dose per arc requires a cylindrical phantom of a suitable material 
such as polystyrene or Lucite. A hole is drilled in the phantom to accommodate the chamber at 
a depth corresponding to the dmax. The radius of the phantom need only be approximately equal 
to the radius of curvature of the patient, because only a small part of the arc contributes dose 
to the chamber reading (94). However, the depth of isocenter must be the same as used for the 
treatment. The integrated reading per arc can be converted to dose per arc by using correction 
factors normally applicable to a stationary beam.

B. TREATMENT PLANNING

The treatment planning for electron arc therapy includes (a) choice of beam energy, (b) choice of 
field size, (c) choice of isocenter, (d) field shaping, and (e) isodose distribution. These are briefly 
considered in the following pages.
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B.1. Beam Energy

The central axis dose distribution is altered due to field motion. For a small scanning field width, 
the depth dose curve shifts slightly and the beam appears to penetrate somewhat farther than for a 
stationary beam (Fig. 14.42). The surface dose is reduced and the bremsstrahlung dose at the iso-
center is increased. This phenomenon is known as the “velocity effect”: A deeper point is exposed 
to the beam longer than a shallower point, resulting in apparent enhancement of beam penetration.

B.2. Scanning Field Width

Although any field width may be used to produce acceptable isodose distribution, smaller scan-
ning fields (e.g., width of 5 cm or less) give lower dose rate and greater x-ray contamination 
(86,88). However, small field widths allow almost normal incidence of the beam on the surface, 
thus simplifying dosimetry. Another advantage of the smaller field width is that the dose per arc 
is less dependent on the total arc angle. For these reasons, a geometric field width of 4 to 8 cm 
at the isocenter is recommended for most clinical situations.

B.3. Location of Isocenter

The isocenter should be placed at a point approximately equidistant from the surface contour 
for all beam angles. In addition, the depth of isocenter must be greater than the maximum range 
of electrons so that there is no accumulation of electron dose at the isocenter.
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 Cylindrical polystyrene phantoms of radii 10 and 15 cm were 
used. Source to axis distance = 100 cm; source to surface 
 distance = 64 cm; diaphragm opening = 3 × 6 cm2; arc 
angle = 120 degrees. (From Khan FM, Fullerton GD, Lee JM,  
et al. physical aspects of electron-beam arc therapy. Radiology. 
1977;124:497, with permission.)
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B.4. Field Shaping

Without electron collimation at the patient surface, the dose falloff at the treatment field borders 
is rather gradual. To sharpen the distribution, lead strips or cutouts should be used to define the 
arc limits as well as the field limits in the length direction (Fig. 14.43). Cast shielding has been 
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found to be useful for routine electron arc therapy (91). For a greater detail of the treatment-
planning process and the accessory preparation steps, the reader is referred to Leavitt et al. (95).

B.5. Isodose Distribution

This crucial information for arc therapy is not as easily available for electrons as it is for pho-
tons. Until computer programs of adequate sophistication are routinely available for electron 
arc therapy, this modality of treatment will probably remain inaccessible to most institutions. Of 
course, this problem is part of the general problem of electron beam treatment planning. How-
ever, the current surge of activity in this area as well as the CT development provide an optimistic 
future for the development of sophisticated electron beam therapy techniques, including the arc.

14.8. TOTAL SKIN IRRADIATION 

Electrons in the energy range of 2 to 9 MeV have been found useful for treating superficial 
lesions covering large areas of the body, such as mycosis fungoides and other cutaneous lympho-
mas. At these energies, electron beams are characterized by a rapid falloff in dose beyond a shal-
low depth and a minimal x-ray background (1% or less). Thus, superficial skin lesions extending 
to about 1 cm depth can be effectively treated without exceeding bone marrow tolerance.

The treatment of mycosis fungoides with total skin irradiation was suggested at least 50 years 
ago (96). Since that time, various techniques have been developed and applied with success to the 
treatment of this disease (97–100). Basically, the methods fall into two general categories: (a) trans-
lational technique in which a horizontal patient is translated relative to a beam of electrons of suffi-
cient width to cover the transverse dimensions of the patient and (b) large field technique in which 
a standing patient is treated with a combination of broad beams produced by electron scattering 
and large SSDs (2 to 6 m). Salient features of these techniques are discussed below.

A. TRANSLATIONAL TECHNIQUE

The translational technique has been described by a number of investigators (98,101,102). The 
patient lies on a motor-driven couch and is moved relative to a downward-directed beam at a 
suitable velocity. Alternatively, the patient may be stationary and the radiation source translated 
horizontally. In the latter technique, which has been described by Haybittle (103), a 24-Ci 90Sr β 
source, in the form of a 60-cm linear array, is used. The source is contained in a shielded source 
housing and positioned above the couch. The maximum energy of the β particles emitted by 90Sr 
is 2.25 MeV. However, due to the spectral distribution of β-ray energies, the effective depth of 
treatment in this case is only a fraction of a millimeter.

The translational technique using a 3-MeV Van de Graaff generator has been described by 
Wright et al. (104). A well-collimated monoenergetic electron beam is scattered just after leaving 
the vacuum window to improve uniformity. The beam is then collimated by an aluminum cone 
with a 5-mm × 45-cm defining slit. The patient is translated under this beam at a suitable speed. 
Williams et al. (101) have described a similar technique with a linear accelerator. No applica-
tor is used in this technique and the x-ray collimators are fully retracted. The patient is treated 
anteriorly and posteriorly. The dose uniformity along the length of the patient is achieved by 
moving the patient through a distance sufficient that the areas treated start outside the electron 
beam, pass through, and finish outside the electron beam. The dose uniformity in the transverse 
direction is enhanced by suitably combining transversely overlapping fields.

B. LARGE FIELD TECHNIQUE

Large electron fields required for total body skin irradiation can be produced by scattering elec-
trons through wide angles and using large treatment distances. The field is made uniform over 
the height of the patient by vertically combining multiple fields or vertical arcing. The patient 
is treated in a standing position with four or six fields directed from equally spaced angles for 
circumferential coverage of the body surface.

B.1. Field Flatness

Low-energy electron beams are considerably widened by scattering in air. For example, a 6-MeV 
narrow electron beam, after passing through 4 m of air, achieves a Gaussian intensity distri-
bution with a 50% to 50% width of approximately 1 m (102). This usually gives adequate 
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 uniformity over a patient’s width. If two such fields are joined together vertically at their 
50% lines, the resultant field will be uniform over a height of approximately 1 m. A proper 
combination of more such fields or a continuous arc can lead to a larger uniform field, sufficient 
to cover a patient from head to foot (Fig. 14.44).

The size and shape of an electron beam developed at a distance by air scatter can be esti-
mated by multiple scattering theory. Holt and Perry (102) have used this approach to obtain a 
uniform field by combining multiple field profiles in proper proportions and angular separation 
(Fig. 14.44A). In addition to air, the electron beam is scattered by a scattering foil inside or out-
side the collimator. However, the x-ray contamination would be increased, because  unnecessarily 
wide beams waste electron flux to the sides.
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B.2. X-Ray Contamination

X-ray contamination is present in every therapy electron beam and becomes a limiting factor in total 
skin irradiation. Ordinarily, these x-rays are contributed by bremsstrahlung interactions produced 
in the exit window of the accelerator, scattering foil, ion chambers, beam-defining  collimators, air, 
and the patient. The bremsstrahlung level can be minimized if the electron beam is scattered by air 
alone before incidence on the patient. This would necessitate some modifications in the accelerator, 
such as removing the scattering foil and other scatterers in the collimation system. Various safety 
interlocks would be required to make this separation feasible for routine clinical use. Such a system 
was developed at Memorial Hospital, New York, on a  Varian Clinac-6 (105).

In the Stanford technique, described by Karzmark et al. (97,106,107), the electron beam, 
after emerging from the accelerator window, is scattered by a mirror (0.028″ Al), an aluminum 
scatterer located externally at the front of the collimator (0.037″ Al), and about 3 m of air before 
incidence on the patient. The x-ray contamination incident on the patient is reduced by angling 
the beam 10 degrees to 15 degrees above and below the horizontal. Because the x-rays produced 
in the scatterers at the collimators are preferentially directed along the central axes, they largely 
miss the patient. In addition, this setup provides a large electron field with sufficient dose unifor-
mity in the vertical dimensions of the patient.

B.3. Field Arrangement

In the Stanford technique, the patient is treated with six fields (anterior, posterior, and four 
obliques) positioned 60 degrees apart around the circumference of the patient. Each field is made 
up of two component beams, pointing at a suitable angle with respect to the horizontal. The 
patient treatment positions and the full six-field treatment cycle are illustrated in  Figure 14.45.

The Memorial technique (105) also uses dual fields to obtain field flatness in the vertical 
direction. The patient is treated from four directions, the anterior, the posterior, and each of the 
laterals. Holt and Perry (102) re-examined this technique and found that at least six fields are 
required to achieve adequate uniformity. They recommend eight fields, treating with four fields 
1 day and the rotated four the next.

A B

C D

Scatter plate

a b

+θ
−θ

First day
Second day

Post.

Ant.
Figure 14.45. patient positions for the six-field Stanford 
technique. patient is treated by two beams at each position, 
one beam directed 15 degrees below horizontal and the 
other 15 degrees above horizontal. (From page V, Gardner 
a, Karzmark CJ. patient dosimetry in the treatment of large 
superficial lesions. Radiology. 1970;94:635, with permission.)
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A multiple field arc technique used at the University of Minnesota has been described by 
Sewchand et al. (108). In this technique, the beam describes an up-and-down arc as the gantry 
of the linear accelerator rotates in an oscillatory manner analogous to a pendulum. Six fields 
are used for each cycle of treatment, as in the Stanford technique. The advantage of this tech-
nique is that the dose distribution in the vertical plane can be made reproducibly uniform over 
the height of any patient standing at a distance of about 4 m. However, if the electron beam is 
scattered by a scattering foil at the position of the collimators, this technique contributes higher 
x-ray contamination to the patient than does the stationary dual field technique. This problem 
may be minimized by removing scattering foils and allowing the electron beam to be scattered 
by air alone, as in the Memorial technique.

B.4. Dose Distribution

The depth dose distribution in a single large field incident on a patient will depend on the angle 
of incidence of the beam relative to the surface contour. For an oblique beam, the depth dose 
curve and its dmax shift toward the surface. When multiple large fields are directed at the patient 
from different angles, the composite distribution shows a net shift with apparent decrease in 
beam penetration. This shift of the relative depth doses closer to the surface has been explained 
by Bjarngard et al. (109) as being due to greater path lengths taken by the obliquely incident 
electrons in reaching a point.

Although a dose uniformity of ±10% can be achieved over most of the body surface using the 
six-field technique, areas adjacent to surface irregularities vary substantially due to local scat-
tering. Areas such as inner thighs and axillae, which are obstructed by adjacent body structures, 
require supplementary irradiation.

The total bremsstrahlung dose in the midline of the patient for the multiple field technique 
is approximately twice the level of a single field. This factor of two has been experimentally 
observed by a number of investigators (102,108,110).

C. MODIFIED STANFORD TECHNIQUE

The Stanford technique of six dual fields described earlier requires modifications of the accelera-
tor such as removing the scattering foil and installing a scatterer at the front end of the collimator. 
These changes would require safety interlocks to prevent operation of the accelerator in this con-
figuration for conventional electron beam treatments. Most institutions, including the University 
of Minnesota, have adopted the Stanford technique in principle without making alterations in the 
accelerator hardware. Because the regular scattering foils and various interlocks are left in place, 
no special precautions are required in preparing the machine for total skin irradiation.

Many accelerators offer a high dose rate electron mode option that allows an electron beam 
output of more than 2,000 monitor units per minute. This significantly speeds up the treatments. 
Because conventional electron applicators are not used, the electron field is collimated by a spe-
cial wide-aperture insert attached at the end of the collimator. It is preset via interlock to a wider 
jaw setting and a specific electron energy, selected for high dose rate mode of operation. Some 
institutions use an acrylic scatter plate (≃1 cm in thickness) in front of the patient to provide 
additional scatter to the electron beam (Fig. 14.45).

To shorten the treatment time, the patient is treated with three dual fields per day, for exam-
ple, day 1: one dual field from the anterior, two dual oblique fields from the posterior; day 2: 
one dual field posterior and two dual fields anterior oblique. A complete cycle of six dual fields 
is thus completed in 2 days (Fig. 14.45). A source to patient distance of about 4 m is sufficient 
for this technique.

C.1. Dual Field Angle

A low-energy electron beam is considerably widened in size by scattering in air. For example, a 
9-MeV electron beam, after transversing 4 m of air and an acrylic scatter plate, attains a Gauss-
ian dose profile measuring a 90% to 90% isodose width of about 60 cm, which is usually suf-
ficient to cover a patient’s width. Along the height of the patient, two fields, one directed toward 
the head and the other toward the feet, are angled such that in the composite dose distribution a 
±10% dose uniformity can be obtained over a length of about 200 cm.

A method of determining dual field angle by film dosimetry has been described by Khan 
(111). A series of dosimetry films in their jackets are mounted on a vertical board, larger than 
the height of a typical patient, and are positioned at the treatment distance. The scatter plate is 
placed in front of the films as in actual treatment. The films are exposed to a single electron field 
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directed at a 10- to 15-degree angle with respect to the horizontal axis. The films are scanned for 
the optical density profile in the vertical direction. The profile is then placed side by side with its 
mirror image and separated by a distance such that the combined profile shows not more than 
±10% variation within about 200 cm (Fig. 14.46A). The separation between the two profiles 
gives the desired angle between the dual fields. A confirmatory composite profile is then 
measured by exposing the films to the dual fields with the interfield angle determined above 
(Fig. 14.46B). Figure 14.47 shows a transverse beam profile for the dual field arrangement.

C.2. Calibration

A thin window (≤0.05 g/cm2) plane-parallel chamber is a suitable instrument for measuring 
depth dose distribution for the low-energy beams used for this technique. Because plane- parallel 
chambers are presently not calibrated by the calibration laboratories, they may be calibrated 
by intercomparison with a calibrated Farmer-type chamber, using a high-energy (≥10 MeV) 
 electron beam (20).
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The AAPM (112) recommends that the total skin irradiation dose be measured at the calibra-
tion point located at the surface of the phantom and the horizontal axis. This dose for a single 
dual field is called the calibration point dose, DP .

A plane-parallel chamber, embedded in a polystyrene phantom, is positioned to first measure 
the depth dose distribution along the horizontal axis for the single dual field (the depth dose dis-
tribution can also be measured by a film sandwiched in a polystyrene phantom and placed parallel 
to the horizontal axis). The surface dose measurement is made at a depth of 0.2 mm (20). Suppose 
M is the ionization charge measured; the calibration point dose to polystyrene, (DP)Poly, is given by

 (DP)poly � M # CT,P
# Ngas

# aL
r

 b
air

Poly
# Pion

# Prepl (14.21)

The symbols are defined in Chapter 8. The calibration point dose to water, (DP) W, can then be 
determined as

 (DP)W � (DP)Poly
# (S/r)Poly

W # �Poly
W  (14.22)

The electron fluence factor �Poly
W  is approximately unity, because the calibration measurement is 

made close to the surface. Prepl can also be equated to unity for the plane-parallel chambers. The 
parameters L/r and S/r are determined for the mean energy of electrons at the depth of measure-
ment, which is given by Equation 14.7.

The treatment skin dose, (DS)Poly, is defined by the AAPM (112) as the mean of the surface dose 
along the circumference of a cylindrical polystyrene phantom 30 cm in diameter and 30 cm high 
that has been irradiated under the total skin irradiation conditions with all six dual fields. If (DP)Poly 
is the calibration point dose for the single dual field, then

 (DS)Poly � (DP)Poly
# B (14.23)

where B is a factor relating the treatment skin dose with the calibration point dose, both mea-
sured at the surface of a cylindrical polystyrene phantom. Typically, B ranges between 2.5 and 3 
for the Stanford-type technique.

The treatment skin dose for a water phantom, (DS)W, can be calculated from Equations 14.21 
and 14.22:

 (DS)W � (DP)W
# B (14.24)

The factor B can also be determined by taping a film strip in its light-tight paper to the surface 
of the cylindrical polystyrene phantom, specified above, and exposing it to a single dual field. 
Another filmstrip taped around the phantom is exposed to six dual fields. By relating optical 
densities to doses in the two cases, factor B can be determined from Equation 14.22.

The composite depth dose distribution for the six dual fields may be determined by sand-
wiching a dosimetry film (in its paper jacket) in the cylindrical polystyrene phantom and cutting 
the excess film so that the edges conform to the circular surface of the phantom. A black tape 
is wrapped around the phantom over the film edges to make the film light-tight. The phantom, 
with the film parallel to the horizontal axis, is exposed to the six dual fields, duplicating actual 
treatment conditions. After appropriate processing, the film is scanned for optical density dis-
tribution, which is related to dose distribution by a reference sensitometric curve. Figure 14.48 
gives the results of such a measurement.

C.3. In Vivo Dosimetry

Although an overall surface dose uniformity of ±10% can be achieved at the treatment distance, 
in a plane perpendicular to the horizontal axis and within an area equivalent to a patient’s 
dimensions, there are localized regions of extreme nonuniformity of dose on the patient’s skin. 
Excessive dose (e.g., 120% to 130%) can occur in areas with sharp body projections, curved 
surfaces, or regions of multiple field overlaps. Low-dose regions occur when the skin is shielded 
by other parts of the body or overlying body folds. From in vivo measurements, areas receiving 
a significantly less dose can be identified for local boost. If eyelids need to be treated, internal eye 
shields can be used, but the dose to the inside of the lids should be assessed, taking into account 
the electron backscatter from lead.

TLDs are most often used for in vivo dosimetry. For these measurements, the TLD must be 
thin (<0.5 mm) to minimize the effect of dose gradient across the dosimeters. TLD chips are 
commercially available that meet these specifications. These chips can be sealed in thin poly-
ethylene sheets to avoid contamination. The reference chips may be calibrated in a polystyrene 
phantom using an electron beam of approximately the same mean energy incident on the TLDs 
as in the in vivo measurement conditions. The desired mean energy may be obtained by selecting 
an appropriate incident beam energy and depth (Equation 14.7).
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14.9. TREATMENT-PLANNING ALGORITHMS 

Early methods of electron beam dose computation were based on empirical functions that used 
ray line geometrics, assuming broad beam dose distribution. Inhomogeneity corrections were 
incorporated using transmission data measured with large slabs of heterogeneities. These meth-
ods have been reviewed by Sternick (113).

Major limitations of the empirical methods based on broad beams and slab geometries are 
their inability to predict effects on dose distribution of small fields, sudden changes in surface 
contour, small inhomogeneities, and oblique beam incidence. An improvement over the empiri-
cal methods came about with the development of algorithms based on the age-diffusion equa-
tion by Kawachi (114) and others in the 1970s. These methods have been reviewed by Andreo 
(115). Although these algorithms are able to use semiempirically derived pencil beams that can 
be placed along the surface contour to predict effects of small fields and surface irregularity, 
their accuracy to calculate inhomogeneity correction is limited. They use effective path lengths 
between the virtual source and the point of calculation, but the effects of anatomy and small 
tissue heterogeneities in three dimensions are not fully accounted for.

Major advancement in electron beam treatment planning occurred in the early 1980s 
(38,54,65,116). Methods were developed that were based on Gaussian pencil beam  distributions 
calculated with the application of the Fermi-Eyges multiple scattering theory (117). For a detailed 
review of these algorithms the reader is referred to Brahme (118) and Hogstrom et al. (119).

Pencil beam algorithms based on multiple scattering theory are the algorithms of choice for 
electron beam treatment planning. A brief discussion is presented to familiarize the users of these 
algorithms with the basic theory involved.

A. PENCIL BEAM BASED ON MULTIPLE SCATTERING THEORY

Assuming small-angle multiple scattering approximation, an elementary pencil beam penetrat-
ing a scattering medium is very nearly Gaussian in its lateral spread at all depths. Large-angle 
scattering events could cause deviations from a pure Gaussian distribution, but their overall 
effect on dose distributions is considered to be small. The spatial dose distribution for a Gaussian 
pencil beam can be represented thus:

 dp (r, z) � dp(0, z)e�r2/sr
2 (z) (14.25)

where dp (r, z) is the dose contributed by the pencil beam at a point at a radial distance r from 
its central axis and depth z, dp (o, z) is the axial dose, and sr

2(z) is the mean square radial 
 displacement of electrons as a result of multiple coulomb scattering. It can be shown that 
sr

2 � 2sx
2 � 2sy

2, where sx
2 and sy

2 are the mean square lateral displacements projected on the 
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X, Y, and Y, Z planes,  respectively. The exponential function in Equation 14.25 represents the 
off-axis ratio for the pencil beam, normalized to unity at r = 0.

Another useful form of Equation (14.25) is

 dp(r, z) � D
�

(0,z)
e�r/sr

2(z)

psr
2(z)

 (14.26)

where D∞ (o, z) is the dose at depth z in an infinitely broad field with the same incident fluence 
at the surface as the pencil beam. The Gaussian distribution function in Equation 14.26 is nor-
malized so that the area integral of this function over a transverse plane at depth z is unity. In 
Cartesian coordinates Equation 14.26 can be written as

 dp(x,y,z) � D
�
(0,0,z) 

 e
(x�x=)2�( y�y=)2

 2s2(x=, y=,z) 

2ps2(x=, y=,z)
 (14.27)

where dp (x, y, z) is the dose contributed to point (x, y, z) by a pencil beam whose central axis 
passes through (x′, y′, z) (Fig. 14.49).

The total dose distribution in a field of any size and shape can be calculated by summing all 
the pencil beams:

 D(x, y, z) � Odp(x � x=, y � y=, z) dx= dy= (14.28)

The integration of a Gaussian function within finite limits cannot be performed analytically. 
To evaluate this function necessitates the use of error function (erf). Thus, convolution calculus 
shows that for an electron beam of a rectangular cross section (2a × 2b), the spatial dose dis-
tribution is given by

 D(x, y, z) � D
�
(0,0, z) #

1
4

 aerf 
a � z
sr(z)

 � erf 
a � x
sr (z)

 b aerf 
b � y

sr (z)
 � erf 

b � y

sr(z)
 b  (14.29)

where the error function is defined thus:

 erf(x) �
21p L

x

o

e�t2 dt (14.30)

The error function is normalized so that erf(∞) = 1 (it is known that the integral L
�

0

e�t2 dt �  1p2 ).

Error function values for 0 <x ∞ can be obtained from tables published in mathematics hand-
books (120). The quantity D∞ (o, o, z) is usually determined from the measured central axis 
depth dose data of a broad electron field (e.g., 20 × 20 cm2).

A.1. Lateral Spread Parameter, S

Gaussian function is characterized by its lateral spread parameter, σ, which is similar to the stan-
dard deviation parameter of the familiar normal frequency distribution function:

 f(x) �
112ps

 e� 
x2

2s
2  (14.31)

e
Pencil beam

(x )

(x )

CA

P (x, y, z )
(x – x ′ ) Figure 14.49. a pencil beam 

 coordinate system. (From Khan FM. Dose 
distribution algorithms for electron beams. 
In: Khan FM, potish ra, eds. Treatment 
Planning in Radiation Oncology. Baltimore, 
MD: Williams & Wilkins; 1998:113-122, with 
permission.)

82453_ch14_p256-308.indd   302 1/7/14   8:41 PM



Chapter 14 electron Beam therapy 303 

The previous function is plotted in Figure 14.50 for σ = 1. The function is normalized so that its 
integral between the limits – ∞ < x < +∞ is unity.

The dose distribution in a pencil electron beam incident on a uniform phantom looks like a 
teardrop or onion (Fig. 14.51). The lateral spread (or σ) increases with depth until a maximum 
spread is achieved. Beyond this depth there is a precipitous loss of electrons as their larger lateral 
excursion causes them to run out of energy.

Eyges (117) predicted σ theoretically by extending the small-angle multiple scattering theory 
of Fermi to slab geometry of any composition. Considering σx(z) in the x–z plane,

 sx
2(z) �

1
2

 L a
u2

rl
 (z=)br(z=) (z � z=)2 dz= (14.32)

where u2/ul is the mass angular scattering power and r is the density of the slab phantom.
There are limitations to the previous Eyges equation. As pointed out by Werner et al. (54), σ, 

given by Equation 14.32, increases with depth indefinitely, which is contrary to what is observed 
experimentally in a narrow-beam dose distribution. Also, Equation 14.32 is based on small-
angle multiple coulomb scattering, and hence ignores the probability of large-angle scatter. This 
results in an underestimate of σ. Correction factors have been proposed to overcome these 
problems (54,121,122).

Practical implementation of the above algorithm was carried out by Hogstrom et al. in 
1981 (38) and was subsequently adopted by several commercial treatment planning systems. 
Figure 14.52 shows a schematic representation of the Hogstrom algorithm. The pencil beam σ 
is calculated using the Fermi-Eyges equation (Equation 14.32). By correlating electron linear 
collision stopping power and linear angular scattering power relative to that of water with CT 
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Figure 14.50. a plot of the normal distribution 
 function given by equation 14.29 for s = 1. the function is 
normalized to unity for limits ∞ × ∞ . (From Khan FM. Dose 
distribution algorithms for electron beams. In: Khan FM, 
potish ra, eds. Treatment Planning in Radiation  Oncology. 
Baltimore, MD: Williams & Wilkins; 1998:113-122, with 
permission.)
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numbers, effective depth and σ are calculated for inhomogeneous media. Thus, the method 
allows pixel-by-pixel calculation of heterogeneity correction.

Figure 14.53 shows a comparison of calculated and measured isodose curves as an example. 
Starkschall et al. (123) have extended the Hogstrom algorithm to three dimensions. An irregu-
larly shaped field is divided into strip beams and each strip is divided into segments so that σ 
of the pencil beams and effective depths are calculated in three dimensions. Integration of the 
pencils is carried out over all strips and segments.
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• The clinically useful energy range of electrons is 6 to 20 MeV. At these energies, 
 electron beams can be used for treating superficial tumors (<5 cm deep).

• Electrons interact with matter by (a) ionization and excitation—the most predominant 
interaction in soft tissues, (b) bremsstrahlung—more significant at higher energies and 
in higher-atomic-number materials, (c) elastic scattering by atomic nuclei, and (d) elas-
tic  scattering by orbital electrons. Collisions resulting in secondary electron production  
(d rays) are possible but rare.

• Energy of clinical electron beams is specified by the most probable energy at the 
 surface.

• The rate of energy loss with depth in water (or soft tissue) for clinical electron beams is 
 approximately 2 MeV/cm.

• Electron beams have a modest skin-sparing effect, which gradually disappears with 
increasing energies.

• The lower the energy, the sharper is the dose dropoff beyond the therapeutic range.

• Depth dose distribution can be determined by ion chambers, diodes, and film.

• Percent surface dose increases with increase in energy.

• Electron applicators are necessary to collimate the beam close to the patient surface.

• Acceptable beam flatness is achieved by dual scattering foils.

• PDD and output vary with field size if the field size is smaller than that required 
for LSE.

• Virtual SSD determines beam divergence. Effective SSD gives agreement with inverse 
square law.

• Beam obliquity changes the PDD, giving rise to increase in dose at dmax and decrease in 
depth dose beyond.

• Steep changes in surface contour give rise to “hot” and “cold” spots.

• For large slabs of inhomogeneities, PDD corrections can be made using CET or 
 effective depth based on electron density (number of electrons/cm3 relative to water).

• Around small inhomogeneities and at the steep edges of heterogeneities, electron  scatter 
gives rise to “hot” and “cold” spots.

• Adjacent electron–electron or electron–photon fields give rise to “hot” and “cold” spots 
due to beam divergence and interfield electron scattering.

• Bolus may be used to build up surface dose, decrease beam energy or conform the dose 
distribution to the PTV. In any case, bolus must be placed directly on the skin surface.

• Field shaping can be done with lead or Cerrobend cutouts.

• Minimum thickness of lead required for ~5% transmission of dose is approximately 
E/2 in millimeters of lead, where E is the beam energy in MeV incident on lead.

• Internal shielding is possible in some cases, but dose enhancement due to backscatter 
from lead must be taken into account.

• Electron arc therapy is feasible for tumors along curved surfaces, but custom shielding 
(molded on to the surface) is required to define the treatment field and sharpen dose  
distribution at the field edges.

• Total skin electron irradiation is a useful technique for the treatment of mycosis 
 fungoides. Considerable dosimetry is required before commissioning the procedure for 
actual  treatments.

• Pencil beam algorithms, based on multiple scattering theory, are currently the algo-
rithms of choice for electron beam treatment planning.

K e Y  p O I N t S
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Brachytherapy is a method of treatment in which sealed radioactive sources are used to 
deliver radiation at a short distance by interstitial, intracavitary, or surface application. With 
this mode of therapy, a high radiation dose can be delivered locally to the tumor with rapid dose 
falloff in the surrounding normal tissue. In the past, brachytherapy was carried out mostly with 
radium or radon sources. Currently, use of artificially produced radionuclides such as 137Cs, 192Ir, 
198Au, 125I, and 103Pd is more common.

Technical developments in the last few decades have stimulated increased interest in brachy-
therapy: the introduction of low-energy sources, afterloading devices to reduce personnel 
exposure, and automatic devices with remote control to deliver controlled radiation exposure 
from high-activity sources. Although electrons are often used as an alternative to interstitial 
implants, brachytherapy continues to remain an important mode of therapy, either alone or 
combined with external beam.

15.1. RADIOACTIVE SOURCES 

From the time of its discovery in 1898, radium has been the most commonly used isotope in 
brachytherapy. However, artificial radioisotopes offer special advantages in some situations 
because of their g-ray energy, source flexibility, source size, and half-life. Table 15.1 lists some 
of the brachytherapy sources that have been or are currently being used with their relevant 
physical properties.

A. RAdium

Although radium is no longer clinically used in brachytherapy, the physics of this source is 
discussed below for historic interest. Also, a vast amount of clinical data pertaining to radium 
therapy exist in the literature which are often used by clinicians to compare treatment outcomes 
and dosage specification in modern brachytherapy.

A.1. Decay

Radium is the sixth member of the uranium series, which starts with 92
238U and ends with stable 

82
206Pb (Fig. 2.3). Radium disintegrates with a half-life of about 1,600 years to form radon:

88
226Raiih

�1,600 years  86
226Rn � 2

4He

The product nucleus radon is a heavy inert gas that in turn disintegrates into its daughter prod-
ucts as shown in Figure 2.3. As a result of the decay process from radium to stable lead, at least 
49 g rays are produced with energies ranging from 0.184 to 2.45 MeV. The average energy of the 
g rays from radium in equilibrium with its daughter products and filtered by 0.5 mm of platinum 
is 0.83 MeV (1). A filtration of at least 0.5 mm platinum provided by the source case is sufficient 
to absorb all α particles and most of the β particles emitted by radium and its daughter products. 
Only g rays are used for therapy.

Low-dose-Rate Brachytherapy: 
Rules of implantation and dose 
Specification

15
C H A P T E R
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Because the half-life for radioactive decay is much greater for 226Ra than for any of its daugh-
ter products, radium, when placed in a sealed container, achieves a secular equilibrium with its 
 daughters (Fig. 2.5). The time required to establish equilibrium is approximately 1 month from 
the time of encapsulation.

A.2. Source Construction

Radium is supplied mostly in the form of radium sulfate or radium chloride that is mixed with 
an inert filler and loaded into cells about 1 cm long and 1 mm in diameter. These cells are made 
of 0.1- to 0.2-mm-thick gold foil and are sealed to prevent leakage of radon gas. The sealed cells 
are then loaded into the platinum sheath, which in turn is sealed. Radium sources are manufac-
tured as needles or tubes in a variety of lengths and activities (Fig. 15.1).

A.3. Source Specification

Radium sources are specified by (a) active length, the distance between the ends of the radio-
active material; (b) physical length, the distance between the actual ends of the source; (c) 
activity or strength of source, milligrams of radium content; and (d) filtration, transverse 
thickness of the capsule wall, usually expressed in terms of millimeters of platinum. Linear 
activity of a source can be determined by dividing the activity by the active length.  Figure 15.1 
illustrates three types of radium needles used for implants: needles of uniform linear activity, 
needles with higher activity at one end (Indian club), and needles with high activity at both 
ends (dumbbell). Uniform linear activity needles may be “full intensity” (0.66  mg/cm) or 
“half intensity” (0.33 mg/cm). Needles also are constructed with linear activities of 0.5 and 
0.25 mg/cm. Tubes for intracavitary and mold therapy are usually furnished in multiples of 
5 mg of radium filtered by 1 mm platinum.

Radionuclide Half-Life
Photon Energy 
(meV)

Half-Value 
Layer (mm lead)

Exposure Rate 
Constant  
(R-cm2/mCi-h)

226ra 1,600 y 0.047–2.45 (0.83 avg) 12.0 8.25a,b (r-cm2/mg-h)
222rn  3.83 d 0.047–2.45 (0.83 avg) 12.0 10.15a,c

60Co  5.26 y 1.17, 1.33 11.0 13.07c

137Cs 30.0 y 0.662  5.5 3.26c

192Ir 73.8 d 0.136–1.06 (0.38 avg)  2.5 4.69c

198au  2.7 d 0.412  2.5 2.38c

125I 59.4 d 0.028 avg  0.025 1.46c

103Pd 17.0 d 0.021 avg  0.008 1.48c

aIn equilibrium with daughter products.
bFiltered by 0.5 mm Pt.
cUnfiltered.

TABLE 15.1   Physical Characteristics of Radionuclides used in Brachytherapy

Figure 15.1. types of radium sources 
used in interstitial and intracavitary 
therapy.
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To test the uniformity of activity distribution, an autoradiograph is obtained by placing the 
source on an unexposed x-ray film for a time long enough to obtain reasonable darkening of 
the film. The source may be radiographed at the same time to show physical dimensions of the 
source superimposed on the autoradiograph. Figure 15.2 shows an autoradiograph obtained 
in this manner. The exposed film may be scanned with a densitometer to obtain optical density 
distribution. Uniformity of activity distribution can thus be assessed from such a distribution.

A.4. Exposure Rate Constant1

The activity of a radioactive nuclide emitting photons is related to the exposure rate by the expo-
sure rate constant, Γd (see Section 8.7 for derivation). In brachytherapy, this constant is usually 
expressed as numerically equal to the exposure rate in R/h at a point 1 cm from a 1-mCi point 
source. In the case of radium, the source strength is specified in terms of milligrams of radium 
instead of mCi.

The International Commission on Radiation Units and Measurements (ICRU) (4) has 
recommended that Γd for radium filtered by 0.5 mm platinum be taken as 8.25 R-cm2/h/mg. 
Table 15.2 gives Γd factors for radium with other filtrations. These values are based on relative 
transmission measurements versus platinum thickness (5) and normalized to Γd = 8.25 for  
0.5 mm platinum.

A.5. Radon Hazard

Leakage of radon gas from a radium source represents a significant hazard if the source is bro-
ken. The sources are, however, doubly encapsulated to prevent such an occurrence. Spontane-
ous rupture of a sealed radium source due to pressure buildup of helium gas (from α-particle 
disintegrations) is considered unlikely. Van Roosenbeek et al. (6) have calculated that sources 
encapsulated in platinum may remain safely sealed for more than 400 years.

1The ICRU (2) defines the exposure rate constant as

 �
d
�

l2

A
 adx

dt
 b
d

where (dx/dt)d is the exposure rate due to photons of energy greater than d, at a distance l from a point source 
of activity A. Special units of Γd are R-m2/h/Ci or any convenient multiple of these.

This quantity replaces, but is not identical to, the specific g-ray constant. The latter applies to g rays 
only and does not include the exposure rate of emitted x-rays such as characteristic x-rays and internal 
 bremsstrahlung.

The ICRU (3) has recommended that a quantity called air kerma rate constant be used instead of the expo-
sure rate constant. This quantity is still named Γd, but is now defined as

 �
d
�

l2

A
 a

dkair

dt
 b
d

where kair is the air kerma. The SI unit for this quantity is m2-J/kg. When the special names gray (Gy) and bec-
querel (Bq) are used, the unit becomes m2–Gy/Bq/s.

Figure 15.2. an autoradiograph of a cesium-137 tube. Isodose curves are shown for the 
same source in the diagram on the right.
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Filtration (mm Pt) 
D
 (R-cm2/h/mg)

0 9.09

0.5 8.25

0.6 8.14

0.7 8.01

0.8 7.90

0.9 7.81

1.0 7.71

1.5 7.25

2.0 6.84

(From Shalek rJ, Stovall M. Dosimetry in implant therapy. In: attix Fh, roesch WC, eds. Radiation Dosimetry. Vol 3. New 
York, NY: academic Press; 1969: Chap. 31, with permission.)

B. CESium-137

Cesium-137 is a g-ray–emitting radioisotope that is used as a radium substitute in both intersti-
tial and intracavitary brachytherapy. It is supplied in the form of insoluble powders or ceramic 
microspheres, labeled with 137Cs, and doubly encapsulated in stainless steel needles and tubes. 
The advantages of 137Cs over radium are that it requires less shielding (compare half-value lay-
ers in Table 15.1) and is less hazardous in the microsphere form. With a long half-life of about 
30 years, these sources can be used clinically for about 7 years without replacement, although 
the treatment times have to be adjusted to allow for radioactive decay (2% per year).

137Cs emits g rays of energy 0.662 MeV. The decay scheme shows that 137Cs transforms to 
137Ba by the process of β− decay but 93.5% of the disintegrations are followed by g rays from 
the 137Ba metastable state. The β particles and low-energy characteristic x-rays are absorbed by 
the stainless steel material, so that the clinical source is a pure g emitter.

It should be emphasized that Γd is defined in terms of an ideal point source. Any practical 
source will have a finite size and would necessitate corrections for photon attenuation and 
scattering. The g rays from cesium have nearly the same penetrating power as radium g rays 
in tissue. Meisberger et al. (7) have compared the measured and calculated depth dose values 
along the transverse axes of the sources and showed that the exposure in water to exposure 
in air ratio is the same for radium and cesium for depths up to 10 cm. Significant differences, 
however, exist between radium and cesium doses at points along oblique angles (near the lon-
gitudinal axis) due to the filtration effect (8,9). Not only the attenuation of g rays in steel and 
platinum is quite different, but also cesium emits monoenergetic g rays, while radium emits g 
rays of wide energy range.

The exposure rate constant Γd for unfiltered 137Cs is 3.26 Rcm2 mCi–1 h–1 (10). Comparing 
this with the Γd of 8.25 R-cm2/mg/h for radium filtered by 0.5 mm Pt, the conversion factor 
is 8.25/3.26 = 2.53 mCi of 137Cs/mg of 226Ra. However, along the transverse axes of clinical 
sources (cesium with 0.5-mm steel and radium with 0.5-mm Pt filtration), the mean conversion 
factor has been calculated to be 2.55 for cesium needles and 2.59 for cesium tubes (9).

C. CoBALt-60
60Co has been used for brachytherapy but is no longer used now. The main advantage of 60Co 
is its high specific activity, which allows fabrication of small sources required for some special 
applicators. However, it is more expensive than 137Cs and has a short half-life (5.26 years), neces-
sitating more frequent replacement and a complex inventory system.

Cobalt brachytherapy sources are usually fabricated in the form of a wire that is encap-
sulated in a sheath of platinum iridium or stainless steel. The sources can be used to replace 
226Ra in intracavitary applications. Curie-sized cobalt sources have also been used in a unit 
called the Cathetron (11–13). This is a remote-loading device and provides high dose rates 
for intracavitary therapy, for example, 250 to 300 cGy/min at point “A” (see Section 15.7B 
for definition of point A).

TABLE 15.2   Exposure Rate Constant for Radium Point Source Filtered by Various 
thicknesses of Platinum
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d. iRidium-192

Iridium-192 (alloy of 30% Ir and 70% Pt) sources are fabricated in the form of thin flexible 
wires that can be cut to desired lengths. Nylon ribbons containing iridium seeds 3 mm long and 
0.5  mm in diameter, spaced with their centers 1 cm apart, are also commonly used. Both the wires 
and the seed ribbons are quite suitable for the afterloading technique (14,15) (see  Section 15.6B).

192Ir has a complicated g-ray spectrum with an average energy of 0.38 MeV. Because of the 
lower energy, these sources require less shielding for personnel protection (compare half-value 
layers in Table 15.1). 192Ir has the disadvantage of a short half-life (73.8 days). However, the 
half-life is long compared to the average treatment time so that the sources can be used in non-
permanent implants similar to radium and cesium. The activity varies by only a few percent 
during an average implant duration.

Many values have been cited in the literature for Γd for 192Ir. The differences in the calculated 
values arise because different spectroscopic data were used by each investigator. This problem 
has been discussed in detail by Glasgow and Dillman (16). Basing their calculations on the most 
recent nuclear spectroscopy data for 192Ir, they recommend a value of 4.69 R-cm2/h/mCi.

E. GoLd-198

Seeds or “grains” consisting of a radioactive isotope of gold, 198Au, have been used in the past for 
interstitial implants. 198Au seeds have also been used in eye plaques for treating intraocular tumors 
such as choroidal melanoma. Currently 125I seeds are most commonly used for eye plaques.

198Au has a half-life of 2.7 days and emits a monoenergetic g ray of energy 0.412 MeV. β rays 
of maximum energy 0.96 MeV are also emitted but are absorbed by the 0.1-mm-thick platinum 
wall surrounding the seed. A gold seed is typically 2.5 mm long with an outer diameter of 0.8 mm. 
Because of its lower g-ray energy, personnel protection problems with gold are easier to manage 
than those of radon which it replaced. Radon seeds, which were used for permanent implants, 
were discontinued because they continue to exhibit low-level g activity for many years due to 
bremsstrahlung, arising from high-energy β particles emitted by its long-lived daughter products. 
It is suspected that this chronic irradiation may be carcinogenic (17). For these reasons, gold seeds 
replaced radon seeds for many years, until 125I seeds gained more widespread acceptance.

F. iodinE-125
125I has gained a wide use for permanent implants in radiation therapy (18,19). The advantages 
of this isotope over radon and 198Au are its longer half-life (59.4 days), which is convenient for 
storage, and its lower photon energy, which requires less shielding. However, the dosimetry of 
125I is much more complex than the conventional interstitial sources.
Three 125I seed models, designated 6701, 6702, and 6711, have been manufactured,2 which are 
identical in size and encapsulation but differ in the active source design. The earlier models 6701 
and 6702 are now obsolete. Figure 15.3 shows the design of both the model 6702 and 6711 
seeds. The encapsulation consists of a 0.05-mm-thick titanium tube welded at both ends to form 
a cylindrical capsule of dimensions 4.5 × 0.8 mm. The model 6702 seed contains ion-exchange 
resin beads, which are impregnated with 125I in the form of the iodide ion. The model 6711 seed 
contains a silver wire with the active material, silver iodide (AgI), adsorbed on its surface.

In the model 6711 seed, the silver wire is readily visible on radiographs and shows seed 
position as well as orientation. The model 6702 seed is radiographically less visible, although 
the titanium end welds can be seen when surrounded by reduced thickness of tissue. 125I 
decays exclusively by electron capture to an excited state of 125Te, which spontaneously 
decays to the ground state with the emission of a 35.5-keV g photon. Characteristic x-rays in 
the range of 27 to 35 keV also are produced due to the electron capture and internal conver-
sion processes. Titanium encapsulation serves to absorb liberated electrons and x-rays with 
energies less than 5 keV. The model 6711 seed emits two additional photons at 22.1 keV and 
25.2 keV energies. These are fluorescent (characteristic) x-rays produced by the interaction 
of 125I photons with the silver wire (20).

Because of the presence of titanium end welds, the dose distribution around iodine seeds is 
highly anisotropic (Fig. 15.4). This can pose problems of creating cold spots near the source 
ends. The users of 125I implants either ignore this problem or try to minimize the extent of 
cold spots by creating random seed distributions. Although the basic problem still remains, 

2Medical Products Division/3M, New Brighton, Minnesota.
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most treatment-planning  systems do not take into account the anisotropy around the indi-
vidual sources. Significant differences exist in the published values of exposure rate constant 
for 125I. Schulz et al. (21) have reported a calculated value of 1.464 R-cm2/mCi/h for an unfil-
tered point source. As will be discussed, the use of the exposure rate constant for unfiltered 
point sources to calculate dose distribution around actual sources of complex designs such 
as 125I has serious accuracy limitations.

G. PALLAdium-103
103Pd seeds have relatively more recently become available for use in brachytherapy. Their clini-
cal applications are similar to those of 125I. Having a shorter half-life (17 days) than that of 125I 
(59.4 days), 103Pd may provide a biologic advantage in permanent implants because the dose is 
delivered at a much faster rate (22).

Figure 15.3. Schematic diagram 
of 125I seeds. A: Model 6702. B: Model 
6711. (From Medical Products Division, 
3M Co., New Brighton, MN, with  
permission.)

Figure 15.4. angular photon 
 fluence distribution from 125I seeds. the 
relative photon fluence in any direction 
is proportional to the radial distance 
from the seed to the plotted curve. n is 
the number of seeds used to obtain 
average results. (From Ling CC, Yorke 
eD, Spiro IS, et al. Physical dosimetry of 
125I seeds of a new design for interstitial 
implant. Int J Radiat Oncol Biol Phys. 
1983;9:1747, with permission.)
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The palladium-103 seed model 2003 consists of a laser-welded titanium tube containing two 
graphite pallets plated with 103Pd (Fig. 15.5). A lead marker between the pallets provides radio-
graphic identification.

103Pd decays by electron capture with the emission of characteristic x-rays in the range of 
20 to 23 keV (average energy 20.9 keV) and Auger electrons. The photon fluence distribution 
around the source is anisotropic due to the self-absorption by the source pallets, the welds, and 
the lead x-ray marker (Fig. 15.6). The dosimetry data for 103Pd are sparse. The reader is referred 
to Meigooni et al. (23) and Chiu-Tsao and Anderson (24) for dose-distribution data.

15.2. CALIBRATION OF BRACHYTHERAPY SOURCES 

A. SPECiFiCAtion oF SouRCE StREnGtH

Historically, the strength of a brachytherapy source has been specified in several ways.

A.1. Activity

The source strength for any radionuclide may be specified in terms of millicuries (mCi). The 
exposure rate at any particular point is proportional to the product of activity and its  exposure 
rate constant. Errors, however, may be introduced in this method from the fact that corrections 

3Manufactured by Theragenics Corp., Buford, Georgia.

Figure 15.5. Schematic diagram of 103Pd seed (model 200). (From theragenics Corp., Norcross, Ga, with permission.)

Figure 15.6. Photon fluence 
distribution in air for 103Pd seed. (From 
Meli Ja, anderson LL, Weaver Ka. Dose 
distribution. In: Interstitial Collaborative 
Working Group, ed. Interstitial Brachy-
therapy. New York, NY: raven; 1990:21, 
with permission.)
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must be applied for the source and wall filtration and that the exposure rate constant may 
not be known accurately. It should be recalled that the accuracy of the exposure rate constant 
depends critically on the accurate knowledge of the spectroscopic data and the relevant absorp-
tion  coefficients.

A.2. Exposure Rate at a Specified Distance

The National Council on Radiation Protection and Measurements (NCRP) (25) recommends 
that the strength of any g emitter should be specified directly in terms of exposure rate in air at 
a specified distance such as 1 m. This specification can be carried out simply by measuring expo-
sure rate in free air at a distance sufficiently large that the given source can be treated as a point. 
Long distance measurement geometry minimizes the dependence of the calibration upon the 
construction of the source and the detector because both can be treated as points. In addition, 
the effect of oblique transmission of photons through the source capsule becomes negligible. 
Loevinger (26) has recommended calibration of brachytherapy sources in terms of absorbed 
dose in water, close to the source.

A.3. Equivalent Mass of Radium

There are historical reasons that make it convenient to specify brachytherapy sources in terms of 
the equivalent mass of radium. Because some users, especially the physicians who are accustomed 
to radium sources, continue to use mg-Ra eq, it has been suggested (25) that the exposure rate could 
be expressed in terms of “effective” equivalent mass of radium. This conversion is simply made by 
dividing the exposure rate at 1 m by the exposure rate constant of radium (point source filtered 
by 0.5 mm Pt) at 1 m. It should, however, be emphasized that the best way to calibrate and specify 
brachytherapy sources is still in terms of exposure rate or air kerma rate at a distance of 1 m. The 
effective mg-Ra eq should be used only to provide output comparison with radium sources.

ExAmPLE

An iridium-192 source has been calibrated and its strength is specified as 0.495 mR/h at 1 m. 
What is the strength of this source in terms of effective mg-Ra eq?

Exposure rate constant of radium filtered by 0.5 mm Pt = 8.25 R-cm2/h-mg = 0.825 mR- 
m2/h-mg.

Effective mg-Ra eq = 
0.495
0.825

 = 0.600 mg

Note that such a conversion of units must explicitly specify the radium source in terms of a point 
source and its filtration.

A.4. Apparent Activity

If the source is calibrated in terms of exposure rate at 1 m, its strength may be specified as appar-
ent activity. It is defined as the activity of a bare point source of the same nuclide that produces 
the same exposure rate at 1 m as the source to be specified. The apparent activity of a brachy-
therapy source is determined by dividing the measured exposure rate at 1 m with the exposure 
rate constant of the unfiltered source at 1 m.

Vendors of brachytherapy sources may specify source strength as apparent activity, although 
the original calibration is done in terms of exposure rate. In order for the user to calculate expo-
sure rate from the apparent activity, the exposure rate constant to be used must be the same as 
the one used by the vendor. Thus, the exposure rate constant is used as a dummy constant in this 
conversion; that is, a purely arbitrary value would do, provided its product with the apparent 
activity yields the same exposure rate as determined by the original calibration.

A.5. Air Kerma Strength

Although exposure rate at a specified distance is appropriate in designating source strength, the 
quantity exposure is being phased out. Most of the standards laboratories have already replaced 
exposure by the quantity air kerma. In keeping with these trends, the American Association of 
Physicists in Medicine (AAPM) recommended the quantity air kerma strength for the specifica-
tion of brachytherapy sources.

The air kerma strength is defined (27) as the product of air kerma rate in “free space” and the 
square of the distance of the calibration point from the source center along the perpendicular 
bisector; that is
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 SK � K
#

l
# l2 (15.1)

where SK is the air kerma strength and K
#

l is the air kerma rate at a specified distance l (usually 
1 m). Recommended units for air kerma strength are μGy-m2/h.

Because no single system is being currently followed universally, it is instructive to derive 
relationships between the different quantities being used for source strength specification.

From Equations 8.6 and 8.13 (see Chapter 8), kerma is related to exposure by

 K � XaW
e
b
mtr>r
men>r

 (15.2)

where K is kerma,  X is exposure, W/e is the average energy absorbed per unit charge of ioniza-
tion in air, and m� tr/r and m� en/r are, respectively, the average values of the mass transfer coefficient 
and the mass energy absorption coefficient of air for the photons. Also,

 m� en/r� m� tr/r(1 � g�) (15.3)

where g�  is the average energy of an electron lost to bremsstrahlung. However, in the energy range 
of brachytherapy photons and for the air medium, m� en/r� m� tr /r. Therefore,

 K � Xa  W
e
b  (15.4)

From Equations 15.1 and 15.4,

 SK � X
#

l a
W
e
b  t2 (15.5)

Thus, the exposure calibration of a brachytherapy source can be readily converted to air kerma 
strength by the use of Equation 15.5. If exposure rate is measured in R/h at l = 1 m,

SK = X
#
(R/h) (0.876 cGy/R) (1 m)2

where 0.876 cGy/R is the value of W/e for dry air (see Section 8.3) or

 SK = X
#
(R/h) (0.876 × 103 m2 mGy/R) (15.6)

MilligraM radiuM EquivalEnt. By definition, 1 mg-Ra eq gives 8.25 × 10−4 R/h at 1 m; there-
fore, in terms of air kerma strength (from Equation 15.6):

 1 mg-Ra eq = (8.25 × 10−4 R/h) (8.76 × 103 m2 mGy/R) = 7.227 mGy-m2/h (15.7)

or

 1 mGy-m2/h = 0.138 mg-Ra eq (15.8)

apparEnt activity. By definition, 1 unit of apparent activity, App, gives exposure rate at 1 m 
equal to the exposure rate constant of the specified source at 1 m. Using the exposure rate con-
stants given in Table 15.1 and Equation 15.6, 1 μGy-m2/h = 0.348 mCi for 137Cs; 0.243 mCi for 
192Ir; 0.486 mCi for 198Au; 0.787 for 125I; and 0.773 for 103Pd. These apparent activities per unit 
air kerma strength may be used to convert source strengths calibrated in air kerma strengths to 
apparent activities in millicuries.

ExAmPLE

An 192Ir seed calibrated by an accredited dose calibration laboratory (ADCL) has air kerma 
strength of 5.00 μGy-m2/h. What is the strength of the source (a) in units of mg-Ra eq and (b) in 
units of mCi (apparent activity)?

Using the conversion factors derived above,

(a) equivalent mass of radium = 5.00 × 0.138

= 0.69 mg-Ra eq

(b) apparent activity = 5.00 × 0.243

= 1.22 mCi

B. ExPoSuRE RAtE CALiBRAtion

The National Institute of Standards and Technology (NIST) has established exposure rate cali-
bration standards for some of the brachytherapy sources (e.g., 226Ra, 60Co, 137Cs, and 192Ir). The 
NIST method consists of calibrating a working standard of each type using open-air geometry 

82453_ch15_p309-347.indd   317 1/8/14   4:23 PM



318 Part II Classical radiation therapy

and a series of spherical graphite cavity chambers (28,29). A given source is then calibrated 
by intercomparison with the working standard using a 2.5-L spherical aluminum ionization 
chamber, positioned at a distance of about 1m. A similar procedure is used for calibrating a 
radium source except that the working standards of radium have been calibrated in terms of 
actual mass of radium.

Because of their lower exposure rate and shorter half-life, 192Ir is calibrated in a slightly dif-
ferent manner (29). A composite source containing about 50 seeds is calibrated in terms of expo-
sure rate at 1 m in open-air scatter-free geometry, as in the case of 137Cs sources, using spherical 
graphite chambers. Each seed is then measured individually in a well-type ionization chamber 
to calibrate the chamber. This well-type ionization chamber now serves as the working standard 
for calibrating 192Ir seeds.

125I seeds are calibrated at the NIST in terms of exposure rate in free space at 1 m using a 
free-air ionization chamber (30). For routine calibrations a well-type ionization chamber is used 
whose calibration is maintained by a free-air chamber as the primary standard.

Calibration of clinical sources should be directly traceable to NIST or one of the AAPM 
ADCLs. This means that the sources should be calibrated by direct comparison with a NIST- or 
ADCL-calibrated source of the same kind (i.e., the same radionuclide with the same encapsula-
tion, size, and shape). If a well-type ionization chamber is used, it should bear a calibration fac-
tor determined with a NIST- or ADCL-calibrated source of the same kind.

B.1. Open-Air Measurements

Figure 15.7 is a schematic representation of an open-air measurement geometry for the calibra-
tion of brachytherapy sources. The arrangement consists of a large source to ion chamber dis-
tance relative to source and detector dimensions. The apparatus is set up as far away as possible 
from potential scattering surfaces. Because the output from brachytherapy sources is low at large 
distances, the chamber volume should be large, for example, 100 mL or larger. A signal-to-noise 
ratio greater than 100:1 should be achievable.

Because of the difficulty in obtaining “good geometry” conditions, the open-air method is a 
time-consuming measurement. It is not suitable for routine calibration checks required in a busy 
department. A well-type ionization chamber is more suited to routine measurements.

B.2. Well-Type Ion Chambers

Routine calibration of brachytherapy sources is usually carried out with a “re-entrant”-type ion 
chamber in which the walls of the chamber surround the source, approximating a 4p measure-
ment geometry. Examples of such chambers are those designed by the British National Physics 
Laboratory (31), a re-entrant chamber designed by Radiological Physics Center (32), a spherical 
aluminum chamber designed by NIST (33), and commercially available dose calibrators (34–36)

Figure 15.8 is a schematic drawing of a dose calibrator, Capintec Model CRC-10. This unit 
consists of an aluminum wall ion chamber filled with argon gas under high pressure. The collec-
tion potential applied to the chamber is about 150 V. A source holder is devised to reproduce the 
source geometry in relation to the surrounding chamber walls.

The dose calibrator is traditionally used for assay of radiopharmaceuticals in which the 
instrument response is interpreted as activity in units of millicuries. These activity calibrations 
of various isotopes are based on relative chamber response measured by intercomparison 
with the respective standards calibrated by NIST directly in terms of activity (37). However, 
these standards are usually in the form of an aqueous suspension of the isotope sealed in a 

Source

1 meter

Chamber

Figure 15.7. Schematic drawing of 
open-air geometry for exposure rate 
calibration of brachytherapy sources.
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glass ampule. These vendor calibrations of the instrument are, therefore, not valid for brachy-
therapy sources because of differences in construction between brachytherapy and standard 
sources. Even the practice of using a radium standard for calibrating different sources is prone 
to significant errors due to energy dependence of the instrument (35,36,38). In addition, the 
response of well chambers is known to depend on the source position in the well and on the 
length of the source (32). Correction factors must be determined for these effects for a given 
instrument and the type of sources to be calibrated.

The energy dependence of the chamber arises from absorption and scattering of photons and 
secondary electrons in the chamber walls and the gas. Besides this intrinsic energy dependence, 
oblique filtration through the source encapsulation affects the chamber response both by photon 
absorption and by producing changes in the energy spectrum. This effect of source construction 
on the chamber response has been studied in detail by Williamson et al. (34,39) for commonly 
used brachytherapy sources. These authors conclude: “In these apparatuses, all one can count on 
is a linear response with respect to exposure rate given fixed energy, filtration, and source posi-
tion. For each isotope, an exposure calibrated standard is needed” (34). These studies support 
the recommendations that the brachytherapy sources should be calibrated in terms of exposure 
rate using exposure calibrated standards of the same kind (25,26).

15.3. CALCULATION OF DOSE DISTRIBUTIONS 

A. ExPoSuRE RAtE

Exposure rate distribution around a linear brachytherapy source can be calculated using the Sievert 
integral, introduced by Sievert (40) in 1921. The method (1,41) consists of dividing the line source 
into small elementary sources and applying inverse square law and filtration corrections to each. 
Consider a source of active length L and filtration t (Fig. 15.9). The exposure rate dI at a point  
P(x, y) contributed by the source element of length dx is given by

Chamber
walls
(AI)

12 atm
Ar

Source

Guard electrode

3

48.6
12.7

7.9

9.65

263

22

Lucite jig

4-mm-
thick

Lucite
liner

Collection
electrode

(AI)

Plastic
fletcher
tandem
insert

Figure 15.8. Schematic draw-
ing of a dose calibrator, Capintec 
Model CrC-10. (From Williamson JF, 
Khan FM, Sharma SC, et al. Methods 
for routine calibration of brachytherapy 
sources.  Radiology. 1982;142:511, with 
permission.)
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 dI(x, y) �
A
L

 . � . dx. 
1
r2

 .e�m=. t. sec u (15.9)

where A and g are the activity and exposure rate constant of the unfiltered source and m′ is the 
effective attenuation coefficient for the filter. Other variables are defined by Figure 15.9. Making 
use of the following relationships:

r = y sec u

x = y tan u

   dx = y sec2 udu

integrating Equation 15.9, we obtain the exposure rate I(x, y) for the whole source:

 I(x, y) �
A�

Ly
 L
u2

u1

e�m=.t. sec udu (15.10)

The above Sievert integral can be evaluated by numerical methods (1).
If the source intensity is specified in terms of exposure rate X

#

s at a specified distance s far from 
the source (i.e., s » L), then the Sievert integral can be written as

 I(x, y) �
X
#

s
#

 s
2

Ly
# em=tL

u2

u1

e�m=.t. sec udu (15.11)

Alternatively, if the source strength is specified in terms of equivalent mass of radium, meq, such 
that X

#

s= meq . ΓRa s
−2 then

 I(x, y) �
meq

# �Ra

Ly
 # em= tL

u2

u1

e�m
= #t #  sec udu (15.12)

If the source strength is specified in air kerma strength, then

 I(x, y) �
SK

LyaW
e
b
# em=tL

u2

u1

e�m=.t. sec udu (15.13)

Several additional corrections are applied to compute the exposure rate accurately using the 
Sievert integral. A correction for self-absorption in the source material, although small for 
clinical sources, has been used by Shalek and Stovall (1). Wall thickness, t, should be corrected 
for the internal radius of the source, because some photons traverse a thickness of filter greater 
than the radial thickness of the wall (42,43). Depending on the type of source and filtration, the 
energy spectrum may be significantly altered by the filter. Not only is an “effective attenuation 
coefficient” needed, but also this coefficient varies with filter thickness (43,44). This problem 
becomes more severe when the effects of oblique filtration are considered (45).

In the case of 226Ra encapsulated in platinum, measured values of m′ (43,44) may be used 
(Fig. 15.10). However, if such data are not available for a given source–filter combination, cal-
culated values have to be used. Williamson et al. (45) give the following expression for m′ as a 
function of filter thickness d:

Figure 15.9. Diagram illustrating geometric relation-
ships used in calculation of exposure at point P, from a 
linear source.

Y

L

X

y

P (x, y )

dx

r

dθ
θ

θ1
θ2
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 m=(d) � � a1
d

 b  ln ≥
a

i
piEi(men/r)i

aire�m�
en # d

a
i

piEi(men/r)i
air

 ¥  (15.14)

where pi denotes the number of photons with energy Ei emitted per disintegration, and (men/r)i
air 

is the mass energy absorption coefficient in air for photon of energy Ei .
Because the Sievert integral uses the energy absorption coefficient, the underlying assumption 

is that the emitted energy fluence is exponentially attenuated by the filter thickness traversed by 
the photons. This is an approximation that has been shown to work well for 226Ra and 192Ir seeds 
in the region bounded by the active source ends (1,45). However, Monte Carlo simulations (45) 
have shown that beyond the end of the active source region, the Sievert approach introduces 
significant errors and practically breaks down in the extreme oblique directions.

A.1. Effect of Inverse Square Law

Figure 15.11 compares the radial exposure rate distribution of a line source of radium with 
that of a point source of radium, both filtered by 1 mm Pt. Whereas the curve for the point 
source represents an inverse square law function, the linear source curve was obtained using 
the Sievert integral. The exposure rate constant for 226Ra with 1 mm Pt filter was assumed to be 
7.71 R-cm2/mg/h. It is evident from Figure 15.11 that for the linear source, the exposure rate 
is less than that predicted by the inverse square law, especially at points close to the source. 
This is as expected because the photons reaching these points from the source extremities travel 
larger distances and suffer oblique filtration, which is greater than the radial wall thickness. As 
the distance is increased, however, these effects of the linear source approach those of the point 
source and, therefore, its exposure rate curve approaches inverse square law.

B. ABSoRBEd doSE in tiSSuE

The Sievert integral gives the exposure rate distribution in air and considers only the inverse 
square law and filtration effects. When a source is implanted in the tissue, one needs to consider, 
in addition, attenuation as well as scattering in the surrounding tissue. The exposure rate calcu-
lated at a point in tissue can then be converted into absorbed dose rate by using the appropriate 
roentgen-to-rad factor (see Chapter 8).

Figure 15.10. effective energy absorption coefficients of radium g rays in platinum. (Data are from Whyte GN. 
attenuation of radium gamma radiation in cylindrical geometry. Br J Radiol. 1955;28:635; and Keyser GM. absorption 
 correction for radium standardization. Can J Phys. 1951;29:301.)
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Several investigators have experimentally determined the ratio of exposure in water to 
exposure in air as a function of distance for a number of isotopes. Because of the large dis-
crepancies between various sets of experimental data, Meisberger et al. (46) formulated a 
third-order polynomial to fit the average of their theoretical and all available experimental 
data (46–51). This polynomial is commonly used for routine calculation of absorbed dose in 
tissue in various computer programs.

Webb and Fox (52) have calculated the dose distribution around point g-ray emitters in 
water by the Monte Carlo method. Their results agree very well with Meisberger’s average or 
“selected” curve.

The radial dependence of dose in a water medium, with the inverse square law removed, can 
also be represented by Dr = Bre

−μr where m denotes the linear attenuation coefficient and Br is a 
buildup factor at distance r from the source. This expression is similar to the ratio of exposure in 
water to exposure in air. Evans (53) has suggested that Br may be represented by

 Br = 1 + ka(mr)kb (15.15)

where ka and kb are constants. Kornelsen and Young (54) have fitted the Monte Carlo data 
of Webb and Fox (52) to determine the constants ka and kb. These are given in Table 15.3. 
 Figure 15.12 shows the curves calculated by these authors.4

Figure 15.12 shows that at short distances, the attenuation of the primary photons is very 
much compensated for by the contribution of scattered photons with the result that the exposure 
in water is almost equal to the exposure in air at the same point. However, tissue attenuation 

4 The authors appear to have normalized the dose values to unity at r = 1 cm. Spot checks of Figure 15.12 
revealed that the tissue attenuation correction factor is given by Dr/D1, where D1 is the dose at 1 cm.

Point source

Linear source

Figure 15.11. Plot of exposure rate from 1-mg 226ra source as a function of radial distance. Point source with 1.0-mm 
Pt filtration. Linear source with 1.0-mm Pt filtration, 1.5-cm active length.

82453_ch15_p309-347.indd   322 1/8/14   4:23 PM



ChaPter 15 Low-Dose-rate Brachytherapy: rules of Implantation 323 

 overtakes  scattering at larger distances. For radium sources, the net reduction is about 1% per 
cm of intervening tissue up to 5 cm.

It is instructive to study the dose falloff with distance in tissue. Figure 15.13 is a plot of 
 percent dose as a function of distance in water for point sources of 60Co, 226Ra, 137Cs, 198Au, 
192Ir, and 125I. These plots also are compared with the inverse square law function (1/r2). These 
data show that over a distance of about 5 cm the percent dose rates for 226Ra, 60Co, and 137Cs 
are about equal and show a slight decrease below inverse square law due to tissue attenua-
tion. The curves for 192Ir and 198Au, on the other hand, are practically indistinguishable from 
the inverse square law curve up to about 5 cm. The dose distribution for 125I progressively 
deviates from the inverse square law as a result of increased tissue attenuation for this iso-
tope. However, up to about 1 cm, all the curves are indistinguishable due to the severity of 
the inverse square law effect at such short distances.

Absorbed dose rate tables for linear radium sources have been published by Shalek and 
Stovall (1), which take into account the attenuation and scattering in tissue. Similar data also are 
available for 137Cs and 125I (9,55). Such tables are useful for manual calculations as well as for 
checking the accuracy of computer calculations.

C. moduLAR doSE CALCuLAtion modEL: tG-43

The traditional method of calculating dose in a medium (Sections 15.3A and 15.3B) using Sievert 
integral requires the determination of m′, the effective attenuation coefficient for the filter as a 
function of thickness and the tissue attenuation factors. Both of these parameters are difficult 
to measure or calculate, especially for sources of complex design such as 125I and 103Pd. It is, 
therefore, advantageous to calculate dose rates from quantities measured solely in the medium. 
The data for a particular source can be compiled in a tabular form as a function of position. A 
modular approach has been proposed by the AAPM Task Group 43 (56) in which the effects of 
several physical factors on dose rate distribution are considered separately.

Since the publication of the AAPM TG-43 protocol in 1995, the number of commercially 
available brachytherapy source models has increased considerably. Additionally, the National 
Institute of Technology has revised its primary standard for measuring air kerma strength and the 
dosimetric methods of characterizing various source models have greatly improved. In response 
to these developments, the TG-43 protocol was updated in 2004 to TG-43U1 protocol (57),  

isotope M (cm2/g) ka kb

60Co 0.0632 0.896 1.063
226ra 0.0811 1.17 1.19
137Cs 0.0858 1.14 1.20
198au 0.105 1.48 1.32
192Ir 0.113 1.59 1.36

(Data from Kornelsen rO, Young MeJ. Brachytherapy build-up factors. Br J Radiol. 1981;54:136.)

TABLE 15.3  Constants ka and kb determined by use of monte Carlo data

Figure 15.12. attenuation correction 
factor in water as a function of distance for a 
point source. Curves are calculated by equa-
tion 15.15 and fitted to Monte Carlo data. 
See the text for details.

82453_ch15_p309-347.indd   323 1/8/14   4:23 PM



324 Part II Classical radiation therapy
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e

Distance r (cm) in water

Figure 15.13. Percent dose variation with distance in water for point sources of 60Co, 226ra, 137Cs, 198au, 192Ir, and 125I. 
Function (1/r2) represents inverse square falloff. (125I data are from Krishnaswamy V. Dose distribution around an 125I seed 
source in tissue. Radiology. 1976;126:489.) the other isotope data were calculated from Figure 15.12 in addition to the 
inverse square law.

and the corresponding supplement published in 2007 (58). The basic formalism and source data 
presented below are consistent with the updated protocol. The dose rate, D

#
(r, u), at point P with 

polar coordinates (r, u) in a medium (e.g., water) from the center of a source of air kerma strength 
SK can be expressed as

 D
#
(r,u) � �SK 

G(r,u)
G(1,p/2) F(r,u) g(r) (15.16)

where Λ is the dose rate constant, defined as the dose rate per unit air kerma strength (U) at 1 cm 
along the transverse axis of the seed and has units of cGy/h/U; that is

 � � D
#
(1,p/2)/SK (15.17)

The dose rate constant, Λ, depends on the type of source, its construction, and its encapsula-
tion. The values recommended for 125I (models 6702 and 6711), 103Pd, and 192Ir seeds are listed 
in Table 15.4.

G(r, u) is the geometry factor (cm−2) that accounts for the geometric falloff of the photon flu-
ence with distance from the source and depends on the distribution of radioactive material. For 
a point source, G(r, u) = 1/r2, and for uniformly distributed line source, G(r, u) = (u2 – u1)/Ly.5

F(r, u) is the anisotropy factor normalized at u = p/2 (transverse axis), with the geometric 
factor factored out; that is

5 These results can be ascertained by substituting m= � 0 in Equation 15.10 and separating out the geometric 
factor.
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 F(r,u) �  
D
#
(r,u)G(r,p/2)

D(r,p/2)G(r, u)
 (15.18)

The anisotropy factor accounts for the angular dependence of photon absorption and scatter in 
the encapsulation and the medium.

The radial dose function, g(r), accounts for the radial dependence of photon absorption and 
scatter in the medium along the transverse axis and is given by

 g(r) �
D
#
(r, p/2) G(1, p/2)

D
#
(1, p/2) G(r, p/2)

 (15.19)

Again, the geometric factor is factored out from the dose rates in defining g(r).
If a source is approximated to be a point source, Equation 15.16 simplifies to

 D
#
(r) � � S K

g(r)

r2
fan (15.20)

where fan is a distance-dependent average anisotropy factor. It is defined as the ratio of 4p aver-
aged dose rate at a given radial distance divided by the dose rate at the same distance along the 
transverse axis of the source.

Table 15.5 is an example of the geometry factor calculated for a 3-mm-long line source. 
Table 15.6A–C provides anisotropy factors measured for 125I and 103Pd seeds. Table 15.7 gives 
the radial dose functions for 103Pd, 125I, and 192Ir seeds. For other source model data, the reader 
is referred to the TG-43U1 report (57).

Because of the numerous source models available commercially, the user must make sure 
that the dose calculation algorithm and the input source data are consistent with the AAPM 
TG-43U1 protocol.

d. iSodoSE CuRVES

The above methods can be used to calculate absorbed dose to a matrix of points around a 
source. The isodose curves are then constructed by interpolation between points, connecting 
those points receiving the same dose. Because of the complex and time-consuming calcula-
tions, if done manually, to generate isodose curves, the job is ideally suited for computers. 

Seed cGy/h/u
125I model 6702 1.036
125I model 6711 0.965
103Pd (theragenics model 200) 0.686
192Ir 1.12

the units for U are mGy-m2/h.

(Data from rivard MJ, Coursey BM, DeWerd, et al. Update of aaPM task Group No. 43 report: a revised aaPM protocol 
for the brachytherapy dose calculations. Med Phys. 2004;31:633-674.)

TABLE 15.4   Recommended dose Rate Constants in Water

U (deg) r ∙ 0.5 cm r ∙ 1.0 cm r ∙ 2.0 cm r ∙ 5.0 cm

 0 1.099 1.023 1.006 1.001

10 1.094 1.022 1.006 1.001

20 1.081 1.019 1.005 1.001

30 1.062 1.015 1.004 1.001

40 1.039 1.010 1.002 1.001

50 1.018 1.005 1.001 1.000

60 0.9160 0.9999 1.000 1.000

90 0.9715 0.9926 0.9980 1.000

(From Nath r, anderson LL, Luxton G, et al. Dosimetry of interstitial brachytherapy sources: recommendations of the 
aaPM radiation therapy Committee task Group No. 43. Med Phys. 1995;22:209-234.)

TABLE 15.5  Example of the Geometry Factor, G(r, U), for a 3.0-mm Line Source
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A

F(r, u) for 125I Amersham Model 6702

Polar Angle  
u (degrees)

r (cm)

0.5 1 2 3 4 5

 0 0.385 0.420 0.493 0.533 0.569 0.589

 5 0.413 0.472 0.546 0.586 0.613 0.631

10 0.531 0.584 0.630 0.660 0.681 0.697

15 0.700 0.700 0.719 0.738 0.749 0.758

20 0.788 0.789 0.793 0.805 0.810 0.814

30 0.892 0.888 0.888 0.891 0.892 0.892

40 0.949 0.948 0.944 0.944 0.944 0.944

50 0.977 0.973 0.967 0.967 0.967 0.967

60 0.989 0.985 0.983 0.983 0.983 0.983

70 0.996 0.992 0.990 0.990 0.990 0.990

80 1.000 0.998 0.998 0.998 0.998 0.998

fan(r) 0.986 0.960 0.952 0.951 0.954 0.954

B

F(r, u) for 125I Amersham Model 6711

Polar Angle  
u (degrees)

r (cm)

0.5 1 2 3 4 5

 0 0.333 0.370 0.442 0.488 0.520 0.550

 5 0.400 0.429 0.497 0.535 0.561 0.587

10 0.519 0.537 0.580 0.609 0.630 0.645

20 0.716 0.705 0.727 0.743 0.752 0.760

30 0.846 0.834 0.842 0.846 0.848 0.852

40 0.926 0.925 0.926 0.926 0.928 0.928

50 0.972 0.972 0.970 0.969 0.969 0.969

60 0.991 0.991 0.987 0.987 0.987 0.987

70 0.996 0.996 0.996 0.995 0.995 0.995

80 1.000 1.000 1.000 0.999 0.999 0.999

fan(r) 0.973 0.944 0.941 0.942 0.943 0.944

C

F(r, u) for 103Pd NASI Model MED3633

Polar Angle  
u (degrees)

r (cm)

0.25 0.5 1 2 5 10

 0 1.024 0.667 0.566 0.589 0.609 0.733

10 0.888 0.581 0.536 0.536 0.569 0.641

20 0.850 0.627 0.603 0.614 0.652 0.716

30 0.892 0.748 0.729 0.734 0.756 0.786

40 0.931 0.838 0.821 0.824 0.837 0.853

50 0.952 0.897 0.890 0.891 0.901 0.905

60 0.971 0.942 0.942 0.940 0.948 0.939

70 0.995 0.976 0.974 0.973 0.980 0.974

80 1.003 0.994 0.997 0.994 1.000 0.986

fan(r) 1.257 0.962 0.903 0.895 0.898 0.917

(Data from rivard MJ, Coursey BM, DeWerd, et al. Update of aaPM task Group No. 43 report: a revised aaPM protocol 
for the brachytherapy dose calculations. Med Phys. 2004;31:633-674.)

TABLE 15.6  the Anisotropy Factor, F (r, U)
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Radial dose Function, g(r)

distance along  
transverse Axis (cm) 103Pda 126i model 6711b

125i model 
6702b 192irb

0.5 1.29 1.04 1.04 0.994

1.0 1.00 1.00 1.00 1.00

1.5 0.765 0.926 0.934 1.01

2.0 0.576 0.832 0.851 1.01

2.5 0.425 0.731 0.760 1.01

3.0 0.310 0.632 0.670 1.02

3.5 0.224 0.541 0.586 1.01

4.0 0.165 0.463 0.511 1.01

4.5 0.123 0.397 0.445 1.00

5.0 0.0893 0.344 0.389 0.996

5.5 0.300 0.341 0.985

6.0 0.264 0.301 0.972

6.5 0.233 0.266 0.957

7.0 0.204 0.235 0.942

7.5 0.927

8.0 0.913

8.5 0.900

9.0 0.891

aradial dose function fit to a fifth-order polynomial for pladium-103 sources.
bradial dose function fit to a fifth-order polynomial for iodine-125 sources.
(From Nath r, anderson LL, Luxton G, et al. Dosimetry of interstitial brachytherapy sources: recommendations of the 
aaPM radiation therapy Committee task Group No. 43. Med Phys. 1995;22:209-234.)

TABLE 15.7   the Radial dose Function, g(r)

Presently, almost all commercial treatment-planning computers offer brachytherapy soft-
ware that can perform sophisticated treatment planning involving three-dimensional distri-
bution of multiple sources.

Experimental determination of isodose curves is sometimes necessary to check new calcula-
tion algorithms. Film and thermoluminescent dosimetry (TLD) (see Chapter 8) require the least 
apparatus for such measurements. Film offers a high resolution but has a serious limitation of 
energy dependence, that is, increased sensitivity to low-energy photons present in the nuclides’ 
g-ray spectrum and the scattered radiation. TLD shows energy dependence (59) also but to a 
lesser degree than the film.

Automatic isodose plotters also have been used to measure isodose curves (60). One of the 
g-ray detectors used in these instruments is a small scintillation detector. The scintillation coun-
ter is connected to an automatic isodose recording device. The output of the scintillation counter 
is independently calibrated by comparison with a calibrated source of the same kind. A silicon 
diode detector connected to a radiation field scanner also has been used for relative close distri-
bution measurements (20). Small size and almost complete energy independence make it quite 
suitable for these measurements.

Figure 15.14 shows an example of isodose curves around a radium needle. Examination of 
the curves indicates that close to the source they are more or less elliptical. At large distances, 
the isodose curves become circles, because the source behaves as a point source. The dip in the 
curves close to the source axis is due to the effect of oblique filtration.

15.4. SYSTEMS OF IMPLANT DOSIMETRY 

The objectives of treatment planning are (a) to determine the distribution and type of radiation 
sources to provide optimum dose distribution and (b) to provide a complete dose distribution 
in the irradiated volume. Numerous systems of dosimetric planning have been devised over 
the past 50 years. Of these, the Paterson-Parker system (61) and the Quimby system (62) have 

82453_ch15_p309-347.indd   327 1/8/14   4:23 PM



328 Part II Classical radiation therapy

received the most widespread use. These and other systems were designed during the times when 
computers were not available for routine treatment planning. Extensive tables and elaborate 
rules of source distribution were devised to facilitate the process of manual treatment planning. 
Then a more significant development occurred: the use of digital computers to calculate isodose 
distributions for individual patients (63–65). This gave the radiation therapist freedom to devi-
ate from the established systems. Although the old systems with their rules of implantation are 
still being used, the computer treatment planning is fast replacing the traditional systems. Some 
of these methods will be reviewed here to illustrate the basic rules of implantation, concepts, and 
problems associated with brachytherapy planning.

A. tHE PAtERSon-PARkER SyStEm

The Paterson-Parker or Manchester system (61) was developed to deliver uniform dose (within 
±10%) to a plane or volume. The system specified rules of source distribution to achieve the 
dose uniformity and provided dosage tables for these idealized implants. These tables are repro-
duced in the appendix. Although computerized treatment planning has replaced these tables for 
determining actual dose delivered, they may be used for preplanning. Also, these tables may be 
used to compare computer-calculated dosages and implant duration provided the same brachy-
therapy system is followed in terms of the rules of implantation and dose specification.

A.1. Planar Implant

In the case of planar implants the uniformity of dose is achieved in parallel planes at 0.5 cm from 
the implanted plane and within the area bounded by the projection of the peripheral needles on 
that plane. The “stated” dose, determined from the Paterson-Parker tables, is 10% higher than 
the minimum dose. The maximum dose should not exceed 10% above the stated dose to sat-
isfy the uniformity criterion. The dose is, however, much more nonuniform within the plane of 
implant. For example, the dose at the surface of the needles is about five times the stated dose.

The distribution rules for the planar implants are as follows:

1. The ratio between the amount of radium in the periphery and the amount of radium over the 
area itself depends on the size of the implant, for example:

Area Fraction Used in Periphery

<25 cm2 2/3

25–100 cm2 1/2

>100 cm2 1/3

Figure 15.14. Isodose curves in 
terms of rad/h around a 1-mg  radium 
source. active length = 3.0 cm; 
 filtration = 0.5 mm Pt.
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2. The spacing of the needles should not be more than 1 cm from each other or from the cross-
ing ends.

3. If the ends of the implant are uncrossed (Fig. 15.15B or C), the effective area of dose unifor-
mity is reduced.6 The area is, therefore, reduced by 10% for each uncrossed end for table-
reading purposes.

4. In the case of multiple implant planes, the radium should be arranged as in rules 1 to 3, and 
the planes should be parallel to each other.

A.2. Volume Implants

Some tumors are better implanted using three-dimensional shapes such as cylinders, spheres, or 
cuboids.

1. The total amount of radium is divided into eight parts and distributed as follows for the vari-
ous shapes. The cylinder is composed of belt, four parts; core, two parts; and each end, one 
part (Fig. 15.16). The sphere is made up of shell, six parts, and core, two parts. The cuboid 
consists of each side, one part; each end, one part; and core, two parts.

2. The needles should be spaced as uniformly as possible, not more than 1 cm apart. There 
should be at least eight needles in the belt and four in the core.

3. If the ends of the volume implant are uncrossed, 7.5% is deducted from the volume for the 
uncrossed end for table-reading purposes.

For a volume implant, the prescribed dose is stated 10% higher than the minimum dose within 
the implanted volume.

A.3. Paterson-Parker Tables

The Paterson-Parker tables (61) are designed to give milligram-hours/1,000 roentgens ( mg-h/ 
1,000 R) for implants of various sizes, both for planar and volume implants (see Tables A.12.1 
and A.12.2 in the appendix). To convert Paterson-Parker roentgens to cGy in tissue, one 
needs to make the following corrections: (a) Exposure rate constant (Γ)—the tables assume 
Γ = 8.4 R-cm2/mg-h instead of the current value of 8.25 R-cm2/mg-h. (b) A roentgen—cGy 
factor of 0.957 should be used to convert exposure into dose in muscle. (c) Oblique filtration— 
Paterson-Parker tables do not take into account the increased attenuation by oblique filtration 

6 If it is not possible to cross an end, one can increase the size of the implant by using longer needles so that the 
effective area of dose uniformity adequately covers the tumor. Again, 10% is deducted from the implant area 
for each uncrossed end for table-reading purposes.

Figure 15.15. examples of three 
planar implants. A: Both ends crossed. 
B: One end uncrossed. C: Both ends 
uncrossed.
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by the platinum capsule, giving rise to a 2% to 4% error for typical implants. (d) Paterson-
Parker tables are based on exposure in air. Corrections are needed for tissue attenuation and 
scattering (Section 15.3B). Stovall and Shalek (66) have demonstrated that for typical planar 
and volume implants a combined factor of 0.90 selects an isodose curve approximately equiv-
alent to the Paterson-Parker dosage. Thus, the mg-h/1,000 R in the original Paterson-Parker 
tables should be considered equivalent to mg-h/900 cGy.

B. tHE QuimBy SyStEm

The Quimby system (62) of interstitial implantation is characterized by a uniform distribu-
tion of sources of equal linear activity. Consequently, this arrangement of sources results in a 
nonuniform dose distribution, higher in the central region of treatment. For planar implants, 
the  Quimby table gives the milligram-hours required to produce 1,000 R in the center of the 
treatment planes, up to a 3-cm distance from the plane of implant. The stated dose is thus the 
maximum dose in the plane of treatment. For volume implants, the stated dose is the minimum 
dose within the implanted volume.

The original Quimby tables, like the Manchester tables, are based on an exposure rate con-
stant of 8.4 R-cm2/mg-h instead of the currently accepted value of 8.25 R-cm2/mg-h. Also, other 
corrections, namely the roentgen:cGy factor, oblique filtration, and tissue attenuation, have to be 
applied as in the case of the Paterson-Parker tables.

Shalek and Stovall compared the Quimby and the Paterson-Parker systems for selected ideal-
ized cases and found that fundamental differences exist between the two systems. They caution 
against the use of these systems interchangeably: “It is imperative that a radiation therapist use 
one radium system to the exclusion of the other” (1).

C. tHE mEmoRiAL SyStEm

The Memorial system, as described by Laughlin et al. (64) in 1963, is an extension of the 
Quimby system and is characterized by complete dose distributions around lattices of point 
sources of uniform strength spaced 1 cm apart. Based on computer-generated dose distri-
butions, tables were constructed that gave milligram-hours to deliver 1,000 rads at desig-
nated points, for example, “minimum peripheral” and “reference maximum dose” points 
in the plane 0.5 cm from the source plane for the planar implants. For volume implants, 
similar data points within the implanted volume as well as “central line peripheral dose” 
points were chosen. These tables use proper exposure rate constant and include the effects 
of oblique filtration and tissue  attenuation.

Another method, known as the “dimension averaging” technique, also has been used at 
Memorial Hospital for permanent implants (67,68). The method is based on the rationale 

Figure 15.16. example of a volume implant with one end uncrossed. the 
implant has eight needles in the belt, four in the core (not shown), and four at 
one end. Whereas the needles in the belt and core are 1 mg each, the crossing 
needles at the end are 0.5 mg each, thus satisfying the Paterson-Parker rule of 
radium distribution.
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that radiation tolerance of tissue depends on the size of the implant and the smaller vol-
umes could be intentionally given larger doses. According to this method, the total activity 
required for an implant is directly proportional to the average of the three dimensions of 
the implant region.

Mathematically,

 A � K # d (15.21)

where A is the activity in mCi and d is the averaged dimension, that is, d = (a + b + c)/3, where 
a, b, and c are the three mutually perpendicular dimensions. The constant K of proportionality 
is based on clinical experience: K = 10 for 222Rn and K = 5 for 125I.

In addition to the total activity required for an implant, one needs to know the number of 
seeds and the spacing between seeds. Anderson (68) has described a nomogram for 125I seed 
spacing that takes into account the elongation factor for the implant shape, for example, 
spheroid or cylinder.

d. tHE PARiS SyStEm

The Paris system (69) of dosimetry is intended primarily for removable implants of long line 
sources, such as 192Ir wires. The system prescribes wider spacing for longer sources or larger 
treatment volumes. As summarized in Table 15.8, the sources are of uniform linear activity and 
are implanted in parallel lines. The details of the system are described by Pierquin et al. (70).

In the Paris system the dose specification is based on an isodose surface, called the reference 
isodose. However, in practice, the value of the reference isodose is fixed at 85% of the “basal 
dose,” which is defined as the average of the minimum dose between sources. It has been shown 
that the reference isodose for a Paris implant surrounds the implant within a few millimeters, 

Characteristic Paterson-Parker Quimby Paris Computera

Linear strength Variable (full intensity, 0.66 mg-
ra/cm; half-intensity, 0.33 
mg-ra/cm)

Constant (full inten-
sity, 1 mg-ra/cm; 
half-intensity, 0.5 
mg-ra/cm)

Constant (0.6–1.8 mg-
ra eq/cm)

Constant (0.2–0.4 mg-ra 
eq/cm)

Source distribution Planar implants: area <25 cm2,  
2/3 ra in periphery; area 25–
100 cm2, 1/2 ra in  periphery. 
area >100 cm2, 1/3 ra in  
periphery

Uniform Uniform Uniform

Volume implants Uniform distribu-
tion of sources

Line sources arranged 
in

Line sources arranged in 
parallel

Cylinder: belt, four parts; core, 
two parts; each end, one part

throughout the 
volume

parallel planes planes or cylindrical 
volumes

Sphere: shell, six parts; core, 
two parts

Cube: each side, one part; core, 
two parts

Line source spacing Constant approximately 1 cm 
apart from each other or 
from crossing ends

Same as Paterson-
Parker

Constant, but selected 
according to implant 
dimensions—larger 
spacing used in 
large volumes; 8-mm 
minimum to 15-mm 
maximum separation

Constant, 1–1.5 cm, 
depending on size of 
implant (larger spacing 
for larger-size implants)

Crossing needles Crossing needles required to 
enhance dose at implant 
ends

Same as Paterson-
Parker

Crossing needles not 
used; active length 
30–40% longer than 
target length

Crossing needles not 
 required; active length of 
sources 30–40%  longer 
than target length

athe computer system used at the University of Minnesota hospital.
(From Khan FM. Brachytherapy: rules of implantation and dose specification. In: Levitt Sh, Khan FM, Potish ra, eds. Technological Basis of Radiation 
Therapy. Philadelphia, Pa: Lea & Febiger; 1992:113, with permission.)

TABLE 15.8  Rules of interstitial implant Systems
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Figure 15.17. Determination 
of basal dose (BD) in implants using 
the Paris system. A: Line sources 
implanted in patterns of (a) single 
plane, (b) squares, and (c) triangles. 
B: Isodose curves in central plane of a 
volume implant using the Paris system. 
the isodose values are normalized to 
the average basal dose, which is given 
by 1/4(BD1 + BD2 + BD3 + BD4). (From 
Dutreix a, Marinello G. In: Pierquin B, 
Wilson JF, Chassagne D, eds. Modern 
Brachytherapy. New York, NY: Masson; 
1987, with permission.)

and its value is approximately equal to 85% of the basal dose (71). Figure 15.17 illustrates how 
the basal dose is calculated in different patterns of implants using the Paris system.

E. ComPutER SyStEm

An implant system that has evolved through the use of computers but bears no formal name is 
used in many institutions in the United States. I will call it the computer system. The implanta-
tion rules are very simple: The sources of uniform strength are implanted, spaced uniformly (e.g., 
1.0 to 1.5 cm, with larger spacing for larger-size implants), and cover the entire target volume.

It is realized that the implantation of uniform activity sources gives rise to an implant that is 
“hotter” in the middle than in the periphery, as is the case with the Quimby and the Paris sys-
tems. However, this dose inhomogeneity is accepted with the belief that the central part of the 
target would need higher doses to sterilize than the periphery.

In the computer system, the target volume is designed with sufficient safety margins so that 
the peripheral sources can be placed at the target boundary with adequate coverage of the tumor. 
The dose is specified by the isodose surface that just surrounds the target or the implant. An 
important criterion is followed: It is better to implant a larger volume than to select a lower-
value isodose curve to increase the coverage. If the target volume is designed with adequate 
safety margins, the peripheral sources should then be implanted on the outer surface of the target 
volume. Also, the active length of the line sources should be suitably longer (≃ 40% longer) than 
the length of the target volume because of uncrossed ends.

Figure 15.18A shows isodose distribution in the central cross-sectional plane for a com-
puter system volume implant (two parallel planes). The prescription isodose curve just sur-
rounds the peripheral sources. Figure 15.18B shows the isodose pattern in the longitudinal 
plane through the middle of implant to assess adequate coverage by the prescription isodose 
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curve in this plane. In fact, target volume coverage can be viewed in any plane or three-
dimensionally, provided volumetric data for the target are available.

15.5. COMPUTER DOSIMETRY 

The older dosimetry systems are based on idealized implants conforming to certain distribution 
rules. In actual practice, however, such ideal distributions are seldom realized. With a computer, it 
is possible to preplan not only implants, but also a complete isodose distribution, corresponding 
to the final source distribution. The rapid turnaround time with the modern computer systems 
allows the therapist to modify the implant, if necessary, on the basis of 3-D dose distribution.

A computer calculation of a brachytherapy dose distribution consists of repeated calculation 
of dose at a point for each of the implant sources. The total dose at a given point is determined 
by summing the individual source contributions. Point dose rates are computed for each of a 
grid of points arranged in a cubic lattice so that isodose curves may be generated in any arbitrary 
plane. The isodose patterns can also be magnified and superimposed on an implant radiograph 
for viewing the distribution in relation to the patient’s anatomy.

A. LoCALizAtion oF SouRCES

Dose calculation algorithms require spatial coordinates for each radioactive source. Three-
dimensional reconstruction of the source geometry is usually accomplished by using a set of two 
radiographs, exposed with either orthogonal or “stereo-shift” geometry. Most programs allow 
input of the film coordinates using a digitizer.

A.1. Orthogonal Imaging Method

As discussed in Section 15.4A.4, the orthogonal radiographs are taken at right angles, with the 
central axes of the x-ray beams meeting approximately in the middle of the implant. Usually, 
AP film and lateral film, exposed isocentrically, provide such a geometry. The coordinate system 
is conventionally established with the x axis from the right to the left of the patient, the y axis 
from inferior to superior, and the z axis from posterior to anterior. The anteroposterior film 
represents a magnified view of the implant image projected onto the x–y plane while the lateral 
film presents the image projected onto the z–y plane. The origin of the coordinate system is cho-
sen to be a point identified to be the same on both films such as one end of a source. The sources 
can be identified by comparing the y coordinates of the ends on both films. For example, a 
source end having the smallest y coordinate on one film will have the smallest y coordinate on 
the other film also, because the y axis is common to both films. After all the sources have been 
identified, the tip and end of each linear source image are sampled with a digitizer, sampling 

Target volume Target volume

Figure 15.18. Isodose curves for a volume implant using two parallel planes containing five 192Ir line sources per 
plane. A: Central cross-sectional plane. B: Longitudinal plane through middle of implant. Prescription dose is specified 
on the 45-cGy/h isodose curve, which just encloses the implant in the central cross-sectional plane. (From Khan FM. 
Brachytherapy: rules of implantation and dose specification. In: Levitt Sh, Khan FM, Potish ra, eds. Technological Basis of 
Radiation Therapy. Philadelphia, Pa: Lea & Febiger; 1992:113, with permission.)
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each end sequentially from one film to the other. The source coordinates on each film are cor-
rected for magnification and stored in the computer as x, y, and z coordinates of each source 
end. The program also determines errors in source localization by comparing the y coordinates 
(which should be the same) of a source end on both films and comparing the calculated physical 
length with the actual physical length of the source. If (x1, y1, z1) and (x2, y2, z2) are the coordi-
nates of the two ends of the source, then the length L of the source is given by

 L �3(x2 � x1)
2 � (y2 � y1)

2 � (z2 � z1)
2 (15.22)

A.2. Stereo-Shift Method

The stereo-shift method of source localization consists of taking two radiographs of the same 
view but the patient or the x-ray tube is shifted a certain distance (e.g., 20 cm) between the 
two exposures. The principle of the method is illustrated in Figure 15.19. Suppose both films 
are anteroposterior, parallel to the x–y plane of the patient as the tube is shifted in the y direc-
tion between films. A tabletop fiducial marker is used to serve as origin at O. Because the x, 
y coordinates of a point source or a source end can be obtained from either of the films, the z 
coordinates can be derived as follows. Let:

P = point to be localized three-dimensionally
y1 = distance between images of P and O on the first film
y2 = distance between images of P and O on the second film
s   = film shift in the origin O due to tube shift
d  = tube shift distance
F = target to film distance
f   = table to film distance

From similar triangles APB and CPD,

 
d

y1 � s � y2

 �
F � z

z
 (15.23)

Also, from similar triangles AOB and EOG,

 

d
s  �

  

F � f
f  (15.24)

From Equations 15.23 and 15.24, we get

 z � F 
(F � f ) ( y2 � y1) � d # f
(F � f ) ( y2 � y1) � d # F

 (15.25)

Target
position

Target
position
21

F

A

d
B

C

P

O

G ED

f

S

y2 y1

z Figure 15.19. Diagram illustrat-
ing the stereo-shift method of source 
localization. (Drawing is modified from 
anderson LL. Dosimetry of interstitial 
radiation therapy. In: hilaris BS, ed. Hand-
book of Interstitial Brachytherapy. acton, 
Ma: Publishing Sciences Group; 1975:87.)
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The accuracy of the orthogonal film method is generally better than that of the stereo-shift 
method (72). For example, small errors in the measurement of y coordinates produce a large 
error in the z values. However, the stereo-shift method is more suitable for cases in which sources 
cannot be easily identified by orthogonal films such as a large number of seeds or some sources 
being masked by overlying bone.

B. doSE ComPutAtion

Earlier computer programs were used mostly to obtain linear source tables, buildup factors, 
and scatter factors. Later, programs became available (63–65) to calculate isodose distributions 
for individual patients. Currently, almost all treatment-planning software packages provide 
brachytherapy dosimetry. Most of these programs use either the Sievert integral directly or 
precalculated dose tables for different types of sources. Some, but not all, use tissue attenuation 
corrections, discussed in Section 15.3B.

For radium and other long-lived isotopes, the dose rates, presented in the form of isodose 
curves, can be directly used to calculate implant duration. In the case of temporary implants of 
relatively short-lived isotopes such as 192Ir, the computer calculates cumulated dose, using decay 
correction for the implant duration. An approximate time for the implant duration can first be 
determined from dose rate D

#

0 without decay correction and the total dose to be delivered. The 
cumulated dose Dc is then given by

 Dc� D
#

0
# Tav(1 � e�t/Ta v) (15.26)

where Tav is the average life and t is the implant duration.
For permanent implants such as 125I or 198Au, cumulated dose (to complete decay) is given by

 Dc� D
# # Tav � 1.44 # D

#

0
# T1/2 (15.27)

15.6. IMPLANTATION TECHNIQUES 

Brachytherapy sources are applied in three ways: external applicators or molds, interstitial 
implantation, and intracavitary therapy. A choice of one technique or the other is dictated 
primarily by the size and location of the tumor. For example, surface molds are used to treat 
small superficial areas, such as the ear or the lip; interstitial therapy is indicated when the 
tumor is well localized and can be implanted directly according to accepted rules of distribu-
tion; intracavitary therapy is used when applicators containing radioactive sources can be 
introduced into body cavities. In all these cases, owing to the short treatment distance, the 
geometry of source distribution is critical.

A. SuRFACE moLdS

Plastic molds are prepared (73) to conform to the surface to be treated and the sources are securely 
positioned on the outer surface of the mold. The distance between the plane of the sources to the 
skin surface is chosen to give a treatment distance of usually 0.5 to 1.0 cm. The dosimetry and 
source distribution rules are the same for external molds as for interstitial sources (61).

B. intERStitiAL tHERAPy

In interstitial therapy, the radioactive sources are fabricated in the form of needles, wires, 
or seeds, which can be inserted directly into the tissue. There are basically two types of 
interstitial implants: temporary and permanent. In a temporary implant, the sources are 
removed after the desired dose has been delivered (e.g., radium needles, iridium wires, or 
iridium seeds). In a permanent implant, the sources are left permanently in the implanted 
tissues (e.g., 198Au and 125I seeds). In general, a temporary implant provides better control 
of source distribution and dosimetry than a permanent implant. However, the permanent 
implant is a one-time procedure and is a preferred method for some tumors such as those 
in the abdominal and thoracic  cavities.

A major improvement in temporary implant technique occurred with the introduction of 
“afterloading” techniques (74,75) in which the sources are loaded into tubes previously 
implanted in the tissues. This procedure eliminates exposure in the operating room, the x-ray 
room, and the areas through which the patient is transported. “Dummy” sources are used for 
radiographic localization and dosimetry. The radioactive sources are loaded after the patient is 
returned to his or her room and the implant has been evaluated.
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Figure 15.20 illustrates the basic principles of the afterloading technique described by Hen-
schke et al. (74). Stainless steel needles (e.g., 17 gauge) are first implanted in and around the 
tumor. The nylon tubes are threaded through the needles, and the needles are then withdrawn, 
leaving the nylon tubes in place. The nylon tubes are secured in position by buttons on the skin 
surface. The tube ends are then usually cut off a few centimeters beyond the buttons.

Many variations of the above procedure have been published in the literature. Further details 
can be obtained from Hilaris (76).

The simplest device for permanent implants is a single-seed inserter consisting of a stainless 
steel needle. Each seed is individually loaded into the tip of this needle and, after insertion into 
the tissue, the seed is pushed out by a stylet. This technique, however, is unsatisfactory for the 
implantation of deep-seated tumors and volume implants requiring many seeds.

An afterloading technique has also been adopted for the permanent implants (77). The first 
step in this technique consists of inserting unloaded 17-gauge stainless steel needles into the 
tumor. The needles are spaced 1 to 2 cm apart, depending on the size of the tumor. The needles 
are then afterloaded with radioactive seeds, using a special implantation instrument that allows 
insertion of several seeds at different depths, determined by a gauge as the needle is withdrawn.

Seed-introducing guns (76,78) have been devised that allow preloading of radioactive seeds 
into a magazine from which they are pushed into the needle, and then into the tissue. These 
instruments are convenient to use and can provide greater precision than possible with single-
seed inserters. Modern techniques of seed implants are discussed in Chapter 23.

C. intRACAVitARy tHERAPy

C.1. Uterine Cervix

Intracavitary therapy is mostly used for cancers of the uterine cervix, uterine body, and vagina. 
A  variety of applicators have been designed to hold the sources in a fixed configuration. A 
cervix applicator basically consists of a central tube, called the tandem, and lateral capsules or 
“ovoids.” The ovoids are separated from each other by spacers.

Since the first application of radium in the treatment of cancer of the uterus in 1908, several 
techniques have evolved, most of which are modifications of the Stockholm technique (79) and 
the Paris technique (80). The Manchester system, which evolved from the Paris technique, uses 
a rubber uterine tandem to hold one to three radium tubes and rubber ovoids, separated by a 
rubber spacer, to each hold a radium tube. The radiation is delivered in at least two applications. 
In the conventional Fletcher-Suit applicator (75,81) (Fig. 15.21A) the tandem and the ovoids 

Figure 15.20. Illustration of an after-
loading technique for 192Ir seeds. (From 
hilaris BS, ed. Handbook of Interstitial Brachy-
therapy. acton, Ma: Publishing Sciences 
Group; 1975:87, with permission.)
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(or the colpostats) are made of stainless steel and then secured to hollow handles to permit 
afterloading of the sources. More modern applicators may be designed for remote afterloaders 
(Chapter 23) and are made of compatible materials for CT and/or MR image-based implants 
(Fig. 15.21B). Tables have been devised with various combinations of external beam therapy and 
intracavitary radium using standard loadings (82).

C.2. Uterine Corpus

Cancer of the uterine body can be treated with radium or cesium sources using Heyman capsules 
(83). These capsules are available in different sizes, each containing a 5- to 10-mg-Ra eq source. 
The Heyman technique consists of packing the uterine cavity with multiple sources. Tables have 
been published that specify dose to the inside surface of the uterine cavity in terms of milligram-
hours (83). These dosages have been established on the basis of various measurements, and 
therefore, individual patient calculations are usually not required.

15.7. DOSE SPECIFICATION: CANCER OF THE CERVIX 

Pierquin et al. (70) have reviewed various systems of dose specification for the cervix treatment. 
Whereas no single system has been devised that can meet all the criteria of dose specification, 
three systems are described that are most commonly used in many forms and combinations.

A. miLLiGRAm-HouRS

One of the oldest systems of dose specification for the brachytherapy treatment of the cervix is 
the milligram-hours, that is, the product of total source strength and the implant duration. The 
rationale for this system is based on extensive clinical data that have been accumulated using 
particular applicators and guidelines for source loading and implant duration for various stages 
of the disease. The most notable example of this system is the Fletcher guidelines, which were 
developed on the basis of the M.D. Anderson experience (84).

It is obvious that the dose specification by milligram-hours alone is not adequate. It lacks 
the information on source arrangement, position of tandem relative to the ovoids, packing of 
the applicators, tumor size, and patient anatomy. By computer dosimetry, it is easy to show that 
a dose specification system based on milligram-hours alone is fraught with large uncertainties 
in the dose distribution from patient to patient. Although the milligram-hours is an important 
treatment parameter, it cannot be made the sole basis of the dose-response curve.

B. tHE mAnCHEStER SyStEm

The Manchester system is one of the oldest and the most extensively used systems in the world. 
It is characterized by doses to four points: point A, point B, a bladder point, and a rectum point. 

Figure 15.21. A: Conventional Fletcher-Suit Implant set (Courtesy of radiation Products Design, Buffalo, MN). 
(Source: www.rpdinc.com); B: Fletcher-Suit Implant set designed for remote afterloaders. 

a B
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The duration of the implant is based on the dose rate calculated at point A, although the dose 
at the other points is taken into consideration in evaluating a treatment plan. With the avail-
ability of the treatment-planning computers, most users of the Manchester system examine the 
isodose distributions in the frontal and sagittal planes in addition to obtaining dose at the four 
designated points. Point A still remains the point of dose prescription.

Point A was originally defined as 2 cm superior to the lateral vaginal fornix and 2 cm lateral 
to the cervical canal (Fig. 15.22) (85). Later, it was redefined to be 2 cm superior to the external 
cervical os (or cervical end of the tandem) and 2 cm lateral to the cervical canal (86). Point B is 
defined to be 3 cm lateral to point A.

Ideally, a point A represents the location where the uterine vessels cross the ureter. It is 
believed that the tolerance of these structures is the main limiting factor in the irradiation of the 
uterine cervix. The anatomic significance of point A, however, has been questioned by several 
investigators (70,84,87). The critics point out the following limitations of point A: (a) it relates 
to the position of the sources and not to a specific anatomic structure; (b) dose to point A is very 
sensitive to the position of the ovoid sources relative to the tandem sources, which should not 
be the determining factor in deciding on implant duration; and (c) depending on the size of the 
cervix, point A may lie inside the tumor or outside the tumor (Fig. 15.23). Thus, dose prescrip-
tion at point A could risk underdosage of large cervical cancers or overdosage of small ones.

B.1. Dose to Bladder and Rectum

The colpostats in the Fletcher-Suit applicator are partially shielded at the top and the bottom 
to provide some protection to the bladder and rectum. However, dosimetrically it is difficult to 
demonstrate the extent of protection actually provided by these shields.

The dose to bladder and rectum depends on the distribution of sources in a given applica-
tion. If this dose is assessed to be too high either by measurement or calculation, one has the 
option of altering the geometry of the sources. Although various instruments, including intra-
cavitary ionization chambers, are available for such measurements, the calculation method has 
been found to be more reliable in this case. The localization of bladder and rectum can be per-
formed using radiographs taken with contrast media in the bladder and rectum. The maximum 
dose to bladder and rectum should be, as far as possible, less than the dose to point A (e.g., 80% 
or less of the dose to point A).

C. tHE intERnAtionAL CommiSSion on RAdiAtion unitS And mEASuREmEntS 
SyStEm

The ICRU has recommended a system of dose specification that relates the dose distribution to 
the target volume, instead of the dose to a specific point (88). The dose is prescribed as the value 
of an isodose surface that just surrounds the target volume.

B BA A

Figure 15.22. Original definition of points A and B, 
according to the Manchester system. (From Meredith WJ. 
 Radium Dosage: The Manchester System. edinburgh: Living-
stone; 1967, with permission.)
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Figure 15.24 illustrates the concept of target volume when only intracavitary treatment is 
given and when intracavitary and external beam therapy are combined. For the intracavitary 
treatment, the target volume includes the cervix region and the corpus.

Table 15.9 summarizes the ICRU system of dose specifications, which includes recording of 
various treatment parameters. These parameters are discussed.

Description of the Technique. Minimum information should include the applicator type, source 
type, and loading and orthogonal radiographs of the application.

A A A A

Figure 15.23. Variation of point A 
relative to anatomy. A: Point A inside 
large cervix, resulting in underdosage. 
B: Point A outside small cervix, resulting 
in overdosage. (From Pierquin B, Wilson JF, 
Chassagne D, eds. Modern Brachytherapy. 
New York, NY: Masson; 1987, with  
permission.)

Figure 15.24. Definition of target and treatment volumes for brachytherapy and external beam treatment. [From Inter-
national Commission on radiation Units and Measurements (ICrU). Dose and Volume Specification for Reporting Intracavitary 
Therapy in Gynecology. ICrU report No. 38. Bethesda, MD: International Commission on radiation Units and Measurements; 
1985, with permission.]
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Total Reference Air Kerma. By this parameter is meant the total air kerma strength of sources 
times the implant duration. This is similar to the total milligram-hours of radium or total mg-
Ra eq-h except that the sources are calibrated in units of air kerma strength, that is, mGy-m2/h.

Reference Volume. The reference volume is the volume of the isodose surface that just surrounds 
the target volume. The value of this isodose surface, based on the Paris experience (70), is set 
at 60 Gy.

The prescription isodose value of 60 Gy includes the dose contribution from the external beam. 
The reference volume for the intracavitary part of the treatment should be identified and its 
dimensions recorded. Figure 15.25 shows how the height (dh), width (dw), and thickness (dt) of 
the pear-shaped reference volume can be measured from the oblique frontal and oblique sagittal 
planes. The reference volume is approximated by (dh × dw × dt) cm3.

C.1. Absorbed Dose at Reference Points

Bladder Point. The bladder point is localized by using a Foley catheter, with the balloon filled 
with a contrast material. On the frontal radiograph, the bladder point is marked at the cen-
ter of the balloon; on the lateral radiograph, the bladder point is obtained on a line drawn 
 anteroposteriorly through the center of the balloon, at the posterior surface (Fig. 15.26).

Rectal Point. The rectal point is identified on the frontal radiograph at the midpoint of the 
ovoid sources (or at the lower end of the intrauterine source). On the lateral radiograph, the 
rectal point is located on a line drawn from the middle of the ovoid sources, 5 mm behind 
the posterior vaginal wall (Fig. 15.26). The posterior vaginal wall may be visualized by using 
radiopaque gauze for the vaginal packing.

Lymphatic Trapezoid of Fletcher. These points correspond to the paraaortic and iliac nodes and 
are shown in Figure 15.27.

Pelvic Wall Points. On the anteroposterior radiograph, the pelvic wall points are located at the 
intersection of a horizontal tangent to superior aspect of the acetabulum and a vertical line 
touching the medial aspect of the acetabulum. On the lateral view, these points are marked as 
the highest middistance points of the right and left acetabulums (Fig. 15.28).

Time Dose Pattern. The duration and time sequence of the implant relative to the external beam 
treatment should be recorded.

d. CommEntARy

Several papers have discussed the pros and cons of various dose specification systems for the 
intracavitary treatment of cervix cancer (70,88–90). At present, universal agreement does not 
exist as to the superiority of any one system. Although dose specification systems should be 
endorsed by appropriate committees, the following general guidelines may be considered in 
adopting a particular system.

1. Established technique guidelines should be followed to take advantage of the vast amount of 
clinical data that have been accumulated with excellent results.

Description of the technique

total reference air kerma

Description of the reference volume

 Dose level if not 60 Gy

 Dimensions of reference volume (height, width, thickness)

absorbed dose at reference points

 Bladder reference point

 rectal reference point

 Lymphatic trapezoid

 Pelvic wall reference point

time–dose pattern

(From International Commission on radiation Units and Measurements (ICrU). Dose and Volume Specification for 
 Reporting Intracavitary Therapy in Gynecology. ICrU report no. 38. Bethesda, MD: International Commission on radia-
tion Units and Measurements; 1985.)

TABLE 15.9  data needed for Reporting intracavitary therapy in Gynecology
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dw

dt

dh

Figure 15.25. Determination of the reference 
isodose surface dimensions. d

w
, width; d

h
, height; 

d
t
, thickness. [From International Commission on 

radiation Units and Measurements (ICrU). Dose 
and Volume Specification for Reporting Intracavitary 
Therapy in Gynecology. ICrU report No. 38. Bethesda, 
MD: International Commission on radiation Units 
and Measurements; 1985, with permission.]

Figure 15.26. Localization of bladder and 
rectum points. [From International Commission 
on radiation Units and Measurements (ICrU). 
Dose and Volume Specification for Reporting 
Intracavitary Therapy in Gynecology. ICrU report 
No. 38. Bethesda, MD: International Commission 
on radiation Units and Measurements; 1985, with 
permission.]

Balloon
7 cm3

0.5 cm

Vaginal posterior
wall

Bladder
                   reference point

Rectal reference point

Intrauterine
sources

Intravaginal
sources

2. By using a semirigid applicator such as Fletcher-Suit and the recommended source loadings, 
one ensures consistency of technique. However, the dose distribution patterns will vary from 
patient to patient, depending on the packing and the source geometry achieved.

3. The most significant parameters that determine the clinical outcome, in terms of tumor con-
trol and complications, are the mg-Ra eq-h or the total reference air kerma, source loading, 
and the type of applicator used.

4. Dose to the ICRU-recommended reference points provides useful information in regard to 
the tolerance and adequacy of treatment.

5. For each application, the isodose distribution should be viewed at least in the frontal and 
sagittal planes (containing the initial straight part of the tandem). The target (cervix regions 
and corpus) should be visualized on the isodose patterns to determine the isodose surface 
value that just surrounds the target volume. This should be called the minimum target dose.
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6. The implant duration should be based on the minimum target dose rate. It is realized 
that the weakness of the whole system lies in the inability to visualize the target volume. 
Unless the target volume can be accurately determined and superimposed on the isodose 
pattern, one cannot determine the minimum target dose.

In summary, the ICRU system of dose specification is probably the best that can be achieved at 
this time. Its greatest weakness, however, is in the determination of reference volume. Further 
progress needs to be made in the determination and delineation of target volume so that the 
cervix dose can be specified by the minimum target dose.

E. 3-d imAGE-BASEd BRACHytHERAPy: tHE GEC-EStRo RECommEndAtionS

More recently, brachytherapy applicators for cervix cancer have been developed that are com-
patible for imaging in either CT or MR imaging systems. The biggest advantage of these appli-
cators is in the ability to determine patient-specific tumor volumes (e.g., GTV, CTV) with these 
imaging systems. Incorporation of these data into brachytherapy planning can result in opti-
mized target dose, and a reduction in organ at risk dose.

Figure 15.27. Determination of reference points corresponding to the lymphatic trapezoid of Fletcher. [From 
International Commission on radiation Units and Measurements (ICrU). Dose and Volume Specification for Reporting 
Intracavitary Therapy in Gynecology. ICrU report No. 38. Bethesda, MD: International Commission on radiation Units and 
Measurements; 1985, with permission.]

Figure 15.28. Definition of pelvic wall points, LPW (left pelvic wall) and rPW (right pelvic wall). Left: anteroposterior 
(aP) view. Right: Lateral view. [From International Commission on radiation Units and Measurements (ICrU). Dose and 
Volume Specification for Reporting Intracavitary Therapy in Gynecology. ICrU report No. 38. Bethesda, MD: International 
Commission on radiation Units and Measurements; 1985, with permission.]
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A Working Group the Groupe Européen de Curiethérapie (GEC) and the European SocieTy 
for Radiotherapy & Oncology (ESTRO) has published recommendations regarding the delinea-
tion (91) and dose reporting (92) for three-dimensional image-based brachytherapy of cervical 
carcinoma. Typically target delineation is performed using MR imaging, which is preferred to 
other imaging modalities for this disease site. Clinical target volumes are separated into high 
risk (HR CTV), which represents the whole cervix plus any presumed tumor extension, and 
intermediate risk (IR CTV), which represents volumes with significant microscopic disease. For 
patients who receive external beam radiotherapy prior to brachytherapy, it is also necessary to 
distinguish between CTVs defined before and after external beam, as the target volume change 
can be  significant (91).

There are more dose reporting recommendations for 3-D image-based brachytherapy. In 
addition to reporting the dose to point A, the maximum dose that covers 100% (D100) and 
90% (D90) of the target volumes should be recorded. Other dose-volume data for organs at risk 
should be included in addition to the ICRU Bladder and Rectal points.

Image-based brachytherapy for the cervix is not yet in widespread clinical use. Once more 
clinical experience is obtained, there is the potential for improved treatment outcomes by tailor-
ing the dose distribution to individually defined target volumes.

15.8. REMOTE AFTERLOADING UNITS 

Most brachytherapy is now practiced with devices that allow loading of radioactive sources after 
the source containers (applicators or catheters) are put in place in the patient and have been 
checked out radiographically for proper positioning using radiopaque markers or source dum-
mies. Traditionally, the afterloading techniques require manual handling of radioactive material 
during source preparation and loading of the sources into the previously inserted applicators. 
Although these procedures, when carried out properly, pose no greater risk to patients and per-
sonnel than the nationally or internationally accepted standards, they are not state of the art in 
minimizing radiation hazards. Remotely controlled afterloading devices are now available that 
eliminate the direct handling of the radioactive sources. In addition, the sources can be instantly 
loaded and unloaded, making it possible to provide patient care with the sources retracted into 
their shielded position.

Remote afterloaders are available for either low-dose-rate (LDR) or high-dose-rate (HDR) 
brachytherapy and for interstitial or intracavitary treatments. With the LDR units, it is pos-
sible to use the same type of applicators (e.g., Fletcher-Suit) and dose rates as used in conven-
tional brachytherapy. The room shielding requirements are the same except that instead of using 
mobile shields for staff protection, sources are automatically retracted whenever required for 
patient care and reinserted after each interruption.

The HDR remote afterloader treatments are performed in a fully shielded room with 
safety requirements comparable with those required for a cobalt teletherapy unit. For exam-
ple, the walls are shielded, the room is equipped with door interlocks that retract the source 
when the door is opened or when the emergency button is pushed, radiation monitors are 
installed with visible and audible alarms, the patient is monitored via remote closed-circuit 
television camera and intercommunication devices, and the emergency procedures are posted 
at the control station. In practice, HDR equipment is often housed in existing cobalt or accel-
erator rooms.

192Ir is the most commonly used radioisotope in remote afterloaders, although 137Cs or 60Co 
sources also are used in some units. The sources are contained in a storage safe when not in use. 
Several channels for source transport and a mechanism to move the source(s) from the storage 
safe into the applicator(s) in the patient are provided. The most common method of source trans-
fer is the steel drive cable to which the source is welded. The cable is moved by a stepping motor. 
In one system (Selectron), source trains with source pallets and inactive spacers are moved by 
microprocessor-controlled pneumatic devices.

HDR remote afterloading implants are achieved by moving a single high-strength (e.g., 10 Ci) 
192Ir source, welded to the end of a flexible cable, through one or many available channels. The 
source can be precisely positioned at any point in the implanted catheters or applicators. By 
programming dwell position and dwell time of the source, desired isodose distributions can be 
obtained. These high-dose rate units can be used for interstitial, interluminal, or intracavitary 
implant (see Chapter 22 for details).

A single-source system (micro-Selectron-PDR) also has been adopted to provide equivalent 
LDR brachytherapy, using the pulsed brachytherapy principle (93). In this unit a single 192Ir 
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source of activity in the range of 0.5 to 1.0 Ci is used. The dose is delivered in several pulses 
of programmable duration and frequency.

Some of the commercially available remote afterloading systems include the Curietron, the 
micro-Selectron, the Gamma Med, and the Buchler unit. Many of these systems come in different 
models with specialized functions. For a review of these systems see Glasgow (94).

A. AdVAntAGES

1. The major advantage of the remote afterloaders is the elimination or reduction of exposure 
to medical personnel.

2. Well-designed systems can provide the capability of optimizing dose distributions beyond 
what is possible with manual afterloading.

3. Treatment techniques can be made more consistent and reproducible.
4. In LDR remote afterloading, sources can be retracted into shielded position to allow better 

patient care under normal as well as emergency conditions.
5. HDR remote afterloading permits treatment on an outpatient basis, using multiple fraction 

regimens.
6. HDR remote afterloading is suited for treating large patient populations that would other-

wise require prolonged hospitalization if treated by LDR brachytherapy.

B. diSAdVAntAGES

1. Remote afterloading devices are expensive and require a substantial capital expenditure for 
equipment acquisition.

2. In the case of HDR, additional costs must be considered for room shielding (if not located in 
an existing shielded facility) and installing ancillary imaging equipment.

3. Locating HDR in an existing radiation therapy room compounds the problem of patient 
scheduling unless the room is dedicated to HDR brachytherapy.

4. No significant improvements are expected in clinical outcome over state-of-the-art con-
ventional LDR brachytherapy, although the issue is still controversial and needs further 
 investigation.

5. Quality assurance requirements for remote afterloading devices are significantly greater 
 because of the greater complexity of the equipment and frequent source changes.

C. HiGH-doSE RAtE VERSuS LoW-doSE RAtE

Whereas remote afterloading is undoubtedly a superior technique, when it comes to radiation 
protection and reproducibility of treatment, the question of how HDR compares with LDR in 
clinical outcome is a highly controversial issue. If HDR is or can be made equivalent to LDR, 
this would be a victory for HDR, because of its other advantages such as its ability to treat large 
patient populations, and convenience of treating on an outpatient basis. However, the question 
is not close to being settled, because the outcome data in terms of survival rates and early and 
late tissue complication rates for the HDR technique to date are not sufficient to draw definitive 
conclusions. The reader is referred to selected papers to understand these issues (95–99).

• Decay of radium-226 to stable lead produces 49 individual g rays, ranging in energy 
from 0.18 to 2.5 MeV.

• Exposure rate constant for radium filtered by 0.5 mm platinum is 8.25 R-cm2/h/mg.

• Most commonly used sources in modern brachytherapy are cesium-137, iridium-192, 
iodine-125, and palladium-103.

• The AAPM recommends specification of brachytherapy sources in terms of air kerma 
strength in units of mGy-m2/h.

• Brachytherapy sources may be calibrated with a well-type ion chamber, using exposure-
calibrated standard sources of the same kind and design.

K e Y  P O I N t S

(continued )
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• Dose distribution around brachytherapy sources, at distances of clinical interest, is pre-
dominantly governed by inverse square law, irrespective of photon energy.

• Exposure rate around a linear brachytherapy source (clad in a uniformly thick filter) 
can be calculated using Sievert integral. The integral involves air kerma strength, active 
length, filter thickness, and effective attenuation coefficient for the filter. This algorithm 
has been traditionally used for radium-226, cesium-137, and iridium-192 sources.

• The TG-43 dose calculation model involves dose rate constant for the source, air kerma 
strength, geometry factor, anisotropy factor, and radial function. This algorithm is 
especially suited for iodine-125, palladium-103, and iridium-192 seeds. TG-43 has been 
updated to TG-43U1.
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it is implemented.
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Radiation exposure limits or standards were introduced as early as the start of the 20th 
century when the potential hazards of radiation were realized. One of the first standard-setting 
bodies was the International Commission on Radiological Protection (ICRP), which continues 
its function through its series of publications. These reports form the basis for many national 
protection guidelines. In the United States, the National Council on Radiation Protection and 
Measurements (NCRP) has functioned as a primary standard-setting body through its separate 
publications. One of the agencies with regulatory powers in this country is the Nuclear Regula-
tory Commission (NRC), which has control over the use of all accelerator- and reactor-produced 
radioactive materials, and any naturally occurring radioactive material such as 226Ra that poses a 
potential public health threat. X-ray machines are regulated by individual states.1

16.1. DOSE EQUIVALENT 

Because the biologic effects of radiation depend not only on dose, but also on the type of radia-
tion, the dosimetric quantity relevant to radiation protection is the dose equivalent (H). It is 
defined as

 H = D · Q (16.1)

where D is the absorbed dose and Q is the quality factor for the radiation.2

The SI unit for both dose and dose equivalent is joules per kilogram, but the special name for 
the SI unit of dose equivalent is sievert (Sv):

 1 Sv = 1 J/kg 

The older unit of dose equivalent is rem:

 1 rem = 10−2 Sv 

The use of quality factor in radiation protection is analogous to the use of relative biologic 
 effectiveness (RBE) in radiation biology. However, the quality factor is a somewhat arbitrarily 
chosen conservative value based on a range of RBEs related to the linear energy transfer (LET) 
of the radiation. Thus, the Q factor encompasses RBEs in a very broad sense, independent of the 
organ or tissue or of the biologic endpoint under consideration.

Although the dose equivalent for particular situations can be calculated (1), it is convenient 
for quick-and-rough calculations to have a table of practical quality factors available. Table 16.1 
gives these approximate factors for a variety of radiations used in radiation therapy.

16.2. EFFECTIVE DOSE EQUIVALENT 

Whole-body exposures are rarely uniform. For a given exposure received, internally or exter-
nally, dose equivalents for various tissues may differ markedly. Also, tissues vary in sensitivity 
to radiation-induced effects. To take into account these nonuniform irradiation situations, the 
concept of effective dose equivalent has been adopted by the ICRP and the NCRP. The effective 

1 Prior to November 30, 2007, the NRC’s jurisdiction was limited to reactor-based materials, and naturally 
 occurring radioactive materials (e.g., radium and radon) were also regulated by individual states.

2The distribution factor (N) once used in this equation has been deleted.
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dose equivalent (HE) is defined as “the sum of the weighted dose equivalents for irradiated tissues 
or organs” (2). Mathematically,

 HE � aWT HT (16.2)

where WT is the weighting factor of tissue T and HT is the mean dose equivalent received by 
tissue T.

The weighting factors represent the proportionate risk (stochastic) of tissue when the body is 
irradiated uniformly. They are derived from risk coefficients (i.e., risk per unit dose equivalent). 
Table 16.2 gives the weighting factors and the corresponding risk coefficients for various types 
of tissues and organs.

A. Risk EstimAtEs

The risk estimates given in Table 16.2 include an assumption of full expression of the cancer risk 
and an assumption of a population distribution over all ages and both sexes. The genetic compo-
nent includes severe genetic effects for the first two generations. In the total risk coefficient, the 
somatic risk for a working population is 4 × 10−2 Sv−1 (4 × 10−4 rem−1). The genetic component 
of the risk is 0.8 × 10−2 Sv−1 (0.8 × 10−4 rem−1).

TABLE 16.2    Recommended Values of the Weighting Factors Wt , for Calculating 
 Effective Dose Equivalent

tissue (t) Wt

Bone surface 0.01

Skin 0.01

Bladder 0.05

Breast 0.05

Liver 0.05

esophagus 0.05

thyroid 0.05

remainder 0.05

Bone marrow 0.12

Colon 0.12

Lung 0.12

Stomach 0.12

Gonads 0.20

total 1.00

(From National Council on radiation protection and Measurements. Limitation of Exposure to Ionizing Radiation. report 
No. Bethesda, MD: National Council on radiation protection and Measurements; 1993, with permission.)

TABLE 16.1   Recommended Quality Factorsa

Radiation Quality Factor

X-rays, g rays, and electrons 1

Neutrons, energy < 10 keV 5

  10–100 keV 10

  100–2 MeV 20

  2–20 MeV 10

  >20 MeV 5

protons, other than recoil protons and energy > 2 MeV 2

alpha particles, fission fragments, nonrelativistic heavy nuclei 20

a Data are from National Council on radiation protection and Measurements. Limitation of Exposure to Ionizing Radiation. 
report No. 116. Bethesda, MD: National Council on radiation protection and Measurements; 1993, with permission.
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16.3. BACKGROUND RADIATION 

Radiation is a part of the natural environment. This background radiation is contributed prin-
cipally by three sources: terrestrial radiation, cosmic radiation, and radiation from radioactive 
elements in our bodies. Table 16.3 gives average values of background radiation to which vari-
ous parts of the body are exposed annually. The total effective dose equivalent for a member 
of the population in the United States from various sources of natural background radiation is 
approximately 3.0 mSv/yr (300 mrem/yr).

The terrestrial radiation varies over the earth because of differences in the amount of naturally 
occurring radioactive elements in the earth’s surface. In addition, building materials may incor-
porate naturally occurring radioactive materials. Many buildings may have elevated  levels of 
radon emitted by naturally occurring uranium-238 in the soil. It has been estimated (3) that the 
average annual dose equivalent to bronchial epithelium from radon decay products is approxi-
mately 24 mSv (2.4 rem).

Cosmic radiation levels change with elevation. For example, air travel exposes individuals 
to increased radiation exposure. It has been estimated that at 30,000 feet the dose equivalent is 
approximately 5 μSv/h (0.5 mrem/h) (4).

The internal irradiation arises mainly from 40K in our body, which emits β and g rays and 
decays with a half-life of 1.3 × 109 years.

In addition to the background radiation, the population is exposed to radiation from various 
medical procedures—the planned exposure of patients, as distinct from occupational exposures 
received by health personnel. It was estimated by the U.S. Public Health Service that the average 
annual genetically significant dose equivalent3 in 1970 was approximately 0.2 mSv/yr (20 mrem/yr) 
from radiologic procedures.

Under ordinary circumstances, exposures from natural background radiation and medical 
procedures are not included in the occupational exposure controls for the individual cases.

16.4. LOW-LEVEL RADIATION EFFECTS 

A vast body of literature exists on the biologic effects of radiation. Discussions pertinent to 
radiation protection can be found in reports of the United Nations Scientific Committee on the 
Effects of Atomic Radiation (6).

3 The genetically significant dose equivalent is the per capita dose equivalent when the long-term genetic effects 
of radiation are averaged over the whole population. This dose is expected to produce the same total genetic 
injury to the population as do the actual doses received by the various individuals (5).

TABLE 16.3    Estimated total Effective Dose-Equivalent Rate for a member of the 
Population in the United states and Canadaa from Various sources of 
Natural Background Radiation

total Effective Dose Equivalent Rate (msV/Y)b

source Lung Gonads
Bone 
surfaces

Bone 
marrow Other tissues total

Wt 0.12 0.25 0.03 0.12 0.48 1.0

Cosmic 0.03 0.07  0.008 0.03 0.13  0.27

Cosmogenic  0.001  0.002 —  0.004  0.003  0.01

terrestrial 0.03 0.07  0.008 0.03 0.14  0.28

Inhaled 2.0 — — — — 2.0

In the body  0.04 0.09 0.03 0.06 0.17  0.40

rounded totals 2.1 0.23 0.05 0.12 0.44 3.0

a the effective dose-equivalent rates for Canada are approximately 20% lower for the terrestrial and inhaled components.
b1 mSv = 100 mrem.
(From National Council on radiation protection and Measurements. Exposure of the Population in the United States and 
Canada from Natural Background Radiation. report No. 94. Bethesda, MD: National Council on radiation protection 
and Measurements; 1987, with permission.)
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Whereas large doses of radiation produce identifiable effects within a relatively short period, 
the effects are difficult to ascertain at low doses (e.g., <10 cGy). The difficulty is due mainly to the 
extremely low frequency with which these effects might occur. The statistical problems are enormous 
in identifying small effects in the constant presence of spontaneously occurring effects. However, 
certain effects have been demonstrated in humans and other mammals at doses lower than those 
required to produce acute radiation syndrome but greatly in excess of dose limits recommended by 
the standards-setting bodies. Thus, exposures to low-level radiation may produce (a) genetic effects, 
such as radiation-induced gene mutations, chromosome breaks, and anomalies; (b) neoplastic dis-
eases, such as increased incidence of leukemia, thyroid tumors, and skin lesions; (c) effect on growth 
and development, such as adverse effects on the fetus and young children; (d) effect on life span, 
such as diminishing of life span or premature aging; and (e) cataracts or opacification of the eye lens.

The harmful effects of radiation may be classified into two general categories:  stochastic 
effects and nonstochastic effects. The NCRP (2) defines these effects as follows.

A stochastic effect is one in which “the probability of occurrence increases with increasing 
absorbed dose but the severity in affected individuals does not depend on the magnitude of the 
absorbed dose.” In other words, a stochastic effect is an all-or-none phenomenon, such as the 
development of a cancer or genetic effect. Although the probability of such effects occurring 
increases with dose, their severity does not.

A nonstochastic effect is one “which increases in severity with increasing absorbed dose in 
affected individuals, owing to damage to increasing number of cells and tissues.” Examples of 
nonstochastic effects are radiation-induced degenerative changes such as organ atrophy, fibrosis, 
lens opacification, blood changes, and decrease in sperm count.

Whereas no threshold dose can be predicted for stochastic effects, it is possible to set thresh-
old limits on nonstochastic effects that are significant or seriously health impairing. However, for 
the purpose of radiation protection, a cautious assumption is made that “the dose–risk relation-
ship is strictly proportional (linear) without threshold, throughout the range of dose equivalent 
and dose equivalent rates of importance in routine radiation protection.”

Many analysts believe that these two assumptions may overestimate the biologic effects at low 
dose levels. Some have proposed a linear quadratic dose–response curve that assigns relatively 
reduced effects to low doses. However, in the absence of more reliable data, it seems prudent to 
adopt a conservative model, the nonthreshold linear response, for predicting low-dose effects. 
For further discussion of dose–response models, the reader is referred to references (7–10).

16.5. EFFECTIVE DOSE-EQUIVALENT LIMITS 

NCRP (2) recommendations on exposure limits of radiation workers are based on the following 
criteria: (a) at low radiation levels the nonstochastic effects are essentially avoided; (b) the pre-
dicted risk for stochastic effects should not be greater than the average risk of accidental death 
among workers in “safe” industries; and (c) the ALARA principle should be followed, for which 
the risks are kept as low as reasonably achievable, taking into account social and economic factors.

It is important to compare radiation risks with the risks in other industries when setting 
radiation protection standards. Table 16.4 gives data on annual fatality rates from accidents in 
different occupations. On the basis of these data, “safe” industries are defined as “those having 
an associated annual fatality accident rate of 1 or less per 10,000 workers, that is, an average 
annual risk of 10−4” (2). From this perspective, the radiation industries compare favorably with 
the “safe” industries. For radiation protection purposes, the total risk coefficient is assumed to 
be 1 × 10−2 Sv−1 (1 × 10−4 rem−1).

A. OCCUPAtiONAL AND PUBLiC DOsE Limits

Table 16.5 gives occupational and public dose-equivalent limits as recommended by the NCRP 
Report 116 (2). These limits do not include exposure received from medical procedures or the nat-
ural background. Radiation workers are limited to an annual effective dose equivalent of 50 mSv  
(5 rem) and the general public is not to exceed one tenth of this value (0.5 rem) for infrequent 
exposure and 1 mSv (0.1 rem) for continuous or frequent exposure. Higher limits are set for 
some organs and areas of the body that involve nonstochastic effects and are less sensitive to 
radiation than others. For example, the annual occupational dose-equivalent limit to the lens of 
the eye is 150 mSv (15 rem) and to other organs is 500 mSv (50 rem).

The NCRP has discontinued its previous recommendation of the age-proration formula for 
the cumulative limit, that is, (age – 18) × 5 rem. The new guidance is that the numerical value of 
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TABLE 16.4   Annual Fatality Rates from Accidents in Different Occupationsa

Occupation Number of Workers × 103

Annual Fatal Accident Rate  
(per 10,000 Workers)

trade  24,000 0.5

Manufacturing 19,900 0.6

Service 28,900 0.7

Government 15,900 0.9

transportation and utilities 5,500 2.7

Construction 5,700 3.9

agriculture 3,400 4.6

Mining, quarrying  1,000 6.0

all industries (U.S.) 104,300 1.1

aCertain occupations have higher annual fatal accident rates than those given here.
(reprinted from National Council on radiation protection and Measurements. Recommendations on Limits for Exposure 
to Ionizing Radiation. report No. 91. Bethesda, MD: National Council on radiation protection and Measurements; 1987, 
with permission.)
(Data are from National Safety Council. Accident Facts 1984. Chicago, IL: National Safety Council; 1985.)

Occupation Number of Workers × 103

Annual Fatal Accident Rate  
(per 10,000 Workers)

trade  24,000 0.5

Manufacturing 19,900 0.6

Service 28,900 0.7

Government 15,900 0.9

transportation and utilities 5,500 2.7

Construction 5,700 3.9

agriculture 3,400 4.6

Mining, quarrying  1,000 6.0

all industries (U.S.) 104,300 1.1

TABLE 16.5   summary of Recommendationsa

a. Occupational exposures
 1. effective dose limits
  a) annual
  b) Cumulative
 2. equivalent dose annual limits for tissues and organs
  a) Lens of eye
  b) Skin, hands, and feet

50 mSv
10 mSv · age

150 mSv
500 mSv

B. Guidance for emergency occupational exposurea (Section 14)

C. public exposures (annual)
 1. effective dose limit, continuous, or frequent exposure
 2. effective dose limit, infrequent exposure
 3. equivalent dose limits for tissues and organs
  a) Lens of eye
  b) Skin, hands, and feet
 4. remedial action for natural sources:
  a) effective dose (excluding radon)
  b) exposure to radon decay products

1 mSv
5 mSv

15 mSv
50 mSv

>5 mSv
>7 × 10–3 J-h/m3

D. education and training exposures (annual)
 1. effective dose limit
 2. equivalent dose limit for tissues and organs
  a) Lens of eye
  b) Skin, hands, and feet

1 mSv

15 mSv
50 mSv

e. embryo-fetus exposures (monthly)
 1. equivalent dose limit 0.5 mSv

F. Negligible individual dose (annually) 0.01 mSv

aIn National Council on radiation protection and Measurements report No. 116.
(From National Council on radiation protection and Measurements. Limitation of Exposure to Ionizing Radiation. report 
No. 116. Bethesda, MD: National Council on radiation protection and Measurements; 1993, with permission.)

the individual worker’s lifetime total effective dose equivalent in mSv does not exceed 10 times 
the value of his or her age in years.

Students under the age of 18 who may be exposed to radiation as a result of their educational 
or training activities should not receive more than 1 mSv (0.1 rem) per year.

B. DOsE Limits FOR PREGNANt WOmEN

The pregnant woman who is a radiation worker can be considered as an occupationally exposed 
individual, but the fetus cannot. The total dose-equivalent limit to an embryo-fetus is 5 mSv 
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(0.5 rem), with the added recommendation that exposure to the fetus should not exceed 0.5 mSv 
(0.05 rem) in any 1 month.

Premenopausal women must be informed of the potential risk of exposure to the fetus and 
methods available to minimize the exposure. If there is a possibility of the fetus receiving more 
than 5 mSv (0.5 rem) during the gestation period, the employee should discuss her options with 
her employer. Once a pregnancy is made known, the dose-equivalent limit of 0.5 mSv (0.05 rem) 
in any 1 month should be the guiding principle. Even if there is practically no possibility of this 
limit being exceeded, it is prudent to assign pregnant workers to duties that involve potential 
exposure much lower than the recommended limit. For example, some institutions have devel-
oped a policy of not assigning pregnant technologists to work with cobalt-60 teletherapy units 
(because of constant radiation leakage from the source housing) or to handle brachytherapy 
sources. Such measures come under the ALARA principle, that is, the principle of limiting the 
dose of exposed persons (in this case the fetus) to levels as low as is reasonably achievable, taking 
into account economic and social factors.

C. NEGLiGiBLE iNDiViDUAL Risk LEVEL

A negligible individual risk level (NIRL) is defined by the NCRP (2) as “a level of average annual 
excess risk of fatal health effects attributable to irradiation, below which further effort to reduce 
radiation exposure to the individual is unwarranted.” The NCRP also states that “the NIRL is 
regarded as trivial compared to the risk of fatality associated with ordinary, normal societal 
activities and can, therefore, be dismissed from consideration.”

The concept of NIRL is applied to radiation protection because of the need for having a rea-
sonably negligible risk level that can be considered as a threshold below which efforts to reduce 
the risk further would not be warranted or, in the words of the NCRP, “would be deliberately 
and specifically curtailed.”

To avoid misinterpretation of the relationships between the NIRL, ALARA, and maximum 
permissible levels, the NCRP points out that the NIRL should not be thought of as an acceptable 
risk level, a level of significance, or a limit. Nor should it be the goal of ALARA, although it does 
provide a lower limit for application of the ALARA process. The ALARA principle encourages 
efforts to keep radiation exposure as low as reasonably achievable, considering the economic 
and social factors.

The annual NIRL has been set at a risk of 10−7, corresponding to a dose equivalent of 
0.01 mSv (0.001 rem). This corresponds to a lifetime (70 years) risk of 0.7 × 10−5.

ExAmPLE

Calculate the risk for (a) radiation workers, (b) members of the general public, and (c) NIRL, 
corresponding to respective annual effective dose-equivalent limits (Table 16.5). Assume risk 
coefficient of 10−2 Sv−1 (10−4 rem−1).
a. Annual effective dose equivalent limit for:

Radiation workers = 50 mSv (5 rem)
Annual risk = 5 rem × (10−4 rem−1)
= 5 × 10−4

b. Annual effective dose equivalent limit for members of:
General public = 1 mSv (0.1 rem)
Annual risk = 0.1 rem × (10−4 rem−1)

    7 = 10−5

c. Annual effective dose equivalent limit for NIRL:
= 0.01 mSv (0.001 rem)
Annual risk = 0.001 rem × (10−4 rem−1)
= 10−7

16.6. STRUCTURAL SHIELDING DESIGN 

Radiation protection guidelines for the design of structural shielding for radiation installations 
are discussed in the NCRP Reports 49, 51,102, and 151 (11–14). These reports contain the 
necessary technical information as well as recommendations for planning new facilities and 
remodeling existing facilities. The reader is referred to these reports for comprehensive details 
on this subject. This section will discuss only some of the basic factors that are considered in the 
calculation of barrier thicknesses.
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Protective barriers are designed to ensure that the dose equivalent received by any individual 
does not exceed the applicable maximum permissible value. The areas surrounding the room are 
designated as controlled or noncontrolled, depending on whether or not the exposure of persons 
in the area is under the supervision of a radiation protection supervisor. For protection calcula-
tions, the maximum permissible dose equivalent (P) is assumed to be 0.1 mSv/wk (5 mSv/yr) for 
the controlled areas and 0.02 mSv/wk (1 mSv/yr) for the noncontrolled areas. These P values are 
recommended by the NCRP 151 (12).

Protection is required against three types of radiation: the primary radiation, the scattered 
radiation, and the leakage radiation through the source housing. A barrier sufficient to attenuate 
the useful beam to the required degree is called the primary barrier. The required barrier against 
stray radiation (leakage and scatter) is called the secondary barrier. The following factors enter 
into the calculation of barrier thicknesses.

1. Workload (W). For x-ray equipment operating below 500 kVp, the workload is usually 
expressed in milliampere minutes per week, which can be computed by multiplying the maxi-
mum mA with approximate minutes/wk of beam “on” time. For megavoltage machines, the 
workload is usually stated in terms of weekly dose delivered at 1 m from the source. This can 
be estimated by multiplying the number of patients treated per week with the dose delivered 
per patient at 1 m. W is expressed in dose/wk at 1 m.

2. Use factor (U). Fraction of the operating time during which the radiation under consideration is 
directed toward a particular barrier. Although the use factors vary depending on the techniques 
used in a given facility, typical values for 90-degree gantry angle intervals are given in Table 16.6.

3. Occupancy factor (T). Fraction of the operating time during which the area of interest is 
 occupied by the individual. If more realistic occupancy factors are not available, values given 
in Table 16.7 may be used.

4. Distance (d). Distance in meters from the radiation source to the area to be protected. Inverse 
square law is assumed for both the primary and stray radiation.

A. PRimARY RADiAtiON BARRiER

Suppose the maximum permissible dose equivalent for the area to be protected is P (e.g., 0.1 mSv/wk 
for controlled and 0.02 mSv/wk for noncontrolled area). In terms of dose, P would be 0.01 cGy/wk 

TABLE 16.7   typical Occupancy Factors

Location
Occupancy 
Factor (T)

Full occupancy areas (areas occupied full-time by an individual), e.g., work offices, treatment 
planning areas, nurses stations, attended waiting areas, occupied space in nearby building

1

adjacent treatment room, patient examination room adjacent to shielded vault 1/2

Corridors, employee lounges, staff rest rooms 1/5

treatment vault doors 1/8

public toilets, unattended vending rooms, storage areas, outdoor areas with seating, unattended 
waiting rooms, patient holding areas, attics, janitors’ closets

1/20

Outdoor areas with only transient pedestrian or vehicular traffic, unattended parking lots, 
vehicular drop off areas (unattended), stairways, unattended elevators

1/40

(From National Council on radiation protection and Measurements. Structural Shielding Design and Evaluation for 
Megavoltage X- and Gamma-Ray Radiotherapy Facilities. report No. 151. Washington, DC: National Council on radiation 
protection and Measurements; 2005, with permission.)

TABLE 16.6   typical Use Factor for Primary Protective Barriers

Location Use Factor (%)

0 degree (down) 31.0

90 and 270 degrees 21.3

180 degrees 26.3

(From National Council on radiation protection and Measurements. Structural Shielding Design and Evaluation for 
Megavoltage X- and Gamma-Ray Radiotherapy Facilities. report No. 151. Washington, DC: National Council on radiation 
protection and Measurements; 2005, with permission.)
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for the controlled and 0.002 cGy/wk for the noncontrolled area.4 If B is the transmission factor for 
the barrier to reduce the primary beam dose to P in the area of interest, then

 P �
WUT

d2
 # B (16.3)

Therefore, the required transmission factor B is given by

 B �
P # d2

WUT
 (16.4)

By consulting broad-beam attenuation curves (Figs. 16.1 and 16.2) for the given energy beam, 
one can determine the barrier thickness required. More data on beam attenuation are available 
from the NCRP (13).

An alternative method to determining barrier thickness is to calculate the number (n) of 
tenth-value layers (TVLs) required from the transmission factor B:

 n � �  log (B) (16.5)

The barrier thickness can then be determined by looking up the TVL of the given energy beam 
in the shielding material. In NCRP 151 (12), beam hardening is taken into consideration by 
computing the barrier thickness as follows:

 tbarrier � TVL1 � (n � 1)TVLe (16.6)

where TVL1 and TVLe represent the first and equilibrium 10th-value layers of the given energy 
beam in the shielding material.

The choice of barrier material, for example, concrete, lead, or steel, depends on structural 
and spatial considerations. Because concrete is relatively cheap, the walls and roof barriers are 
usually constructed out of concrete. Lead or steel can be used where space is at a premium. For 
megavoltage x- and g radiation, the equivalent thickness of various materials can be calculated 

4For x- and g radiations, one can assume 1 mSv = 0.1 cGy.

Figure 16.1. transmission through concrete (density 2.35 g/cm3) of x-rays produced by 0.1- to 0.4-MeV  electrons, 
 under broad-beam conditions. electron energies designated by an asterisk were accelerated by voltages with pulsed 
wave form; unmarked electron energies were accelerated by a constant potential generator. Curves  represent 
 transmission in the dose-equivalent index ratio. (reprinted with permission from National Council on radiation 
 protection and Measurements. Radiation Protection Design Guidelines for 0.1–100 MeV Particle Accelerator Facilities. report 
No. 51. Washington, DC: National Council on radiation protection and Measurements; 1977.)
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by comparing TVLs for the given beam energy. If such information is not available specifically 
for a given material, relative densities can be used in most cases. Densities and TVLs for different 
materials and beam energies are available from the NCRP (13).

B. sECONDARY BARRiER FOR sCAttERED RADiAtiON

Radiation is scattered from the patient in all directions. The amount of scattered radiation 
depends on the beam intensity incident on the scatterer, the quality of radiation, the area of the 
beam at the scatterer, and the scattering angle. The ratio of scattered dose to the incident dose 
may be denoted by a. Table 16.8 gives values of a for various angles and beam qualities. For 
megavoltage beams, a is usually assumed to be 0.1% for 90-degree scatter.

The scattered radiation, in general, has lower energy compared with the incident energy. 
However, the softening of the beam as a result of Compton scatter depends on the inci-
dent energy and the direction of scatter. For orthovoltage radiation, the quality of scattered 
radiation is usually assumed to be the same as that of the incident beam. For megavoltage 
beams, on the other hand, the maximum energy of the 90-degree scattered photons is 500 keV. 
 Therefore, the transmission of this scattered radiation through a barrier is estimated to be 
approximately the same as that for a 500-kVp useful beam. At smaller scattering angles, how-
ever, the scattered beam has greater penetrating power (15). In addition, a greater fraction of 
the incident beam is scattered at smaller angles.

Suppose a transmission factor of Bs is required to reduce the scattered dose to an acceptable 
level P in the area of interest; then

 P �
a # WT
d2 # d�2

 #
F

400
 # Bs (16.7)

where a is the fractional scatter at 1 m from the scatterer, for beam area of 400 cm2 incident at 
the scatterer; d is the distance from source to the scatterer; d∙ is the distance from the scatterer 

Figure 16.2. transmission of thick-target x-rays through ordinary concrete (density 2.35 g/cm3), under broad-beam 
conditions. energy designations on each curve (0.5 to 176 MeV) refer to the monoenergetic electron energy incident 
on the thick x-ray production target. Curves represent transmission to dose-equivalent index ratio. (reprinted with 
permission from National Council on radiation protection and Measurements. Radiation Protection Design Guidelines for 
0.1 to 100 MeV Particle Accelerator Facilities. report No. 51. Washington, DC: National Council on radiation protection and 
Measurements; 1977.)
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to the area of interest; and F is the area of the beam incident at the scatterer. The use factor for 
the secondary barrier is considered unity.

Thus, the barrier transmission Bs is given by

 Bs �
P
aWT

 #
400
F

 # d2 # d�2 (16.8)

The required thickness of concrete or lead can be determined for appropriate transmission 
curves given by the NCRP (13) or Figures 16.1 and 16.2.

C. sECONDARY BARRiER FOR LEAkAGE RADiAtiON

The leakage requirements of therapeutic source assemblies have been revised and are currently 
described in the NCRP Report 102 (14). This report supersedes the previous NCRP Report 33. 
The recommendations are summarized below:

1. 5 to 50 kVp. The leakage exposure rate5 shall not exceed 0.1 R in any 1 hour at any point 
5 cm from the source assembly.

2. Greater than 50 kVp and less than 500 kVp. The leakage exposure rate at a distance of 1 m 
from the source shall not exceed 1 R in any 1 hour. In addition, these assemblies shall limit 
exposure rate to 30 R/h at 5 cm from the surface of the assembly.

3. Greater than 500 kVp. The absorbed dose rate due to leakage radiation (excluding neutrons) 
at any point outside the maximum field size, but within a circular plane of radius 2 m that 
is perpendicular to and centered on the central axis at the normal treatment distance, shall 
not exceed 0.2% of the useful beam dose rate at the treatment distance. Except for the area 
defined above, the leakage dose rate from the source assembly at any point at a distance of 
1 m from the electron path between the source and the target shall not exceed 0.5% of the 
useful beam dose rate at the treatment distance. The neutron contribution to the dose within 
the useful beam shall be kept well below 1% of the x-ray dose. Outside the useful beam, the 
neutron dose should be reduced to as low as practicable.

4. Cobalt teletherapy. Leakage dose rate from this source housing with the beam in the “off” 
position shall not exceed 2 mrad/h (20 µGy/h) on the average and 10 mrad/h (100 µGy) 
maximum in any direction, at a distance of 1 m from the source. With the beam in the “on” 
position, the leakage dose rate from the source housing shall not exceed 0.1% of the useful 
beam dose rate, both measured at a distance of 1 m from the source. In addition, for sources 
that give rise to a useful beam dose rate of less than 1,000 cGy/h at 1 m, the leakage from the 
source housing shall not exceed 1 cGy/h at 1 m from the source.

5 The NCRP Report 102 uses the quantity kerma rate instead of exposure rate to conform with the SI units. As 
an approximation, the quantities exposure, air kerma, and dose are assumed here to have the same numerical 
value. For exact relationship, refer to Chapter 8.

TABLE 16.8   Ratio, A, of scattered to incident Exposurea

G Rays x-rays

scattering Angle (From Central Ray) 60Co 4 mV 6 mV

15    9 × 10–3

30 6.0 × 10–3    7 × 10–3

45 3.6 × 10–3 2.7 × 10–3 1.8 × 10–3

60 2.3 × 10–3 1.1 × 10–3

90 0.9 × 10–3 0.6 × 10–3

135 0.6 × 10–3 0.4 × 10–3

a Scattered radiation measured at 1 m from phantom when field area is 400 cm2 at the phantom surface; incident 
exposure measured at center of field but without phantom.

(From National Council on radiation protection and Measurements. Medical X-ray and Gamma-ray Protection for 
Energies up to 10 MeV. Structural Shielding Design and Evaluation. report No. 34. Washington, DC: National Council on 
radiation protection and Measurements; 1970, with permission.)
(Data also are available in National Council on radiation protection and Measurements. Radiation Protection Design and 
Guidelines for 0.1–100 MeV Particle Accelerator Facilities. report No. 51. Washington, DC: National Council on radiation 
protection and Measurements; 1977.)
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Because leakage radiation is present whenever the machine is operated, the use factor for leakage 
is unity. Suppose the required secondary barrier for leakage radiation has a transmission factor 
of BL to reduce the leakage dose to the maximum permissible level P (rem/wk).

For therapy units below 500 kVp:

 P �
WT

d2 #  60 I
# BL (16.9)

where I is the maximum tube current. The number 60 is used to convert leakage limit of 1 R/h 
to 1/60 R/min, because the workload W is expressed in terms of mA-minute/wk.

For a megavoltage therapy unit:

 P �
0.001 WT

d2
 # BL (16.10)

The factor 0.001 is the 0.1% leakage limit through the source housing.6

Thus, the transmission factor BL for the leakage barrier is given by

 BL �
P # d2 # 60I

WT
   (therapy below 500 kVp) (16.11)

and

 BL �
P # d2

0.001 WT
  (therapy above 500 kVp) (16.12)

The quality of leakage radiation is approximately the same as that of the primary beam. There-
fore, the transmission curve for the primary beam should be used to determine the leakage 
barrier thickness (Figs. 16.1 and 16.2).

For megavoltage therapy installations, the leakage barrier usually far exceeds that required 
for the scattered radiation, because the leakage radiation is more penetrating than the scattered 
radiation. For the lower-energy x-ray beams, however, the difference between the barrier thick-
ness for the leakage and for the scattered radiation is relatively less.

A barrier designed for primary radiation provides adequate protection against leakage and 
scattered radiation. If a barrier is designed for stray radiation only, the thickness is computed for 
leakage and scattered radiations separately. If the thicknesses of the two barriers differ by at least 
three HVLs, the thicker of the two will be adequate. If the difference is less than three HVLs, one 
HVL should be added to the larger one to obtain the required secondary barrier.

D. DOOR shiELDiNG

Unless a maze entranceway is provided, the door must provide shielding equivalent to the wall 
surrounding the door. For megavoltage installations, a door that provides direct access to the 
treatment room will have to be extremely heavy. It will require a motor drive as well as a means 
of manual operation in case of emergency. A maze arrangement, on the other hand, drastically 
reduces the shielding requirements for the door. The function of the maze is to prevent direct 
incidence of radiation at the door. With a proper maze design, the door is exposed mainly to 
the multiply scattered radiation of significantly reduced intensity and energy. For example, in 
Figure 16.3, radiation is scattered at least twice before incidence on the door. Each Compton 
scatter at 90 degrees or greater will reduce the energy to 500 keV or less. The intensity will also 
be greatly reduced at each large-angle scatter. The door shielding in this case can be calculated by 
tracing the path of the scattered radiation from the patient to the door and repeatedly applying 
Equation 16.6. For megavoltage units, the attenuation curves for the 500-kVp x-rays may be 
used to determine the door shielding from multiply scattered x-rays. In most cases, the required 
shielding turns out to be less than 6 mm of lead.

E. PROtECtiON AGAiNst NEUtRONs

High-energy x-ray beams (e.g., >10 MV) are contaminated with neutrons. These are produced 
by high-energy photons and electrons incident on the various materials of target, flattening filter, 
collimators, and other shielding components. The cross sections for (e,n) reactions are smaller 
by a factor of about 10 than those for (g,n) reactions. Because of this, the neutron production 
during electron beam therapy mode is quite small compared with that during the x-ray mode.

The neutron contamination increases rapidly as the energy of the beam is increased from 
10 to 20 MV and then remains approximately constant above this. Measurements have shown 

6 Any leakage limit may be used in Equation 16.8. However, most megavoltage units do not exceed the limit of 
0.1% for source housing.
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(16–18) that in the 16- to 25-MV x-ray therapy mode the neutron dose equivalent along cen-
tral axis is approximately 0.5% of the x-ray dose and falls off to about 0.1% outside the field. 
Sohrabi and Morgan (17) have listed a wide range of neutron contamination values that have 
been reported in the literature for some medical accelerators.

The energy spectrum (19) of emitted neutrons within the x-ray beam is similar to the ura-
nium fission spectrum, showing a broad maximum in the range of 1 MeV. The neutron energy 
is considerably degraded after multiple scattering from walls, roof, and floor, and consequently, 
the proportion of the fast neutron (>0.1 MeV) reaching the inside of the maze is usually small.

Concrete barriers designed for x-ray shielding are sufficient for protection against neutrons. 
However, the door must be protected against neutrons that diffuse into the maze and reach the 
door. Reflections from the walls cause a reduction in the neutron fluence and, depending on the 
accelerator configuration, a decrease in neutron fluence of two orders of magnitude (10−2) from 
machine location to the inside of the maze can be expected (20). The shielding required for the 
door can be further reduced by the maze design. In general, a longer maze (>5 m) is desirable in 
reducing the neutron fluence at the door. Finally, a few inches of a hydrogenous material such as 
polyethylene can be added to the door to thermalize the neutrons and reduce the neutron dose 
further. A steel or lead sheet may be added to the door to protect against scattered x-rays, as 
discussed previously.

When thermal neutrons are absorbed by the nuclei of atoms within the shielding door, ener-
getic g radiations (called the neutron-capture g rays) are produced. These radiations have a 
spectrum of energies ranging up to 8 MeV, but most have energies in the region of 1 MeV. Unless 
the neutron fluence at the door is high such as in the case of a short maze, the intensity of capture 
g rays generated within the shielding door is usually low. Because the capture g rays have high 
energy, thick sheets of lead are required to provide effective attenuation. Thus, it is more desir-
able to reduce the neutron fluence incident at the door such as by designing a longer maze than 
to have a high neutron fluence at the door and add prohibitive amounts of lead shielding to the 
door to attenuate the capture g rays.

Computation of shielding requirements for a high-energy installation requires many consider-
ations that are not discussed in adequate detail in this text. The reader is referred to the literature 
for further guidance (13,19,21).

F. sPECiAL PROCEDUREs

Modifications to the workload and use factors may be required if a significant component of 
the linear accelerator use will be for special treatment procedures. For example, if a treatment 
room is planned for a significant number of total body irradiation (Chapter 18), the use factor 
for the treatment wall should be increased. In most clinics, the most significant impact on shield-
ing design from nonconventional deliveries is likely to be from IMRT (Chapter 20), but consid-
erations of other special procedures (e.g., stereotactic radiosurgery) or even quality assurance 
measurements should be considered if they will comprise a significant portion of the planned 
workload.

Secondary
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Figure 16.3. Schematic diagram of a megavolt-
age x-ray therapy installation (drawing not to scale). 
radiation scatter from patient can reach the door, as 
shown.
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For primary barrier calculations, one can replace the product of the workload and use factor 
in Equation 16.4 with the sum of the products of the workload times use factor for each special 
procedure (12,22):
 WUpri � (WconvUconv � WTBIUTBI � WIMRTUIMRT � ...) (16.13)

In this equation, Wx and Ux represent the workload (e.g., in Gy/wk) and use factor for a particu-
lar barrier for procedure type x (e.g., conventional, TBI, IMRT).

For scatter calculations, the workload is determined by the sum of workloads from each 
special procedure. However, special consideration must be made for TBI calculations, since the 
source of patient scatter is at a different location than in conventional deliveries. In this case, 
separate calculations of the shielding design goal P in Equation 16.7 should be made with the 
appropriate values of the distances d and d∙.

For leakage calculations, the workload is also determined by the sum of the workloads from 
each special procedure. However, modification must be made for IMRT where the average moni-
tor units per unit dose (MUIMRT) is larger than that for conventional deliveries (MUconv). This is 
accomplished by inclusion of an IMRT factor, C1, defined as

 C1 �
MUIMRT

MUconv

 (16.14)

C1 is dependent on the type of IMRT delivery and can range from 2 to 10. The IMRT factor 
does not impact the calculations for the primary or scatter barrier calculations, since the dose 
delivered is already included in WIMRT. The total workload for leakage calculations then becomes

 WL � Wconv � WTBI � C1WIMRT � ... (16.15)

16.7. PROTECTION AGAINST RADIATION FROM 
 BRACHYTHERAPY SOURCES 

This subject has been dealt with in detail in NCRP Report 40 (23). In this section, only a brief 
review will be given of some practical guidelines that have been developed for safe handling and 
use of brachytherapy sources.

A. stORAGE

Lead-lined safes with lead-filled drawers are commercially available for storing brachytherapy 
sources. In choosing a particular safe, consideration should be given to the adequacy of shield-
ing, distribution of sources, and time required for personnel to remove sources from, and return 
sources to, the safe.

The storage area for radium should be ventilated by a direct filtered exhaust to the outdoors, 
because of the possibility of radon leaks. A similar arrangement is recommended for encapsu-
lated powdered sources or sources containing microspheres. This precaution is taken so that if a 
source ruptures, the radionuclide is not drawn into the general ventilation system of the building.

The storage rooms are usually provided with a sink of cleaning source applicators. The sink 
should be provided with a filter or trap to prevent loss of source.

B. sOURCE PREPARAtiON

A source preparation bench should be provided close to the safe. The preparation and disman-
tling of source applicators should be carried out behind a suitable barrier to shield the operator 
adequately. Many facilities are equipped with a protective “L-block,” usually constructed of 
lead. A lead glass viewing window provides some protection by providing shielding as well as a 
suitable distance between the face of the operator and the sources. Brachytherapy sources must 
never be touched with the hands. Suitably long forceps should be used to provide as much dis-
tance as practical between sources and the operator.

Besides various kinds of protective shielding available for brachytherapy applications, the 
operator must be aware of the effectiveness of time and distance in radiation protection. Expo-
sures of individuals can be greatly reduced if, as far as practical, the time spent in the vicinity of 
the sources is minimized and the distance from the sources is maximized.

Certain brachytherapy techniques have the advantages of giving reduced exposure to person-
nel. For example, afterloading techniques involve no exposure to operating room personnel or 
x-ray technologists. Some exposure is received during the loading and removal of sources, but even 
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these exposures can be reduced by using mobile protective shields. The use of low-energy sources 
in place of radium or radon is another example of how personnel exposure can be minimized.

C. sOURCE tRANsPORtAtiON

The sources can be transported in lead containers or leaded carts. The thickness of lead required 
will depend on the type of source and the amount of radioactive material to be transported.  
A table of required thickness for various conditions is given by the NCRP (23).

D. LEAk tEstiNG

Various methods of leak testing of a sealed source are available (23). A radium source can be 
checked for radon leaks by placing it in a small test tube with some activated carbon or a ball of 
cotton. After 24 hours, the carbon or the cotton ball can be counted in a scintillation-well coun-
ter. It is sometimes convenient to leak test the entire stock of radium by pumping the air from 
the safe and passing it through on an activated charcoal filter. The filter is counted for a activity. 
If a leak is detected, then individual sources will have to be tested to isolate the defective source.

Periodic leak testing of radium is usually specified by state regulations. A source is considered 
to be leaking if a presence of 0.005 mCi or more of removable contamination is measured. The 
leaking source should be returned to a suitable agency that is authorized for the disposal of 
radioactive materials.

16.8. RADIATION PROTECTION SURVEYS 

After the installation of radiation equipment, a qualified expert must carry out a radiation pro-
tection survey of the installation. The survey includes checking equipment specifications and 
interlocks related to radiation safety and evaluation of potential radiation exposure to individu-
als in the surrounding environment.

A. RADiAtiON mONitORiNG iNstRUmENts

The choice of a particular radiation detector or dosimeter depends on the type of measurement 
required. In radiation protection surveys, low levels of radiation are measured and, therefore, 
the instrument must be sensitive enough to measure such low levels. The detectors most often 
used for x-ray measurements are the ionization chambers, Geiger counters, thermoluminescent 
dosimeters (TLDs), and photographic film. The TLD and film dosimetry have been discussed in 
Chapter 8. In this section, the Geiger counter and an ionization chamber suitable for low-level 
radiation measurements will be briefly described.

A.1. Ionization Chamber

An ionization chamber used for low-level x-ray measurements (of the order of milliroentgens 
per hour) has a large volume (~600 mL) to obtain high sensitivity (Fig. 16.4). A direct-current 
voltage is applied between the outer shell and the central electrode to collect ionization charge 
produced by radiation in the internal air volume when the chamber is exposed to radiation. 

Figure 16.4. a digital Cutie pie survey meter.  
(Courtesy of Biodex Medical Systems, Shirley, NY). 
(Source: www.biodex.com.)
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362 part II Classical radiation therapy

This causes an ion current to flow in the external circuit. These currents are extremely small, 
however, and special electrometer circuitry, including a current amplifier, is required to measure 
them. The output current is directly proportional to the exposure rate.

An ion chamber survey meter is usually calibrated for exposure in a g-ray beam from a 
cesium or a radium brachytherapy source using an open-air measurement geometry (see 
 Section 15.2B.1). For accurate usage at middle and high energies, the energy response curve for 
the chamber should be used to correct the exposure. Additional corrections for scale linearity, air 
temperature, and pressure and angular dependence may also be necessary.

A.2. Geiger-Müller Counters

The Geiger-Müller counter (G-M tube) consists essentially of a cylindrical cathode with a fine 
wire stretched along the axis of the cylinder. The tube is filled with a special mixture of gases at 
a pressure of about 100 mmHg. The voltage applied to the electrodes is much higher than the 
saturation voltage applied to an ionization chamber. Potential is so high that the particles from the 
original ionization become energetic enough to produce further secondary ionization giving rise 
to “gas amplification.” If the voltage is high enough that an “avalanche” of charge is generated by 
the original ionizing event, independent of its size, the detector is called a Geiger-Müller counter.

The G-M tube is much more sensitive than the ionization chamber. For example, the Geiger 
counter can detect individual photons or individual particles that could never be observed in an 
ionization chamber. However, this detector is not a dose-measuring device. Although a Geiger 
counter is useful for preliminary surveys to detect the presence of radiation, ionization chambers 
are recommended for quantitative measurement. Because of their inherently slow recovery time 
(~50 to 300 μs), they can never record more than 1 count/machine pulse. Thus, a G-M counter 
could significantly underestimate radiation levels when used to count radiation around pulsed 
machines such as accelerators.

A.3. Neutron Detectors

Neutrons can be detected with the aid of their various interactions. In a hydrogenous material, 
neutrons produce hydrogen recoils or protons that can be detected by ionization measurements, 
proportional counters, scintillation counters, cloud chambers, or photographic emulsions. Neu-
trons can also be detected by their induced nuclear reactions. Certain materials, called activation 
detectors, become radioactive when exposed to neutrons. The detector, after exposure to the 
neutron field, is counted for β- or g-ray activity.

Neutron measurements in or near the primary x-ray beam can be made with passive detectors 
such as activation detectors, without being adversely affected by pulsed radiation. An activation 
detector can be used either as a bare threshold detector or inside a moderator such as polyethylene. 
An example of a bare threshold detector is phosphorus (in the form of phosphorus pentoxide) that 
has been successfully used by several investigators to measure neutrons in and outside the primary 
beam (18,24). A phosphorus detector can monitor both fast and slow or thermal neutrons, using 
31P(n,p)31Si and 31P(n,g)32P reactions. The activation products 31Si and 32P are essentially pure β 
emitters and are counted using a calibrated liquid scintillation spectrometer. The problem of pho-
ton interference (activation of the detector by photons) is minimal with this detector.

Moderated activation systems suffer from photoneutron production in the moderator itself. 
Therefore, these detectors are primarily useful outside the primary beam. Examples of the mod-
erated activation detectors are activation remmeters and moderated foil detectors. A gold foil 
placed in a polyethylene cylinder (24 cm long and 22 cm in diameter) has been used by Rogers 
and Van Dyk (25) for measurements outside the primary photon beam. McCall et al. (26) have 
developed a system in which a gold foil is surrounded by a polyethylene cylinder covered by a 
layer of cadmium and boron to absorb thermal neutrons. The activity induced in the gold foil is 
measured by using a calibrated Ge(Li) detector system.

Outside the treatment room, it is a common practice to use two detectors that respond pre-
dominantly to one or the other radiation. For example, a conventional air-filled ionization cham-
ber with nonhydrogenous walls (carbon) predominantly measures photons, and its response to 
neutrons can be negligible because the n:g ratio outside the shield is usually small and the neu-
trons are low energy. An ion chamber with hydrogenous walls, on the other hand, can detect both 
neutrons and x-rays. An ion chamber that can be filled with either argon or propane to obtain a 
predominantly photon or photon plus neutron response, respectively, has also been used to esti-
mate photon and neutron exposure rates outside the shield of a medical accelerator (27). Also, 
proportional counters, with filling gases such as BF3, are often used inside moderators to detect 
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thermalized neutrons with good discrimination against signals produced by photons. Such a gas 
proportional counter, used either in the counting mode or current measurement, may be regarded 
as an ionization chamber with internal gas multiplication. The voltage is high enough so that 
ionization by collision occurs and, as a result, the current due to primary ionization is increased 
manyfold. The basis of the detection system is the reaction 10B(n,a)7Li, whereby the a particles 
can be counted or the ionization current caused by them is measured. A moderated BF3 counter 
will also count proton recoil particles produced by neutrons in the hydrogenous material.

Figure 16.5 shows one of the commercially available neutron survey meters, the Eberline 
Neutron Rem Counter. The instrument consists of a BF3 proportional counter surrounded by 
a 9-inch cadmium-loaded polyethylene sphere to moderate the neutrons. The counter operates 
typically at 1,600 to 2,000 V and can be used for measuring neutrons from thermal to approxi-
mately 10-MeV energy. The response is displayed in terms of count rate, mR/h, and millirem/h. 
The survey meter is calibrated using a National Institute of Standards and Technology (NIST)-
calibrated Pu-Be neutron source.

B. EQUiPmENt sURVEY

Some of the design specifications (15) related to patient and personnel safety can be determined 
by visual inspection. Various operational and beam-limiting interlocks are checked out as part 
of the field testing of the machine. The leakage radiation through the source housing may be 
measured as follows:

(a) The collimator opening is blocked with at least 10 half-value layers of lead.
(b) Sheets of prepacked film may be wrapped around the source housing to locate areas of high 

radiation leakage.
(c)  Using an ionization chamber of appropriate volume or sensitivity (e.g., survey meter), the 

dose rate is determined at a distance of 1 m from the source, as a function of the primary 
beam dose rate at 1 m. These measurements should be made in selected directions in which 
leakage is expected to be maximum.

(d) In the case of 60Co teletherapy, the leakage radiation through the source housing with the 
beam “on” position is determined in the same manner as above. In the beam “off” condition, 

Figure 16.5. a portable neutron rem 
counter, “rascal.” (Courtesy of eberline, Santa 
Fe, NM.)
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however, measurements are made in 14 different directions to determine the average and 
maximum leakage dose rate (15). A calibrated ionization chamber such as a Cutie Pie is a 
suitable instrument for these measurements.

The leakage limits through the source assemblies for various energy radiation generators were 
discussed in Section 16.6C. If a unit is equipped with a beam interceptor to reduce structural 
shielding requirements, the radiation transmitted through the interceptor must not exceed 0.1% 
of the useful beam. It should also reduce by the same factor the radiation scattered by the patient 
through an angle of up to 30 degrees from the central ray.

C. AREA sURVEY

Areas outside the treatment room that are accessible to any individual should be designed as 
controlled or noncontrolled, depending on whether the exposure of persons in the area is moni-
tored or not. Exposure levels in these areas should be measured with the beam oriented in 
 various possible directions. The transmitted radiation through the primary barrier should be 
measured with the beam of maximum size directly incident at the barrier. Measurements outside 
the secondary barriers should be made with a phantom at the treatment position. Other opera-
tional conditions such as total body irradiation may present special treatment conditions that 
should be considered in the area survey.

The results of the survey should be evaluated by taking into account the actual operating con-
ditions, including workload, use factor, occupancy factor, and attenuation and scattering of the 
useful beam by the patient. The environmental safety will be considered acceptable if no person 
is likely to receive more than the applicable dose-equivalent limit.

The survey data based on instantaneous dose rate measurements should be supplemented 
with cumulative radiation measurements and personnel monitoring over appropriate time peri-
ods. If, as a result of a radiation survey, supplementary shielding is added to the protective bar-
riers, a survey should be made to evaluate the adequacy of the shielding after the modification.

16.9. PERSONNEL MONITORING 

Personnel monitoring must be used in controlled areas for occupationally exposed individuals. 
Cumulative radiation monitoring is mostly performed with film badges, although TLD badges are 
also used in some cases. Because the badge is mostly used to monitor whole-body exposure, it 
should be worn on the chest or abdomen. Special badges may also be used to measure exposure to 
specific parts of the body (e.g., hands) if higher exposures are expected during particular procedures.

Although film monitoring is a simple and convenient method of personnel monitoring, it has 
certain drawbacks. The energy dependence poses a major problem especially when an individual 
is exposed to both soft- and high-energy radiation. However, some information is obtained con-
cerning beam quality by placing filters of different materials and thicknesses to partly cover the 
film. Comparing the film darkening under the filter with that of the part without the filter gives 
some indication of the penetration ability of the radiation.

Radiation monitoring during a particular procedure may also be performed with pocket 
dosimeters. These instruments are useful where exposure needs to be monitored more frequently 
than possible with the regular film badge service.

16.10. NUCLEAR REGULATORY COMMISSION REGULATIONS 

The U.S. Nuclear Regulatory Commission (USNRC) controls the use of all reactor-produced 
materials (byproduct materials) in this country. Therapeutic use of these materials include tele-
therapy (e.g., cobalt-60), brachytherapy, g-knife radiosurgery, and therapeutic nuclear medicine. 
The use of naturally occurring radioactive materials (e.g., radium) and x-ray machines is regu-
lated by individual states. Also, the USNRC has an agreement with a number of states, called the 
agreement states, that allows these states to enforce the NRC regulations.

The NRC regulations that govern the medical use of byproduct materials are contained in 
the Code of Federal Regulations 10 CFR Part 35 (28). These regulations, for the most part, are 
based on the recommendations of various advisory groups such as the NCRP, the ICRP, and the 
American Association of Physicists in Medicine (AAPM). However, some regulations are enacted 
in response to problems that are brought to the attention of the NRC. All new regulations go 
through the usual public and congressional hearing process as is customary for the enactment 
of any federal regulation.
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Technical details and legal ramifications of the NRC regulations are beyond the scope of this 
book. These regulations may change from time to time. For a complete text of these regulations, 
the reader is referred to the most up-to-date NRC document, which is usually available online 
(e.g., http://www.nrc.gov/reading-rm/doc-collections/cfr/part035/full-text.html). In this section, 
a summary will be presented of current regulations that pertain to teletherapy and brachyther-
apy use of radioisotopes.

A. LiCENsE

License is required from the NRC (or the agreement state) for possession or use of byproduct 
materials. A license is issued after a detailed review of the applicant’s education and training, 
administrative requirements, technical requirements, management program, and so on. Any sub-
sequent changes in the conditions stipulated in the license require approval by the NRC in the 
form of license amendments.

B. ADmiNistRAtiVE REQUiREmENts

B.1. ALARA Program

A written radiation program is required that includes the ALARA principles (see Section 16.5). 
The program must be communicated to the workers and be reviewed periodically to ensure that 
a reasonable effort is being made to keep individual and collective occupational doses ALARA.

B.2. Radiation Safety Officer

A radiation safety officer (RSO) must be appointed who will have the responsibility of 
 implementing the radiation protection program. The licensee, through the RSO, must ensure 
that the program is conducted in accordance with the approved procedures and regulatory 
 requirements.

B.3. Radiation Safety Committee

Each medical institution licensee shall establish a radiation safety committee to oversee the use 
of byproduct material. The committee must include the radiation safety officer, an authorized 
user, a nurse, and a representative of management who is neither the RSO nor an authorized user. 
The charge of the committee is outlined in 10 CFR Part 35 document (28).

B.4. Written Procedure

The licensee is required to develop, implement, and maintain written procedures for medical uses 
that require a written directive. These are listed below (excerpted from 10 CFR 35.41):

(a)  For any administration requiring a written directive, the licensee shall develop, implement, 
and maintain written procedures to provide high confidence that:
(1)  The patient’s or human research subject’s identity is verified before each administration; 

and
(2) Each administration is in accordance with the written directive.

(b)  At a minimum, the procedures required by paragraph (a) of this section must address the 
following items that are applicable to the licensee’s use of byproduct material:
(1) Verifying the identity of the patient or human research subject.
(2)  Verifying that the administration is in accordance with the treatment plan, if applicable, 

and the written directive.
(3) Checking both manual and computer-generated dose calculations.
(4)  Verifying that any computer-generated dose calculations are correctly transferred into the 

consoles of therapeutic medical units authorized by §§ 35.600 or 35.1000.
(c)  A licensee shall retain a copy of the procedures required under paragraph (a) in accordance 

with § 35.2041.

B.5. Written Directive

A written directive must include the following (excerpted from 10 CFR 35.40):

(a)  A written directive must be dated and signed by an authorized user before the administration 
of I-131 sodium iodide greater than 1.11 megabecquerels (MBq) [30 microcuries (μCi)], any 
therapeutic dosage of unsealed byproduct material or any therapeutic dose of radiation from 
byproduct material.
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(1)  If, because of the emergent nature of the patient’s condition, a delay in order to provide 
a written directive would jeopardize the patient’s health, an oral directive is acceptable. 
The information contained in the oral directive must be documented as soon as possible 
in writing in the patient’s record. A written directive must be prepared within 48 hours of 
the oral directive.

(b) The written directive must contain the patient or human research subject’s name and the fol-
lowing information:
(1)  For any administration of quantities greater than 1.11 MBq (30 μCi) of sodium iodide 

I-131: the dosage.
(2)  For an administration of a therapeutic dosage of unsealed byproduct material other than 

sodium iodide I-131: the radioactive drug, dosage, and route of administration.
(3)  For gamma stereotactic radiosurgery: the total dose, treatment site, and values for the 

target coordinate settings per treatment for each anatomically distinct treatment site.
(4) For teletherapy: the total dose, dose per fraction, number of fractions, and treatment site.
(5)  For high-dose-rate remote afterloading brachytherapy: the radionuclide, treatment site, 

dose per fraction, number of fractions, and total dose.
(6)  For all other brachytherapy, including low, medium, and pulsed dose rate remote after-

loaders:
(i) Before implantation: treatment site, the radionuclide, and dose; and
(ii)  After implantation but before completion of the procedure: the radionuclide, treat-

ment site, number of sources, and total source strength and exposure time (or the 
total dose).

(c) A written revision to an existing written directive may be made if the revision is dated and 
signed by an authorized user before the administration of the dosage of unsealed byproduct 
material, the brachytherapy dose, the gamma stereotactic radiosurgery dose, the teletherapy 
dose, or the next fractional dose.
(1)  If, because of the patient’s condition, a delay in order to provide a written revision to 

an existing written directive would jeopardize the patient’s health, an oral revision to an 
existing written directive is acceptable. The oral revision must be documented as soon as 
possible in the patient’s record. A revised written directive must be signed by the autho-
rized user within 48 hours of the oral revision.

(d) The licensee shall retain a copy of the written directive in accordance with § 35.2040.

B.6. Medical Event

The term “medical event” has replaced the formerly used terms of “misadministration” and 
“recordable event.” The following criteria apply to a medical event (excerpted from 10 CFR 
35.3045):
(a) A licensee shall report any event, except for an event that results from patient intervention, in 

which the administration of byproduct material or radiation from byproduct material results in:
(1)  A dose that differs from the prescribed dose or dose that would have resulted from the 

prescribed dosage by more than 0.05 Sv (5 rem) effective dose equivalent, 0.5 Sv (50 rem) 
to an organ or tissue, or 0.5 Sv (50 rem) shallow dose equivalent to the skin; and
(i) The total dose delivered differs from the prescribed dose by 20% or more.
(ii)  The total dosage delivered differs from the prescribed dosage by 20% or more or falls 

outside the prescribed dosage range.
(iii)  The fractionated dose delivered differs from the prescribed dose, for a single fraction, 

by 50% or more.
(2)  A dose that exceeds 0.05 Sv (5 rem) effective dose equivalent, 0.5 Sv (50 rem) to an 

organ or tissue, or 0.5 Sv (50 rem) shallow dose equivalent to the skin from any of the 
following:
(i) An administration of a wrong radioactive drug containing byproduct material.
(ii)  An administration of a radioactive drug containing byproduct material by the wrong 

route of administration.
(iii)  An administration of a dose or dosage to the wrong individual or human research 

subject.
(iv) An administration of a dose or dosage delivered by the wrong mode of treatment.
(v) A leaking sealed source.

(3)  A dose to the skin or an organ or tissue other than the treatment site that exceeds by 
0.5 Sv (50 rem) to an organ or tissue and 50% or more of the dose expected from the 
administration defined in the written directive (excluding, for permanent implants, seeds 
that were implanted in the correct site but migrated outside the treatment site).
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(b) A licensee shall report any event resulting from intervention of a patient or human research 
subject in which the administration of byproduct material or radiation from byproduct 
material results or will result in unintended permanent functional damage to an organ or a 
physiological system, as determined by a physician.

(c) The licensee shall notify by telephone the NRC Operations Center no later than the next 
calendar day after discovery of the medical event.

(d) By an appropriate method listed in § 30.6(a), the licensee shall submit a written report to 
the appropriate NRC Regional Office listed in § 30.6 within 15 days after discovery of the 
medical event.

C. tEChNiCAL REQUiREmENts

1. The licensee authorized to use radiopharmaceuticals must possess a dose calibrator to mea-
sure activity administered to each patient. The calibrator must be checked for constancy of 
response, accuracy of calibration, linearity, and source geometry dependence. The records of 
these checks must be retained for 3 years.

2. The licensee must possess calibrated survey instruments. Calibration of the survey meter 
must be done before first use, annually and following repair. This calibration must include 
(a) all scales with readings up to 10 mSv (1,000 mrem) per hour, (b) two separate readings on 
each scale, (c) conspicuous indication on the instrument of the apparent exposure rate from 
a dedicated check source, and (d) a description of the calibration procedure. Records of each 
survey instrument calibration must be retained for 3 years.

3. A licensee in possession of sealed sources or brachytherapy sources must follow the radiation 
safety instructions supplied by the manufacturer and maintain the instructions for the dura-
tion of source use in a legible form convenient to the users: (a) The licensee must leak test 
the source before its first use unless the licensee has a leak test certificate from the supplier. 
Subsequent leak tests must be performed at intervals not to exceed 6 months. If the leakage 
test reveals the presence of 0.005 mCi or more of removable contamination, the source must 
be withdrawn from use and appropriately stored. (b) The licensee must conduct a quarterly 
physical inventory of all sources in possession, and (c) measure ambient dose rates quarterly 
in all areas where such sources are stored and retain records of these surveys for 3 years.

4. A licensee may not release a patient administered a radiopharmaceutical from confinement 
for medical care until either the measured dose rate at a distance of 1 m from the patient 
is less than 5 mrem/h or the activity remaining in the patent is less than 30 μCi. In the case 
of a permanent brachytherapy implant, the patient must not be released until the measured 
dose at a distance of 1 m from the patient is less than 5 mrem/h. A patient with a temporary 
implant must not be released until all sources have been removed and the patient is surveyed 
with a radiation detector to confirm that all sources have been removed. A record of patient 
surveys has to be retained by the licensee for 3 years.

5. Promptly after removing sources from the patient, the licensee (a) shall return the sources to 
the storage and (b) count the number to ensure that all sources taken from the storage have 
been returned. Immediately after implanting sources in a patient, the licensee shall make a 
radiation survey of the patient and the area of use to confirm that no sources have been mis-
placed. The records of the above activities shall be retained by the licensee for 3 years.

6. A licensee shall provide radiation safety instructions to all personnel caring for the patient 
undergoing implant therapy. These instruction records shall be retained for 3 years.

7. A licensee shall not house a patient receiving implant therapy in the same room with another 
patient who is not receiving radiation therapy. Exceptions must be justified by other relevant 
provisions of the NRC. The patient’s door shall be posted with a “Radioactive Materials” 
sign. Visits by individuals under age 18 shall be authorized only on a patient-by-patient basis 
with the approval of the authorized user and the RSO. The radiation safety officer must be 
notified immediately if the patient dies or has a medical emergency.

D. tELEthERAPY

The following regulations govern the use of teletherapy units for medical use that contain a 
sealed source of cobalt-60 or cesium-137:

1. Maintenance and repair. Only a person specifically licensed by the commission (or an agree-
ment state) to perform teletherapy unit maintenance and repair shall (a) install, relocate, 
or remove a teletherapy sealed source or a teletherapy unit containing a sealed source and 
(b) maintain, adjust, or repair the source drawer or other mechanism that could expose the 
source, reduce the shielding around the source, or result in increased radiation levels.
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2. License amendments. Amendments are required in case of (a) any change in treatment room 
shielding, (b) any change in the unit location within the room, (c) relocation of the telether-
apy unit, (d) use of the unit in a manner that would increase the radiation levels outside the 
treatment room, and (e) an individual not listed on the license being allowed to perform the 
duties of the teletherapy physicist.

3. Safety instructions. A licensee shall (a) post safety instructions at the teletherapy unit console 
informing the operator of procedures to follow before turning the beam on and emergency 
procedure in case of source movement failure and (b) provide education and training to all 
individuals who operate a teletherapy unit. The records shall be kept for 3 years.

4. Safety precautions. A licensee shall (a) control access to the teletherapy room by a door;  
(b) install door interlocks to prevent the beam from turning on when the door is open, to 
turn the beam off when the door is opened, and to prevent the beam from turning back on 
after a door interlock interruption without closing the door and resetting beam “on/off” 
control at the console; (c) install a permanent radiation monitor capable of continuously 
monitoring beam status; and (d) equip the teletherapy room to permit continuous observa-
tion of the patient from the teletherapy unit console during irradiation.

5. Dosimetry equipment. A licensee shall have a calibrated dosimetry system that must have been 
calibrated by the NIST or by a calibration laboratory accredited by the AAPM. The calibration 
of the dosimeter must have been performed within the previous 2 years and after any repair. 
The 2-year interval for calibration may be extended to 4 years if chamber intercomparisons are 
carried out according to the NRC specifications; see 10 CFR Part 35.630 (28). The licensee shall 
retain a record of each chamber calibration and intercomparison for the duration of the license.

6. Full calibration. A licensee shall perform full calibration measurements on the teletherapy unit 
(a) before the first medical use of the unit; (b) if spot check measurements indicate that the 
output differs more than 5% from the output obtained at the last full calibration, corrected for 
radioactive decay; (c) following replacement of source or relocation of the unit; (d) following 
repair of the unit; and (e) at intervals not exceeding 1 year. Full calibration measurements must 
include (a) output for the range of field sizes and distances used clinically, (b) light field versus 
radiation field coincidence, (c) radiation field uniformity and its dependence on beam orienta-
tion, (d) timer constancy and linearity, (e) on/off error (shutter correction), and (f) accuracy 
of distance measuring and localization devices. Full calibration measurements must be made 
using protocols published by the AAPM, either the one described in reference (29) or (30). Full 
calibration measurements must be performed by the licensee’s teletherapy physicist. A licensee 
shall retain a record of each calibration for the duration of the teletherapy unit source.

7. Periodic spot checks. A licensee shall perform output spot checks once in each calendar month. 
These checks must include (a) timer constancy and linearity, (b) on/off error, (c) light field versus 
radiation field coincidence, (d) accuracy of all distance measuring and localization devices, and 
(e) the output for one typical set of operating conditions and its comparison with the value obtained 
at last full calibration, corrected for radioactive decay. In addition to the above checks, the licensee 
shall perform safety checks once in each calendar month of (a) door interlock, (b) interlocks for 
restrictions on beam orientation (if installed), (c) beam condition indicator lights on the console, 
and (d) patient viewing system. In case of malfunction of a safety mechanism, the licensee shall lock 
the control console in the off position and not use the unit until necessary repairs have been made.

8. Radiation surveys. Before medical use, after each installation of a teletherapy source, and after 
making any change for which an amendment is required, the licensee shall perform a radiation 
survey of the facility. The survey must verify that (a) the leakage from the source head with the 
beam in the off position does not exceed 2 mrem/h on the average and 10 mrem/h maximum, 
both measured at a distance of 1 m from the source and (b) dose rates outside the room in the 
restricted and unrestricted areas do not exceed the limits specified by the NRC in 10 CFR Parts 
20.101 to 20.105 (28). The maximum permissible whole-body exposure for individuals in the 
restricted area is 1.25 rem per calendar quarter. In the unrestricted area, radiation levels must 
not exceed 2 mrem in any 1 hour, 100 mrem in any 1 week, and 0.5 rem in any 1 year.

9. Five-year inspection. A licensee shall have the teletherapy unit fully inspected and serviced 
during teletherapy source replacement or at intervals not to exceed 5 years, whichever comes 
first. This inspection and servicing may only be performed by persons specifically licensed to 
do so by the commission or an agreement state.

E. tRAiNiNG AND ExPERiENCE REQUiREmENts

General training and experience requirements for the radiation safety officer, authorized medical 
physicist, and authorized users are listed under 10 CFR Parts 35.50 to 35.59. Training require-
ments for each specific use are contained within each Subpart (28).
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• The dosimetric quantity relevant to radiation protection is the dose equivalent  
(= dose × quality factor).

• Effective dose equivalent is “the sum of the weighted dose equivalents for individual 
 tissues or organs.”

• Effective dose equivalent for background radiation in the United States is 
 approximately 3 mSv/yr (300 mrem/yr).

• Harmful effects of ionizing radiation are classified as stochastic (all-or-none 
 phenomenon) and nonstochastic (severity depending on dose).

• Effective dose-equivalent limits for occupational and general population exposures 
have been recommended by the NCRP.

• The ALARA principle requires that the risks be kept “as low as reasonably achievable,” 
taking into account social and economic factors.

• In structural shielding, adequacy of barriers should take into account workload, use 
 factor, and occupancy factor.

• Wall barrier, door, and maze design should also allow for protection against neutron 
contamination for accelerators operating at energies greater than 10 MV.

• Protection against radiation from brachytherapy sources involves shielded drawers 
for storage, shielded barriers for source preparation, shielded pigs and carts for source 
transportation, and directly filtered exhausts to the outdoors.

• A source is considered to be leaking if a presence of 0.005 μCi or more of removable 
contamination is measured.

• Large-volume ion chambers (e.g., Cutie Pie) are suitable for measuring low-level x- or g 
radiation if they are properly calibrated. They are not suitable for measuring neutrons.

• Low levels of neutrons can be measured by calibrated rem meters (BF3 counters).

• G-M counters are primarily used for radiation detection.

• Equipment surveys are required to check design specifications including patient and 
personnel safety and limits on leakage radiation through the source housing.

• Area surveys are required to check environmental safety. They should be evaluated by 
taking into account actual operating conditions, workload, use factor, occupancy fac-
tor, and attenuation and scattering of the useful beam by the patient.

• Use of all reactor-produced radioactive materials (byproduct materials) in the United 
States is under the control of the NRC. As of November 30, 2007, use of accelerator-
produced radioactive material or discrete sources of radium-226 must also comply 
with the requirements of the NRC.

• Use of x-ray machines is regulated by individual states.

• Agreement states are allowed to enforce NRC regulations.

• NRC regulations that govern the medical use of byproduct materials are contained in 
the Code of Federal Regulations, 10 CFR Part 35. They are revised from time to time. 
A licensee must abide by the most current regulations in force.
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The term quality assurance (QA) describes a program that is designed to control and main-
tain the standard of quality set for that program. For radiation oncology, a quality assurance 
program is essentially a set of policies and procedures to maintain the quality of patient care. The 
general criteria or standards of quality are usually set collectively by the profession. It is expected 
that a QA program designed specifically for an institution will meet those standards.

Model QA programs in radiation oncology have been proposed by professional organizations 
such as the American College of Radiology (ACR), the American Society for Radiation Oncol-
ogy (ASTRO), and the American Association of Physicists in Medicine (AAPM). These programs 
incorporate many of the standards and criteria developed by the National Council on Radiation 
Protection and Measurements (NCRP), the International Commission on Radiation Units and 
Measurements (ICRU), the International Commission on Radiological Protection (ICRP), and 
the International Electrotechnical Commission (IEC). In addition, mandatory programs with 
QA components have been instituted by the Nuclear Regulatory Commission (NRC) and the 
individual states. The Joint Commission on Accreditation of Healthcare Organization (JCAHO) 
has also set minimum standards of QA that are required of hospitals seeking accreditation.

Despite the many standard-setting bodies and the regulatory agencies, the standards of radia-
tion oncology practice are quite varied across the United States. A classic patterns of care study 
in 1985 (1), using Hodgkin disease, prostate cancer, and cervix cancer as examples, showed 
correlations between patient outcome and facility equipment, structure, technical support, and 
physician characteristics. These data underscore the importance of quality assurance in provid-
ing patients the best chance for cure.

The major reason for the lack of commitment to QA by many institutions is financial. An 
adequate QA program requires increased staffing and up-to-date equipment, both of which can 
be expensive. According to the analysis by Peters (2), the total cost of the QA program in radia-
tion therapy amounts to approximately 3% of the annual billing for combined technical and 
professional charges. Because QA programs are voluntary (with the exception of the NRC or 
the state-mandated component), the only incentive to establishing these programs is a desire to 
practice good radiation therapy or avoid malpractice suits. However, the latter has not been a 
sufficient deterrent to effect change.

17.1. GOALS 

The Inter-Society Council for Radiation Oncology specifies the goals of a QA program in its 
1991 Blue Book (3):

The purpose of a Quality Assurance Program is the objective, systematic monitoring of the 
quality and appropriateness of patient care. Such a program is essential for all activities in 
Radiation Oncology. The Quality Assurance Program should be related to structure, process 
and outcome, all of which can be measured. Structure includes the staff, equipment and facil-
ity. Process covers the pre- and post-treatment evaluations and the actual treatment applica-
tion. Outcome is documented by the frequency of accomplishing stated objectives, usually 
tumor control, and by the frequency and seriousness of treatment-induced sequelae.

That “such a program is essential for all activities in radiation oncology” emphasizes the need 
for a comprehensive QA program that includes administrative, clinical, physical, and technical 
aspects of radiation oncology. Operationally, no single person has the expertise to cover all these 
areas. Therefore, teamwork is essential among administrators, radiation oncologists, nurses, 

Quality Assurance17
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medical physicists, and therapy technologists. For a QA program to be effective, all the staff 
involved with the radiation oncology service must be well coordinated and committed to QA.

The 1991 Blue Book has been updated by ASTRO in collaboration with other major societies 
representing physicians, medical physicists, medical dosimetrists, radiation therapists, nurses, 
and radiation oncology administrators (4). This new book, entitled Safety Is No Accident: A 
Framework for Quality Radiation Oncology and Care, was published in 2012 and is available 
online at: https://www.astro.org/Clinical-Practice/Patient-Safety/Blue-Book/bfp/index.html#/60. 
The new document provides a blue print for contemporary radiation oncology facilities in terms 
of structure, process, and personnel requirements.

17.2. PHYSICS STAFFING 

The physics component of quality assurance in radiation oncology is one of the major respon-
sibilities of the radiation physicist. Adequate physics staffing, in proportion to patient load and 
equipment, is required to carry out these responsibilities properly. The Blue Book (4) recommends 
at least one physicist per center. The number of additional physicists should be calculated based 
on the patient load treated annually, complexity, and sophistication of equipment, and the extent 
of academic functions such as teaching, research, and administration (Tables 17.1A and 17.1B).

Many of the clinical physics tasks that have been traditionally performed by physicists can be 
delegated to dosimetrists or physics assistants. For example, dosimetrists can assist in routine QA 
checks, computer treatment planning, monitor unit calculations and brachytherapy source prepa-
rations. A physicist in this case has a role in establishing the procedures, directing the activities, 
and reviewing the results.

In the area of treatment planning, Figure 17.1 illustrates how physics support has tradition-
ally existed in this country. Arrangement A, in which the physician practically works alone or 
rarely seeks consultation from the physics team, is obviously not appropriate and is contrary 
to the concept of a multidisciplinary approach to radiation oncology. Arrangement B is not 
satisfactory either but is still prevalent in some institutions. There may be several reasons why 
an essential member of the team, the physicist, is excluded in this case from the clinical pro-
cess. Economics is one reason, as physicists are usually higher salaried than the dosimetrists. 
Other reasons may include having physicists on staff who lack clinical training or do not have 
a well-defined role in the clinic. Nonetheless, arrangement C is probably the best approach, as it 
involves teamwork among personnel whose responsibilities are matched with their credentials.

The new Blue Book recommendation on dosimetrist staffing is approximately 1 per 
250  patients treated annually. In some institutions, dosimetrists perform physics work only, 
whereas in others they also do simulations. The relative proportion of a dosimetrist’s efforts 
to various tasks is dictated by the individual needs of the department, the scope of the physics 
activities, and the extent of other physics and technical support available.

TABLE 17.1A  Minimum Personnel Requirements for Clinical Radiation Therapya

Category Staffing (see notes)

Chief radiation oncologist One per facility

Chief medical physicist One per facility

Department manager One per facility (in some departments this function may be filled by a member 
of the team)

Medical dosimetristb as needed, approximately 1 per 250 patients treated annually

radiation therapistb as needed, approximately 1 per 90 patients treated annually

Brachytherapy technologistb as needed, approximately 1 per 100 brachytherapy patients treated annually

Mold room technologist as needed to provide service

Social Worker/Dietician as needed to provide service

aIt is recommended that a minimum of two qualified individuals be present for any routine external beam patient 
treatment.
bthis number may be higher or lower depending on the complexity of patients treated by an individual physician or 
by the complexity of technology.

(From american Society for radiation Oncology (aStrO). Safety is No accident. https://www.astro.org/clinical- 
practice/patient-safety/safety-book/safety-is-no-accident.aspx; 2012, with permission.)
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A. TRAINING

Besides the adequacy of physics staffing in terms of number of personnel in relation to the 
patient load or equipment, education and training of these personnel are of critical importance. 
The greatest weakness in this regard has been the physicist’s training. Many physicists are hired 
with less than adequate clinical training. Structured clinical training programs such as hospital-
based residency training for physicists was nonexistent until the beginning of 1990s. Even now, 
the available accredited residency programs are not enough to meet the demand. As a result, 
there is still an unchecked influx of inadequately trained physicists into the field.

More physics residency programs are being instituted, although at a much slower pace 
than needed. It is hoped that eventually all clinical medical physicists would be required to 
go through nationally accredited residency programs and be duly trained and board- certified 
before assuming independent clinical responsibilities. It is encouraging to note that the American 
Board of Radiology (http://www.theabr.org)—the certifying board for radiological  physicists—
has decided that “Beginning in 2014 … candidates must be enrolled in or have completed a 
 CAMPEP [ Commission on Accreditation of Medical Physics Educational Programs] accredited 
residency program.”

Just as formalized clinical training is important for physicians and physicists, it is also 
important for dosimetrists. The American Association of Medical Dosimetrists (AAMD) 
(http://medicaldosimetry.org/) has formalized the training of dosimetrists by establishing train-
ing curricula, accreditation, and professional certification. Additional information regarding 
dosimetry certification through the Medical Dosimetrists Certification Board (MDCB) may be 
found at www.mdcb.org.

B. QUALIFICATIONS

Qualifications of a clinical medical physicist have been debated in the past, but a consensus has 
eventually developed among the various national organizations. The AAPM has defined a Quali-
fied Medical Physicist (QMP) as one who meets each of the following credentials:

1. Has earned a master’s or doctoral degree in physics, medical physics, biophysics, radiologi-
cal physics, medical health physics, or equivalent disciplines from an accredited college or 
university

2. Has been granted certification in the specific subfield(s) of medical physics with its associated 
medical health physics aspects by an appropriate national certifying body and abides by the 
certifying body’s requirements for continuing education (AAPM Professional Policy 1-H, 
http://www.aapm.org/org/policies/details.asp?id=316&type=PP).

A medical dosimetrist has a minimum of a high school diploma and a certification by the 
MDCB. A formal definition and expectations of a qualified medical dosimetrist are provided by 
the AAMD:

A Qualified Medical Dosimetrist is an individual who is competent to practice under the 
supervision of a qualified physician and qualified medical physicist. This individual uses criti-
cal thinking and problem solving skills as well as exercises discretion and judgment in the 
performance of medical dosimetry procedures.

It is expected that an individual will hold him/herself qualified to practice in medical dosim-
etry only when the knowledge and skills to perform dosimetric tasks has been established. 

Figure 17.1. Patterns of interaction among 
 treatment-planning personnel. A: radiation 
 oncologist works alone. B: radiation oncologist  
and dosimetrists generate a treatment plan. C: 
teamwork between radiation oncologist, physicist, 
and dosimetrist.
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An individual shall be considered eligible to practice if he/she is certified by the Medical 
Dosimetrist Certification Board (MDCB). The MDCB will require a Baccalaureate Degree 
to sit for their exam by the year 2017 and the AAMD fully supports that educational level 
for new candidates.

The American Association of Medical Dosimetrists (AAMD) regards that personnel practic-
ing in Medical Dosimetry meet, at a minimum, certification provided by the Medical Dosim-
etry Certification Board (MDCB). Accordingly, the CMD (Certified Medical Dosimetrist) is 
recognized as the appropriate credential for the Medical Dosimetrist.

(http://medicaldosimetry.org/general information/definition.cfm)

C. ROLES AND RESPONSIBILITIES

The roles and responsibilities of the physics team have been discussed in the literature (5,6) and 
are summarized in Table 17.2. As emphasized previously, the physicist must direct the physics 
team and assume full responsibility of the physics data and procedures applied to the patients, 
irrespective of whether these activities are carried out by the physicist, dosimetrist, or other 
personnel. This unambiguous responsibility of physics procedures by the physicist is based on 
the same rationale as the physician’s control of medical prescription. Nonconformity to this 
principle can pose a serious risk to the patient.

The radiation oncologist undoubtedly has the overall responsibility for the conduct of the 
entire treatment process. Because of that role, it is his or her responsibility to ensure that an 
adequate and competent physics team is in place and that the roles of different personnel on 
the team are appropriately defined. It should be recognized that inadequacy of physics support 
translates into substandard or less than optimal patient care.

Calibration of radiation generators or sources is the exclusive responsibility of the medical 
physicist. No other personnel have the expertise to perform this most critical function. Because 
of the absolute necessity of the calibration procedure before the machine can be released for 
patient treatment, all institutions manage to acquire physics support at least sufficient to provide 
periodic calibration of the radiation equipment. However, these periodic calibrations, outside of 
a well-structured quality assurance program, are inadequate and cannot ensure continued safety 
of machine operation on a daily basis (7).

Next to calibration and quality assurance of radiation equipment is the physicist’s role in 
treatment planning. Although the treatment-planning process involves sophisticated physics con-
cepts in designing and optimizing patient treatments, most institutions do not involve physicists 
sufficiently in this process. As discussed previously (Fig. 17.1), some physicians tend to work 
with dosimetrists without any significant input from the physicist to design treatment plans. 
It should be realized that the absence of a physicist from the treatment-planning process takes 
away an important element of quality control, namely the optimization and scientific authenti-
cation of the treatment plan. The physicist’s direct involvement in the treatment-planning pro-
cess is possible only if the consultation is sought by the radiation oncologist. If the latter is not 
accustomed, by training or experience, to such interactions, the physicist is not brought into the 
treatment-planning loop. Consequently, to the detriment of the patient, an important member of 
the treatment-planning team is bypassed.

TABLE 17.2     Roles and Responsibilities of Physicists

Equipment (Teletherapy, 
Brachytherapy, Simulator)

Treatment Planning  
(Teletherapy and Brachytherapy) Dosimetry

Radiation 
Protection

Academic/ 
Administrative

Selection, specifications Management/Qa of treatment-planning 
computer

Dose calculation 
formalism

regulatory teaching

acceptance testing Beam data management Special treatment 
techniques

radiation 
survey

research

Commissioning, beam data 
measurement

Simulation consultation Special dosimetry Personnel 
monitoring

Developmental

Calibration Patient data for treatment planning In vivo dosimetry Facility design administrative

Quality assurance technique optimization; isodose planning; 
plan analysis/evaluation; treatment aids; 
beam modifiers

(From Khan FM. residency training for medical physicists. int J Radiat Oncol Biol Phys. 1992;24:853, with permission.)
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Physicist’s consultation in treatment planning is as important as other consultations, such as 
those sought from the medical oncologist, the surgeon, or the radiologist. One way to prevent 
bypassing of the physics consultation is to have each patient assigned to a physicist who is avail-
able at the time of simulation to assist the radiation oncologist in formulating the best possible 
treatment plan. Subsequent physics work is the designated physicist’s responsibility, although he 
or she may be assisted by the dosimetrist or other technical personnel. The final treatment plan 
is approved by the radiation oncologist after discussing the plan with the physicist. Also, the 
physicist is present at the time of first treatment and subsequent treatments, if needed, to ensure 
proper implementation of the plan.

Not all the clinical physics procedures need to be performed by physicists. Many of the 
technical tasks can be delegated to dosimetrists so that physicists can devote time to essential 
developmental activities. Every radiation oncology department needs to develop new programs 
as well as revise the old ones to keep current with advancements in the field. Responsibility often 
rests with the physicist to implement these advances while maintaining the quality of care. It 
is, therefore, important to recognize the need for providing sufficient technical support to the 
physicist for a proper fulfillment of his or her role.

17.3. EQUIPMENT 

High-quality patient care cannot be achieved or maintained without appropriate equipment. 
Tumors occur in many forms, shapes, and locations. Unless radiation can be effectively delivered 
to the tumor site with minimal side effects, the whole treatment process becomes no more than a 
costly exercise—costly in terms of economics as well as human life. For any institution to embark 
on a radiation therapy program, foremost attention must be paid to its capability of providing 
optimal care to all the patients who will be referred to it. Thus, the available equipment must be 
suitable to treat effectively the many different kinds of cancers that are presented in the clinic.

A. EXTERNAL BEAM UNITS

The type or quality of radiation beam is dictated by the type and location of cancer to be treated. 
Most head and neck cancers can be treated with low-energy megavoltage units: cobalt-60 or 
linear accelerators in the energy range of 4 to 6 MV. That does not mean that a facility equipped 
with only one of these units is capable of providing quality care to all patients with head and 
neck cancers. On the contrary, institutions whose sole treatment equipment is one of these units 
are not in a position to undertake complex and sophisticated treatment techniques required for 
most head and neck cancers. Depending on the kind and stage of the disease, an optimal treat-
ment plan may call for other types of beams such as a combination of low- and high-energy 
photon beams or an electron beam. A facility equipped with a single-energy beam tends to fol-
low suboptimal treatment plans or obsolete treatment techniques.

A dual-energy linear accelerator can provide all the beams necessary for modern radiation 
therapy. These machines are usually equipped with one low- and one high-energy photon beam 
and a number of electron energies up to 18 or 20 MeV. That provides sufficient capability to 
treat any cancer that needs external beam. In addition, accelerators should be equipped with on-
board imaging equipment to ensure accurate delivery of treatments, especially when using highly 
conformal techniques such as IMRT and IGRT.

Additional machines are required if the patient load exceeds about 30 patients per day. 
Although it is possible to treat more than 30 patients per machine per day, higher patient loads 
necessitate hurried treatments and consequently allow less attention to detail. It is important for 
a radiotherapy facility to be equipped not only with appropriate type and quality of beams, but 
also with a sufficient number of machines to handle the patient load.

B. BRACHYTHERAPY SOURCES

Certain cancers need brachytherapy, usually in combination with external beam. Cancer of the 
uterine cervix and some other gynecologic malignancies are best treated with these techniques. 
Unless the center has the policy not to treat patients for whom the brachytherapy is the treat-
ment of choice, brachytherapy equipment must be available to provide quality care to patients 
who need this form of therapy.

Availability of appropriate brachytherapy sources and equipment adds to the comprehensive-
ness of a center to provide radiation therapy. Again, if this capability is not available, a patient’s 
treatment may be compromised if the institution does not have a suitable alternative or ratio-
nalizes the use of external beam alone not on the basis of merit, but on the nonavailability of 
brachytherapy service.
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Afterloading procedures are the standard of practice in brachytherapy. The therapeutic qual-
ity of the procedure is little affected by whether the afterloading is done by the bedside or 
remotely. An institution can provide quality brachytherapy by using conventional afterloading 
applicators. The need for the remote afterloaders [either low dose rate (LDR) or high dose rate 
(HDR) is based primarily on considerations such as minimizing radiation exposure to personnel 
or handling large patient loads. Again, if it can be established that the remote afterloading will 
improve patient care (e.g., by allowing better nursing care or optimizing source placement), a 
case can be made to acquire such equipment. High-tech equipment such as the remote afterload-
ers can be very expensive and thus drive up the cost of patient care. Therefore, the additional cost 
must be justified on the basis of cost versus patient benefit analysis.

C. SIMULATOR

The simulator is a valuable tool for planning and designing radiation therapy treatments. Because 
of the poor imaging quality of the treatment beam and the logistic difficulty of obtaining time on 
the treatment machine, a simulator is the appropriate equipment to image the treatment fields 
and optimize their placement before actual treatment. Because the simulator offers the same 
beam geometry as the treatment machine, simulator films are used to outline the field shape and 
dimensions for custom-designing field blocks. The simulator room is the place where different 
techniques can be modeled and solutions to technical problems devised.

An essential requirement for simulation is the geometric accuracy that must be maintained at 
the same level as that of the treatment machine. If the simulated field cannot be accurately repro-
duced under the treatment machine, the whole simulation process becomes a useless exercise. 
Inaccurate simulation can result in erroneous treatment.

Besides the mechanical and radiation field accuracy of a simulator, its imaging quality cannot 
be overemphasized. Unless anatomic structures can be made visible with reasonable clarity, fields 
cannot be accurately outlined, negating the very purpose of simulation.

Fluoroscopic capability of a simulator is a desirable option because it allows iterative field 
adjustments and viewing before a final radiograph is obtained. Nonavailability of fluoroscopic 
option results in an increased number of film retakes and, in the long run, is not cost effective. 
Moreover, too many repeats could deter from optimization of the simulation process.

A CT simulator is needed for 3-D treatment planning. A large number of CT scans taken 
through the region of the body to be simulated can be processed to produce a digital recon-
structed radiograph (DRR) in any plane. The DRR corrected for beam divergence is like the 
simulator radiograph, except that it is created from individual CT slices. If targets and critical 
structures are outlined on each CT slice, a DRR can be created to provide any simulator view 
with the target and the critical structures highlighted in different shades of color. The DRR view 
is used to optimize the design and placement of treatment fields before a simulation or portal 
film is taken for verification.

With the development of treatment procedures such as IMRT, IGRT, and stereotactic radia-
tion therapy, more and more institutions are investing in PET/CT instead of standalone CT 
simulators. For some cancers, fusion of PET and CT images allows greater precision in outlining 
planning target volume (PTV) than possible with CT alone.

17.4. DOSIMETRIC ACCURACY 

Available evidence for effectively treating certain types of cancers points to the need for an accu-
racy of approximately ±5% in dose delivery (8,9). This is indeed a very stringent requirement, 
considering the uncertainties in equipment calibration, treatment planning, and patient setup. 
Further reduction in the dose accuracy limit will be not only very difficult, but also probably of 
marginal value.

Calculation of overall uncertainty in a radiation therapy procedure is a complex problem, 
because some errors are random while others can be systematic. Loevinger and Loftus (8) have 
proposed a model in which the random and systematic errors are statistically treated in the 
same way. Individual uncertainties are represented by standard deviations that are then added in 
quadrature to determine the cumulative uncertainty. The combined standard deviation may be 
multiplied by two to obtain an uncertainty with a 95% confidence interval.

Table 17.3 gives an estimate of uncertainty in the calibration of a treatment beam with a field 
ion chamber (e.g., 0.6 cm3 Farmer-type chamber). The analysis shows that an ion chamber suit-
able for calibrating radiation therapy beams and provided with a 60Co exposure calibration fac-
tor from an accredited dosimetry calibration laboratory (ADCL) has a cumulative uncertainty 
of approximately 1.5% (two standard deviations). Calibration of beams with this chamber will 
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introduce additional uncertainties such as in the measurement procedure and in the parameters 
of the dosimetry protocol. The overall uncertainty of the treatment beam calibration using cur-
rent protocols is estimated to be about 2.5% under optimal conditions (8).

Table 17.4 gives uncertainties in the various steps involved in delivering a certain dose to a 
patient at a reference point such as at the isocenter. The estimate of the uncertainties in these 
steps is approximate and arrived at by considering the various procedures as they may be typi-
cally carried out. These uncertainties could be further refined and broadened to include uncer-
tainties in the dose distribution within the target volume and the surrounding structures. A 
QA program must address not only the issues of random and systematic errors inherent in the 
procedures, but also the possibilities of human error such as in reading an instrument, select-
ing a treatment parameter, making arithmetic computations, or interpreting a treatment plan. 
Although human errors cannot be eliminated altogether, the probability of their occurrence can 
be minimized by a well-designed QA program. An undue relaxation of a QA program or the lack 
of it can be construed as professional negligence.

17.5. EQUIPMENT SPECIFICATIONS 

Acquisition of a major piece of equipment involves many steps: justification of need, market 
evaluation of different makes and models, checks of vendors’ business relations and service 
record, calling up users for their opinions, writing bid specifications, making a final evaluation, 
and doing price negotiations. Even if the institution does not require closed bids, it is important 
to prepare detailed specifications and obtain a formal written response from the vendor before 
deciding on the purchase.

Most vendors list their equipment specifications in company brochures that are available on 
request. These specifications should be carefully compared with other vendors’ specifications. 

TABLE 17.3     Uncertaintya in the Calibration of an Ion Chamber

Step Uncertainty (%)

Physical constants 1.1

Standard beam, NISt 0.5

Secondary standard, NISt 0.4

Field instrument, aDCL 1.0

Cumulative 1.6

aDCL, accredited Dose Calibration Laboratory; NISt, National Institute of Standards and technology.
a95% confidence interval.

(From International Commission on radiation Units and Measures. Determination of Absorbed Dose in a Patient irradiated 
by Beams of X or Gamma Rays in Radiotherapy Procedures. report No. 24. Washington, DC: International Commission on 
radiation Units and Measures; 1976, with permission.)

TABLE 17.4     Overall Uncertaintya in Dose Delivered at a Point in a Patient

Step Uncertainty (%)

Ion chamber calibration 1.6

Calibration procedure 2.0

Dose calculation parameters and methods 3.0

Effective depth 2.0

SSD 2.0

Wedges 2.0

Blocking trays 2.0

Cumulative 5.6

SSD, source to surface distance.
a95% confidence interval.
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Formal bid specifications can then be written for the product that most closely meets the insti-
tution’s needs. For an impartial bid process, the specifications should be as generic as possible, 
so that all major vendors have a fair chance of responding to the bids. Specifications that the 
institution considers essential must be identified so that vendors who cannot meet those speci-
fications do not have to go through the process of answering the bid. If a particular system is 
specified to meet a certain function, vendors should have the opportunity to suggest alternative 
systems with equivalent or better specifications.

The purchase of radiation therapy equipment is usually a shared responsibility between the 
radiation oncologist, the physicist, and the hospital administrator. The physicist’s role is primar-
ily to write technical specifications, although most participate in the whole decision process.

The specifications are written in a suitable format so that the vendors can respond to them 
item by item. Because the vendors’ responses are legally binding, clarification should be sought 
if response to a particular item is not clear. Also, if a specification in a company’s brochure falls 
short of a desired specification, negotiations may be carried out with the vendor to improve the 
specification in question. Many improvements in the accelerator technology have occurred as a 
result of customer demand for better specifications.

Certain specifications in regard to beam characteristics and acceptance criteria require care-
fully stated definitions and methods of measurement. The specifications should clearly spell out 
these details, especially when conflicting definitions or criteria exist in the literature. As far as 
possible, the specifications should follow national or international terminology and guidelines 
unless a special need exists to justify deviations from the accepted standards.

17.6. ACCEPTANCE TESTING 

Unless the vendor has agreed to a written set of specifications, the customer has no recourse but 
to follow the vendor’s acceptance test procedures. These procedures are set up by the company 
to demonstrate that the product meets the specifications contained in its brochures and satisfies 
the legal requirements of equipment safety.

If a set of bid specifications was agreed on before the machine was purchased, then the ven-
dor is obligated to satisfy all the specifications and criteria contained in the purchase contract. 
In practice, the vendor first performs all the tests in accordance with the company’s procedure 
manual. Any deviations or additions stipulated in the bid specifications are then addressed to 
complete the acceptance testing process.

As a general rule, acceptance testing is required on any piece of equipment that is used in 
conjunction with patient treatments. Whereas formal testing procedures have been developed 
for major equipment (linear accelerators, simulators, brachytherapy sources, etc.), these have to 
be improvised for other equipment. The guiding principle is that any equipment to be used for 
patients must be tested to ensure that it meets its performance specifications and safety  standards.

A. LINEAR ACCELERATOR

A linear accelerator is a sophisticated piece of equipment that requires several months for instal-
lation, acceptance testing, and commissioning. Whereas installation is carried out by the vendor 
personnel, the acceptance testing and commissioning are the responsibility of the institution’s 
physicist. Patient treatments do not begin until the unit has been commissioned; that is, the 
machine tested to be acceptable and sufficient data have been acquired to permit treatment plan-
ning and dose calculations for patient treatments.

A.1. Radiation Survey

As soon as the installation has reached a stage at which a radiation beam can be generated, 
the physicist is called on to perform a preliminary radiation survey of the treatment facility 
( Chapter 16). The survey is evaluated to ensure that during the testing of the machine the expo-
sure levels outside the room will not exceed permissible limits, considering the dose rate output, 
machine on time, use factors, and occupancy factors for the surrounding areas. A preliminary 
calibration of the machine output (cGy/MU) is needed to determine the expected dose levels as 
a function of machine output (MU/min).

After completion of the installation, a formal radiation protection survey is carried out, 
including the measurement of head leakage; area survey; and tests of interlocks, warning lights, 
and emergency switches. The survey is evaluated for conditions that are expected to exist in the 
clinical use of the machine, for example, workload, use factors, and occupancy factors.
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A.2. Jaw Symmetry

One of the methods of checking jaw symmetry is with a machinist’s dial indicator (Fig. 17.2). 
With the gantry pointing horizontally and the jaws open to a large field, the feeler of the dial 
indicator is made to touch the face of one of the jaws and the indicator’s reading is noted. The 
collimator is then rotated through 180 degrees and the reading is taken with the feeler now 
resting on the opposite jaw. A leveling device is used to set the collimator angles for these mea-
surements. The symmetry error is one-half of the difference between the two readings of the dial 
indicator. The procedure is repeated for the second set of jaws. The symmetry error of the col-
limator jaws is typically less than 1 mm.

A.3. Coincidence

Collimator axis, light Beam axis, and Cross-hairs. With a graph paper taped on the table and 
the gantry vertical, turn on the field light to obtain a rectangular field. Mark the edges of the light 
field, intersection of the diagonals, and position of the cross-hair images. Rotate the collimator 
through 180 degrees and check the coincidence of (a) the light field edges and (b) the intersection 
of diagonals and the position of cross-hair images. If significant misalignment exists, the field 
light and cross-hairs should be adjusted to bring about the desired coincidence.

light Beam with x-ray Beam. Place a ready pack film on the table at the source to axis distance 
(SAD). With the collimator angle set at 0 degrees, obtain a rectangular or square light field and 
mark the edges with a radiopaque object or a ballpoint pen by drawing lines on the film jacket 
with sufficient pressure to scratch the emulsion. The film orientation and the collimator angle 
are noted. A plastic sheet, thick enough to provide maximum electronic buildup, is placed over 
the film without disturbing its position. This is done to eliminate the perturbing influence of the 
incident electron contamination. The film is exposed to obtain an optical density in the linear 
range of its sensitometric curve, usually around 1. Two more exposures at collimator angles of 
±90 degrees are made using fresh areas of the same film or on a second film. The film is pro-
cessed in an automatic rapid processor.

Figure 17.2. Determination of jaw symmetry with the machinist’s dial indicator. the feeler of the dial indicator is 
shown to rest on the right jaw.
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The alignment between the x-ray beam edges (corresponding to an optical density of  
50% relative to that on central axis) and the light beam marks can be checked visually or by 
cross-beam optical density profiles. A typical alignment film is shown in Figure 17.3. For accep-
tance testing, the above process should be repeated at 0 degrees, 90 degrees, 180 degrees, and 
270 degrees angulation of the gantry.

According to the AAPM guidelines (TG-142) (10), the alignment between the light beam and 
the x-ray beam should be within ±2 mm or 1% on a side.

A.4. Mechanical Isocenter

Mechanical isocenter is the intersection point of the axis of rotation of the collimator and the 
axis of rotation of the gantry. Due to heavy weight, the gantry frame may flex during rotation. 
This may cause the axis of the gantry rotation to miss the axis of the collimator rotation, thereby 
creating an uncertainty in the position of the isocenter.

Collimator rotation. Attach a piece of graph paper on a flat surface of a plastic sheet and 
mark an intersection point of two graph lines (center point). Using the distance-measuring rod 
attached to the accessory mount, place the center point of the graph at the assumed isocenter 
(point P). Reverse the distance rod and attach an adjustable pointer device with a sharp point, 
called the center finder or wiggler, to its distal end (Fig. 17.4A). Starting with a 0-degree angle, 
rotate the collimator to +90 degrees and note the maximum displacement of the wiggler tip 
from point P in the X and Y directions. Tap the wiggler point to move it in the X direction 
through half the distance from point P and then tap the plastic sheet to bring point P under the 
wiggler tip. Repeat the procedure for the Y axis. Rotate the collimator to ±90 degrees and repeat 
the whole procedure. By iterative adjustment of the wiggler tip and point P, the displacement 
of the wiggler tip from point P can be minimized as the collimator is rotated. For an accept-
able alignment, the isocenter should stay within a 2-mm-diameter circle when the collimator is 
 rotated through its full range of rotation.

gantry rotation. With the wiggler point positioned at the isocenter as determined previously, 
another horizontal rod with a fine point is held in a ring stand so that the two points coincide as 
best as possible (Fig. 17.4B). The stand for the horizontal rod should rest on the couch near its 

Figure 17.3. Films to measure coincidence between light beam and radiation beam. Light field borders appear as 
scratch marks as the corner edges of the radiation field.
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end so that there is no possibility of gantry collision with the couch or the apparatus. By moving 
the gantry through 360 degrees, the displacement between the wiggler point and the horizontal 
rod point is visually noted and measured. The tolerance of the isocenter motion with full gantry 
rotation is ±1 mm.

A.5. Radiation Isocenter

Collimator. With the gantry vertical, place a ready pack film flat on the tabletop at the SAD. 
Open the upper jaws of the collimator wide and close the lower jaws to obtain a narrow slit of 

A

B

Figure 17.4. Determination of mechanical isocenter. A: Collimator rotation. B: Gantry rotation. See the text for details.

82453_ch17_p371-404.indd   382 1/7/14   3:56 PM



CHaPtEr 17 Quality assurance 383 

minimum possible width. Place a buildup sheet on top of the film. By rotating the collimator 
through a number of different angles, the film is exposed to obtain an optical density of about 1. 
The interval between angles should be such that six to seven exposures can be made to cover full 
rotation of the collimator without overlaps. Using a new film, repeat the above process with the 
lower jaws open and the upper jaws closed to a narrow slit.

The processed films will show star patterns, with a dark central region (Fig. 17.5A). By using 
a ballpoint pen or another film marker with a fine point, lines may be drawn through the middle 
of the slit images to define more clearly the intersection point(s) of the slit images. For an accept-
able result, all the lines should intersect or pass within a 2-mm-diameter circle.

treatment taBle. Place a film on the tabletop at the SAD. Open the upper collimator jaws wide 
and close down the lower jaws to a narrow slit. Place a buildup sheet on top of the film. Make six 
to seven exposures on the same film with the table rotated through a series of different angles to 
cover the full range of couch rotation. Some exposures may have to be staggered to avoid over-
lap of images. A star pattern (Fig. 17.5B) on the processed film should ideally show all the slit 
 images intersecting at one point, the radiation isocenter. Acceptable specification requires that 

A B

C

Figure 17.5. Star pattern to determine radiation isocenter of A: collimator rotation, B: table rotation, and C: gantry 
rotation.
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all the lines should intersect or pass within a 2-mm-diameter circle. Stricter specification may be 
required for a unit designated for stereotactic radiosurgery.

gantry. A ready pack film, sandwiched between two plastic sheets (e.g., acrylic or clear poly-
styrene), is placed on the table so that the plane of the film is perpendicular to the plane of couch 
top and contains the beam central axis for all gantry angles. Create a slit of beam parallel to the 
gantry axis of rotation. Make 12 exposures on the same film with the gantry rotated  between 
exposures. To avoid overlaps, the first six exposures may be made at 30-degree intervals, the next 
one at 45 degrees beyond, and the subsequent exposures successively 30 degrees apart.

The gantry star pattern (Fig. 17.5C) should show the lines intersecting or passing within a 
2-mm-diameter circle centered around the presumed radiation isocenter.

A.6. Multiple Beam Alignment Check

When a patient is treated with more than one beam, misalignment between beams can occur 
due to any of the causes discussed previously. Lutz et al. (11) have recommended a test proce-
dure that can detect simultaneously three general causes of beam misalignment: (a) focal spot 
displacement, (b) asymmetry of collimator jaws, and (c) displacement in the collimator rotation 
axis or the gantry rotation axis. This method is called the split-field test.

The split-field test consists of double-exposing a film (sandwiched between buildup sheets) 
to two fields, 180 degrees apart. As shown schematically in Figure 17.6, a square field is first 
exposed from above with half the field (region 2) blocked and then exposed from below to 
expose region 2 with region 1 blocked. Relative shift of the two images is indicative of the 
misalignment of the parallel opposed beams. A similar test can be performed between any two 
beams rotated through 180 degrees.

If beam misalignment is shown by the above test, one can then proceed to investigate the 
cause of misalignment by checking individually the alignment of the radiation isocenter with the 
axis of the collimator or gantry rotation as described previously.

A.7. Multileaf Collimator

The multileaf collimator (MLC) adds weight to the treatment head. If the MLC is installed on an 
existing accelerator, the alignment checks described in Sections A.2 through A.6 must be made 
as for a newly installed accelerator.

The AAPM Report No. 72 (TG-50) (12) details MLC acceptance testing, commissioning, and 
safety assessment. The MLC should meet the manufacturer’s specifications. The user should par-
ticipate in all the tests performed by the manufacturer, not only to ensure that the stated criteria 
of acceptance are met, but also to become familiar with the MLC function and the various tests 
required to check its accuracy.

The following tests recommended by TG-50 are described here only briefly. For details, the 
reader is referred to AAPM Report No. 72.

ProjeCted leaf width at isoCenter. The projected leaf width at the isocenter can be verified 
 radiographically. Its verification would also check the source to MLC distance on which the 
projected width is sensitively dependent.

A

B

Figure 17.6. Schematic illustration of Lutz et al. method of determining  alignment 
between opposing fields. (Lutz Wr, Larsen rD, Bjärngard BE. Beam alignment tests for 
therapy accelerators. int J Radiat Oncol Biol Phys. 1981;7:1727-1731.) A: Perfect alignment. 
B: Misalignment.
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CaliBration of leaf Positions. One of the procedures recommended by TG-50 is to place a 
radiographic film in the plane of the isocenter with a buildup plastic on top. The film is exposed 
to eight fields set by the MLC leaves (e.g., 5 × 40-cm field centered every 5 cm). The match lines 
for the abutting field pairs are placed at 5-cm intervals from the beam central axis.

Figure 17.7 shows an example of this test demonstrating alignment between 5-cm-wide strips. 
Misalignment of any leaf with its neighbor would be visible on the film. Quantitatively, the film 
may be scanned to assess dose homogeneity along the match lines. Deviation of more than 20% 
above or below the average net optical density would indicate positioning problems.

leaf travel. Maximum specified ranges of leaf travel should be checked in both directions.

leaf sPeed. Individual leaves should move smoothly and continuously over the entire range of 
their travel. The maximum specified speed should be verified.

transmission. Transmission of radiation through leaves, between leaves, and beneath the 
leaves and jaws combined should be measured and checked against the manufacturer’s specifica-
tions. The measurements may be performed with a dosimetry film or an ion chamber.

leakage. Leakage of radiation between leaf faces in the closed position should be measured. 
If a gap is used to avoid mechanical contact between opposed leaves, the width of this gap at the 
isocenter should be measured. These measurements should be checked against values specified 
by the manufacturer.

field shaPing. Accuracy of field-shaping software to create irregularly shaped fields with the 
MLC should be checked. The manufacturer’s calibration procedures are followed in this case. A 
final check is recommended in which a series of typical irregular field shapes are digitized and 
compared with MLC-generated fields optically and radiographically.

AAPM Task Group 142 (10) outlined periodic QA tests for MLCs which should be per-
formed weekly, monthly or annually. These tests include leaf positional accuracy and reproduc-
ibility, and MLC transmission. For IMRT machines, additional tests are warranted, including 
leaf speed, and leaf position during either step-and-shoot or moving-window IMRT delivery.

A.8. X-Ray Beam Performance

energy. Measurement and specification of photon beam energy have been discussed in 
 Chapter 7. The most practical method of specifying clinical beam energy is by the depth dose 
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Figure 17.7. radiograph showing the alignment of 5-cm wide strips formed by the MLCs irradiating abutting rect-
angular fields. (reproduced with permission from american association of Physicists in Medicine. Basic Applications of 
Multileaf Collimators: Report of the Task Group 50 of the Radiation Therapy Committee of the American Association Physicist in 
Medicine. aaPM report No. 72. Madison, WI: Medical Physics Publishing; 2001.)
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distribution. A central axis depth–dose curve measured with a suitable ion chamber in a water 
phantom can be compared with published data to specify the energy. The following consider-
ations are relevant to making such a determination.

1. The ion chamber internal diameter should be small (<3 mm) to minimize displacement 
 correction (Chapter 8). For a larger-diameter chamber, the depth–dose curve should be shift-
ed upstream (toward the source) by 0.6r, where r is the radius of the chamber.

2. In comparing depth dose distribution with published data, care must be exercised in regard 
to the reference depth used in the definition of percent depth dose. To avoid ambiguity, it 
is preferable to compare depth dose ratios for depths beyond the depth of dose maximum 
(dmax) rather than the absolute values of the percent depth dose. Suitable depths for compar-
ing depth dose ratios are 10 and 20 cm.

The reference depth dose data used for comparison must be reliable. Data published by national 
or international organizations are preferable in this regard. The depth dose data published in the 
British Journal of Radiology (13) is commonly used for specifying energy, although some prefer 
the method of ionization ratio as a measure of energy and using the data given in the TG-21 
protocol (14). Either method is acceptable.

The acceptance criteria are usually specified in terms of depth dose variance for a 10 × 10-cm 
field size, 100-cm source to surface distance (SSD), and 10-cm depth. A difference of ±2% in the 
depth–dose ratio or ionization ratio from the published values is acceptable, considering the fact 
that this comparison is just for nominal energy designation only. The depth dose data for clinical 
use are not the published data but the data that are actually measured for the given accelerator. 
A small uncertainty in the nominal beam energy designation is not important as long as calibra-
tion and the clinically used depth dose data are based on accurately measured energy parameters 
(e.g., TG-51 data).

field flatness. Field flatness for photon beams has been traditionally defined as the transverse 
variation of dose relative to the central axis over the central 80% of the field size (reference 
 region) at 10-cm depth in a plane perpendicular to the central axis (Fig. 17.8A). A dose variation 
of ±3% is considered acceptable (15).

The AAPM Task Group 45 (7) specifies flatness in terms of maximum percentage variation 
from average dose across the central 80% of the full width at half maximum (FWHM) of the pro-
file in a plane transverse to the beam axis. This variation or flatness F is mathematically given by

 F �  
M � m
M � m

 � 100% (17.1)

where M and m are the maximum and minimum dose values in the central 80% of the profile, 
respectively.

The above definitions of field flatness do not distinguish between the dose variation produced 
by the flattening filter and that due to the penumbra. Whereas flatness can be altered by the flat-
tening filter, the dose variation in the penumbra region is governed primarily by the geometric and 
transmission penumbra, photon scatter, and electron scatter. The flatness criteria should, therefore, 
reflect the effect of the flattening filter and not the penumbra, which is basically unalterable.

Boyer (16) has suggested that the x-ray beam field flatness should be specified to exclude the pen-
umbral effects. The reference region of flatness should be defined with lines at a specified  distance 
from the field edges instead of a certain percentage of the field size (Fig. 17.8B). Typical flatness at a 
10-cm depth within the region extending up to 2 cm from the field edge is +3% to –5% (16).

Definitions that specify field flatness and symmetry with respect to average profile values cre-
ate ambiguity and clinical inconsistency. Because beams are calibrated at the central axis, it is 
more logical to characterize dose variation relative to the central axis.

For acceptance testing, flatness should be checked for the maximum field size at least at two 
depths: 10 cm and dmax. Whereas the flatness criteria are applied to the profile at a 10-cm depth, 
the profile at dmax should be examined for the extent of peripheral hot spots, or “horns.” These 
horns should not exceed 105%.

In addition to the profiles along the principal axes of the field, diagonal scans should be 
obtained to check field flatness. Typically, the diagonal flatness is +4% to –6% in the reference 
region, extending up to 2.8 cm from the 50% isodose curve in a plane perpendicular to the cen-
tral axis and at a 10-cm depth (16).

field symmetry The cross-beam profiles obtained for flatness also can be used for symmetry. 
In the reference region, the dose should not differ more than 2% at any pair of points situated 
symmetrically with respect to the central ray.
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A.9. Electron Beam Performance

energy. Specification and measurement of electron beam energy are discussed in Chapter 14 
as well as in the AAPM TG-25 protocol (17). The depth dose or depth ionization curve for a 
broad beam measured with a suitable ion chamber in a water phantom gives the practical or 
extrapolated range,  Rp. The most probable energy (Ep)o is given by Equation 14.4. (Ep)o should 
be within about ±0.5 MeV of the nominal energy shown on the accelerator control panel.

For a routine check of electron beam energies, film can be used to determine Rp as well 
as other parameters such as R100,  R90,  R80, and  R50. Computer-driven densitometers are com-
mercially available that can analyze these parameters, including the most probable and mean 
energies.

flatness and symmetry. The flatness and symmetry specifications of electron beams are given 
in the AAPM TG-25 report (17) and also are discussed in Chapter 14. Again, film dosimetry is 
quite useful in analyzing flatness and symmetry on a routine basis.

A.10. Monitor Chambers

Linearity of monitor chambers is an important requirement and should be checked as a func-
tion of dose rate and for special operating conditions such as total body irradiation, total skin 
irradiation, and arc rotation. Long-term stability check of monitor chambers forms a major part 
of the quality assurance program.

Figure 17.8. alternate definitions of photon field flatness. A: Flatness is measured within a region bounded by 80% 
of the field width (W). B: Flatness is measured within a region bounded by lines drawn a certain distance (e.g., 2 cm) 
inside from the field edges. Depth of measurement is specified at 10 cm.
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A.11. Wedges

Wedge isodose distribution for a 10 × 10-cm field may be used to check wedge angle ( Chapter 11). 
The measured wedge angles should be within ±2 degrees of the values specified. This uncertainty 
in nominal wedge angles is acceptable because wedge filters are always planned using isodose 
distribution determined for the given wedge.

A.12. Miscellaneous Checks

1. Isocenter shift with couch motion up and down should not exceed ±2 mm.
2. Optical distance indicators should be accurate within ±2 mm.
3. Field size indicators should be accurate within ±2 mm.
4. Gantry angle and collimator angles should be accurate within 1 degree.
5. Laser lights should be aligned with the isocenter within ±2 mm.
6. Tabletop sag with lateral or longitudinal travel under a distributed weight (similar to patient) 

of 180 lbs. should not exceed 2 mm.
7. The tennis racket insert for the couch should not sag more than 0.5 cm under the above 

stated conditions.
8. Other ancillary devices provided with the accelerator should be checked in accordance with 

the vendor’s specifications or as specified in the purchase contract.

B. RADIOGRAPHIC SIMULATOR

Acceptance testing of a radiographic simulator may be divided into two parts: (a) checking 
of the geometric and spatial accuracies and (b) performance evaluation of the x-ray generator 
and the associated imaging system. The first part is similar to the acceptance testing of a linear 
accelerator. The second part deals with the simulator performance like a diagnostic x-ray and 
fluoroscopic unit. Several publications have discussed the specifications of treatment simulators 
and the required testing procedures (18,19). A comprehensive review of the subject has been 
provided (20). The quality assurance for the x-ray generator and the imaging system has been 
discussed by the NCRP (21). Specifications and acceptance test procedures may also be available 
from vendors.

Because radiographic simulators are designed to mimic the treatment machines, for example, 
linear accelerators, their geometric accuracy should be comparable with these machines.  Ideally, 
the simulator should be at least as accurate as the treatment machine in localizing treatment 
fields. However, differences between the simulator port and the treatment port may arise because 
of the differences in the treatment tables or accessories. To minimize these differences, it is pref-
erable to have a simulator with the same table design and the accessory holders as the treatment 
machines.

Table 17.5 is the list of acceptance tests recommended by the British Institute of Radiology. 
The suggested tolerances for various parameters are the same as or better than their equivalent 
for linear accelerators as recommended by the IEC (22).

C. CT SIMULATOR

In contrast to the radiographic simulator, the CT simulator acceptance testing involves checking 
the accuracy of image from the CT scanner and the alignment of the simulation hardware such 
as the patient positioning lasers and couch alignment under typical load conditions. These tests 
are designed to ascertain that the specified mechanical tolerances are met. The final objective 
of the acceptance tests is to assure the accuracy of target localization and accuracy of DRRs  
(digitally reconstructed radiographs). Acceptance testing of CT simulators and special phantoms 
to perform these tests are discussed in the literature (23,24).

D. BRACHYTHERAPY

The purpose of acceptance testing of brachytherapy equipment is to ensure that the sources and 
the associated equipment meet the user’s specifications. The results of these tests should be care-
fully evaluated and documented for future reference.

D.1. Intracavitary Sources and Applicators

The following procedures are recommended to evaluate intracavitary sources and manual after-
loading applicators.
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Parameter

IEC Tolerance 
for Electron 
Accelerators

BIR-Proposed 
Tolerance for 
Simulators

illumination of light field indication
 1. average illuminance at the normal treatment distance 40 lux 40 lux

Reproducibility
 2.  the difference between the maximum and minimum x-ray field size for repeated settings of 

the same numerical field indication
 3.  the maximum distance between any light field edge and x-ray field edge for repeated settings 

of the same numerical field indication

2 mm

2 mm

1 mm

1 mm

Numerical indication of field size
 4.  the maximum difference in mm or percentage of field dimension between the numerical field 

indication and the dimensions of the x-ray field at the normal treatment distance
  5 cm × 5 cm to 20 cm × 20 cm
  >20 cm × 20 cm

3 mm
1.5%

2 mm
1%

Light field indication
 5.  the maximum distance along the major axes in mm or percentage of field dimension between 

the light beam edge and the x-ray field edge at the normal treatment distance
  5 cm × 5 cm to 20 cm × 20 cm
  >20 cm × 20 cm
 6.  the maximum distance along the major axes between the light beam edge and the x-ray field 

edge at 1.5 normal treatment distance
  5 cm × 5 cm to 20 cm × 20 cm
  >20 cm × 20 cm
 7.  the maximum distance between the centers of the x-ray field and the light field at the normal 

treatment distance
 8.  the maximum distance between the centers of the x-ray field and the light field at 1.5 times 

the normal treatment distance

2 mm
1%

4 mm
2%
2 mm

4 mm

1 mm
0.5%

2 mm
1%
1 mm

2 mm

Geometry of field delineators
 9. the maximum deviation from parallelity of opposing edges
10. the maximum deviation from orthogonality of adjacent edges

0.5°
0.5°

0.5°
0.5°

indication of x-ray beam axis
11.  Maximum deviation of the indication of the radiation beam axis from the radiation beam axis
   Over –25 cm from the normal treatment distance (NtD) or the working range of the indicator, 

beam entry
12. Over NtD to NtD +50 cm or working range, beam exit

2 mm

3 mm

1 mm

2 mm

Displacement of the x-ray beam axis from the isocenter
13. Maximum displacement of the x-ray beam axis from the radiation isocenter 2 mm 1 mm

indication of the isocenter
14.  Maximum displacement from the radiation isocenter of any device mounted on the machine 

for indicating the position of the isocenter
2 mm 1 mm

indication of distance along the x-ray beam axis
15. Maximum difference between the indicated distance and the actual distance from isocenter
16.  Maximum difference between the indicated distance and the actual distance from the x-ray 

target
17.  Maximum difference between the indicated distance and the actual distance between the 

isocenter and the image plane

2 mm
5 mm

N/a

1 mm
2 mm

2 mm

Zero position of rotational scales
Maximum difference between the zero position indicated by the rotational scale and the intended 

zero position
18. rotation of gantry
19. rotation of diaphragm housing
20. Isocenter rotation of the table
21. rotation of the tabletop
22. Pitch of the table
23. roll of the table

0.5°
0.5°
0.5°
0.5°
0.5°
0.5°

0.5°
0.5°
0.5°
0.5°
0.5°
0.5°

(continued)

TABLE 17.5     Treatment Simulator Tolerances
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Parameter

IEC Tolerance 
for Electron 
Accelerators

BIR-Proposed 
Tolerance for 
Simulators

Opposing fields
24. Maximum angular deviation between axes of opposed x-ray fields 1° 1°

Movements of the patient table
25.  Maximum horizontal displacement of the table for a change in height of 20 cm when loaded 

with 30 kg distributed over 1 m and when loaded with 135 kg distributed over 2 m, both 
weights acting through the isocenter

26.  Maximum displacement of the axis of isocenter rotation of the table from the radiation isocenter

2 mm

2 mm

2 mm

1 mm

Parallelism of table rotation axes
27.  Maximum angle between the isocenter rotation of the table and the axis of rotation of the 

tabletop
0.5° 0.5°

Longitudinal rigidity of the table
28.  Maximum difference in table height near isocenter between 30-kg-load retracted position and 

135-kg-load extended position
5 mm 5 mm

Lateral rigidity of the table (a)
29. Maximum angle of lateral tilt from horizontal of the plane of the tabletop 0.5° 0.5°

Lateral rigidity of the table (b)
30. Maximum deviation of the height of the table as the table is laterally displaced 5 mm 5 mm

X-ray tube
31. Maximum focal spot size for at least one focal spot

32. Maximum shift of image at the isocenter for change of focal spot

N/a

N/a

0.3 mm ×
0.3 mm
0.5 mm

BIr, British Institute of radiology; IEC, International Electrotechnical Commission.
(From Bomford CK, Dawes PJ, Lillicrap SC, et al. treatment simulators. Br J Radiol. 1989;(suppl 23):1-49, with permission.)

sourCe identity. Physical length, diameter, serial number, and color-coding of all sources 
should be checked. Whereas source dimensions may be checked by physical measurement or by 
radiography, the serial number and color-coding can be checked by visual inspection.

sourCe uniformity and symmetry. An autoradiograph of a brachytherapy source reveals distri-
bution of activity as well as active length (Fig. 15.2). The symmetry of the source loading within 
the capsule may be ascertained by taking a simulator radiograph of the source but leaving it on 
the film for an appropriate length of time to obtain an autoradiograph. The superposition of the 
autoradiograph and transmission radiograph provides the required information on source sym-
metry relative to the physical ends of the source.

All sources should be checked for source uniformity and symmetry. In addition, one randomly 
chosen source from each group of designated strength may be autoradiographed to obtain iso-
optical density curves. This will document symmetry of dose distribution around these sources.

sourCe CaliBration. All sources should be individually calibrated to check source strength 
specified by the vendor. Methods of source calibration were discussed in Section 15.2. A well-
type ionization chamber (e.g., a dose calibrator) is convenient for these calibration checks. A 
standard source of the same radionuclide and construction having a calibration traceable to 
the National Institute of Standards and Technology (NIST) or an ADCL calibration of the well 
chamber for a source of the same radionuclide and construction is required for these measure-
ments. If the disagreement between the vendor and the user calibration is within ±5%, the 
vendor calibration should be used unless the user’s calibration is deemed more accurate than 
the vendor’s. In the latter case, the user’s methodology and results of calibration must be fully 
documented and justification provided for not using the vendor’s calibration. Differences larger 
than ±5% are not acceptable and would require recalibration by the vendor and issuance of a 
new calibration certificate.

aPPliCator evaluation. Applicators for intracavitary application are constructed to hold the 
sources in a specified geometry. Some applicators (e.g., Fletcher-Suit) have strategically placed 
lead or tungsten shields to reduce the dose to the rectum and the bladder. Acceptance testing 

TABLE 17.5     Treatment Simulator Tolerances (continued)
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of these applicators is essential to ensure proper source placement and protection of critical 
structures by the shields. The internal structure of applicators may be examined by orthogonal 
radiographs using a 4- or 6-MV x-ray beam. Dummy sources may be inserted to check the posi-
tion of sources in the applicator. The position of shields should be compared with the vendor’s 
drawings. Mechanical functions such as the ease of source loading and removal should also be 
checked before accepting the applicators.

D.2. Interstitial Sources

Sources for interstitial implant in the form of needles (e.g., cesium-137) can be tested in the 
same way as the intracavitary sources described above. For calibration checks, either an ADCL 
calibration factor may be obtained or needles of the same radionuclide and construction should 
be used to obtain a calibration factor for the well ionization chamber. All sources should be 
individually checked before commissioning into clinical use.

Short-lived interstitial sources in the form of seeds, wires, or seed-loaded ribbons can be 
tested by visual inspection (behind a leaded glass window) and calibration can be checked with 
a dose calibrator, as described in the previous section. For a batch of a large number of sources 
(e.g., 192Ir ribbons), a randomly selected sample of three or four ribbons of a given strength 
should be checked for calibration. A standard seed of the same kind (with calibration traceable 
to the NIST) should be used to calibrate the well ionization chamber. Because ribbons of dif-
ferent lengths are used, the ion chamber response should be corrected as a function of ribbon 
length. These correction factors can be established by using the standard seed and measuring 
chamber response as a function of seed position in the well ionization chamber.

E. REMOTE AFTERLOADERS

Acceptance procedures for remote afterloading equipment have been discussed by several 
investigators (25–28) and reviewed by Glasgow et al. (29). The procedures may be broadly 
divided into (a) operational testing of the afterloading unit, (b) radiation safety check of 
the facility, (c) checking of source calibration and transport, and (d) checking of treatment 
planning software. Although the details are presented by Glasgow et al., some of the recom-
mendations are listed in Table 17.6. Most of the acceptance test procedures consist of testing 
the unit for its functional performance and safety features, usually covered in the operator’s 
manual. These can be carried out by activating various functions and observing the results. 
The accuracy of source localization and calibration can be checked using procedures that are 
more or less similar to those used for conventional brachytherapy. Considerations specific to 
remote afterloaders are discussed below.

E.1. Source Positioning

Source position accuracy can be checked by taking radiographs of dummy sources in the appli-
cators with their positions marked on a ready pack film and combining with autoradiographs of 
the radioactive sources in the same applicators. The position of dummy sources and radioactive 
sources should correspond within ±1 mm.

Special test devices have been designed to test source positioning by autoradiography 
(27,28,30). Figure 17.9A shows a test phantom designed by Aldrich and Samant (30). The 
system consists of an acrylic plate with channels drilled to hold the treatment catheters. Lead 
sheets of dimensions 20 × 20 × 0.8 mm3 are accurately set into one surface at a regular spacing 
of 20 mm. The phantom is placed on a ready pack XV2 film with lead sheets facing the film. 
The sources are programmed to stop every 10 mm for intervals suitable for autoradiography. 
The autoradiograph thus obtained shows source positions together with fiducial markers pro-
vided by the edges of lead sheets (Fig. 17.9B). An accuracy of ±1 mm in the source positions 
is acceptable.

E.2. Source Calibration

The LDR sources in remote afterloading units can be calibrated in a well ionization chamber 
(discussed in Chapter 15). The well ionization chamber must bear a calibration for the same kind 
and specification of source as the given LDR source.

For the calibration of HDR sources, the well ionization chamber must be capable of mea-
suring large currents associated with these sources. Goetsch et al. (31) have described such a 
chamber for use with 192Ir HDR sources. Calibration of well-type ionization chambers suitable 
for calibrating HDR sources is available at some ADCLs (University of Wisconsin and K&S 
Associates, Inc.).

82453_ch17_p371-404.indd   391 1/7/14   3:56 PM



392 Part II Classical radiation therapy

Functional Performance
 a. Console functions. Main power, battery power, source on/off, door open/close, etc.
b.  Source control. Source dwell time and source retraction at the end of preset time, unplanned interruption, or 

emergency shutoff
c.  Battery voltage. adequacy of battery voltage under load conditions and functional performance under battery 

power
d. Timer. timer accuracy and end-time effects
e. Decay correction. accuracy of computer-calculated decay corrections
  f. Multichannel indexer. Proper source sequencing and channel selection
g.  Backup systems. Proper functioning during simulated power failures or air pressure losses (for pneumatically driven 

devices)
h. Radiation detectors. Proper functioning as specified

Facility Check and Survey
a.  Door interlocks. Source retracts when the door is opened; the unit does not start until the door is closed and the 

interlock is reset
b. Radiation warning lights. Proper functioning to indicate radiation on/off condition
c.  Patient viewing and communication. Proper functioning of closed-circuit tV and the intercommunication system
d.  Radiation survey. Exposure rates outside the radiation facility should meet the Nuclear regulatory Commission 

regulations and the leakage radiation rates around the unit should be acceptable (see Chapter 16)
Source Calibration and transport
Check of source specifications, leak testing, calibration, transport to the applicators, autoradiograph of simulated 

source positions, and isodose distribution to determine dose anisotropy

A

B

Figure 17.9. Quality control test for high-dose-rate remote afterloaders. A: test phantom to check the accuracy of 
source positioning. B: autoradiograph of the test phantom showing dwell positions. (From aldrich JE, Samant S. a test 
phantom for HDr daily quality control. Activity. 1992;6:82, with permission.)

TABLE 17.6     Acceptance Testing Procedures for Remote Afterloaders
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A cylindrical lead insert for a conventional well ionization chamber (e.g., dose calibrator) has 
also been used to reduce the ionization current from an HDR source to a measurable value (29). 
It is important to check the accuracy of such a system by an independent calibration.

Cylindrical ion chambers (e.g., Farmer-type or larger volume, depending on source strength) 
can be used to calibrate LDR and HDR sources using a free-air geometry (Chapter 15). The 
ion chamber must be fitted with an appropriate buildup cap and bear a calibration for pho-
ton energies emitted by the radionuclide. Goetsch et al. (32) have described an interpolative 
method of obtaining exposure calibration factor for the chamber. For 192Ir, the calibration fac-
tor is obtained by interpolating between factors for 137Cs and 250 kVp x-rays. Ezzell (33) has 
described a method of interpolating chamber factors for 60Co with a buildup cap and 250 kVp 
without a cap to obtain chamber factor for 192Ir. Until the NIST develops a direct method of 
chamber calibration with 192Ir, the AAPM (29) recommends this interpolative technique.

17.7. COMMISSIONING 

Most equipment is ready for clinical use after acceptance testing. However, some equipment 
requires additional data before it can be used in conjunction with patient treatments. For exam-
ple, a linear accelerator cannot be used for patient treatments until it has been calibrated and all 
the beam data and necessary parameters for treatment planning have been obtained. These data 
are then input into a treatment-planning computer in accordance with the software requirements. 
The computer-generated dose distributions are checked against measured data and/or manually 
calculated distributions. After all the necessary beam data have been acquired and adopted to the 
treatment-planning system, the machine can be released or commissioned for clinical use.

Commissioning of a linear accelerator is the responsibility of the medical physicist. The 
machine should not be used for patient treatments until the physicist has declared it commis-
sioned. Because of different beam modalities and energies, it may not be possible to commission 
the machine in one step. For example, commissioning may be done for photon beams while data 
are being acquired on electron beams. However, because commissioning takes long periods for 
machine use and apparatus setup, it is better not to release the machine for clinical use until all 
the commissioning has been completed.

A. LINEAR ACCELERATOR

Table 17.7 gives a list of typical data that are required for commissioning a linear accelerator. 
Details of various measurement procedures have been discussed in the previous chapters. Com-
missioning is complete only after the beam data have been input into the treatment-planning 
computer and the computer-generated dose distributions have been checked.

AAPM Task Group 106 has reported in detail on the equipment and procedures required to 
appropriately commission a linear accelerator (34). Some important considerations regarding 
these measurements are discussed below.

A.1. Central Axis Depth Dose Tables

The percent depth–dose and tissue–phantom ratio (TPR)/tissue–maximum ratio (TMR) tables 
may be prepared manually by interpolation of the measured data or generated by the computer. 
The measured and the computer-generated depth dose distributions for all clinically used depths 
and field sizes should agree within ±2% (preferably ±1%).

A.2. Isodose Curves

The measured and computer-generated isodose curves should agree within ±2% in the central 
part of the field (e.g., up to about 1 cm inside the field edge) and within about 2 mm in the 
penumbra region (e.g., between 90% and 20% decrement lines). The same criteria apply to 
the wedge isodose curves, except that the computer algorithms usually are not as accurate near 
the thin edges of the wedges. Also, some algorithms may not accurately calculate the beam-
hardening correction, which needs to be applied as a function of depth and field size.

A.3. Monitor Unit Calculations

Calculation of monitor units to deliver a certain dose at a point at depth on the central axis (e.g., 
isocenter) requires a number of dosimetric quantities measured as part of commissioning. A final 
check of the formalism (Chapter 10) should be made to ascertain that doses can be accurately 
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Data Description

Calibration Dose per monitor unit calibration of all modalities and energies according to current protocol

Depth dose Central axis depth dose distribution for all modalities and energies, sufficient number of field 
sizes to allow interpolation of data and all available electron cones

Profiles transverse, longitudinal, and diagonal dose profiles for all modalities and energies at dmax  
for electrons and selected depths for photons (e.g., dmax, 5, 10, and 20 cm); all cones for 
electrons and selected field sizes for photons (e.g., 5 × 5, 10 × 10, and 40 × 40 cm2)

Isodose 
 distribution

Isodose curves for all modalities and energies, all cones for electrons and selected field sizes 
for photons (e.g., 5 × 5, 10 × 10, 40 × 40 cm2), all wedge filters for selected field sizes  
(e.g., 5 × 5, 10 × 10 cm2, maximum)

Output factors Sc,p, Sc, and Sp factors as a function of field size for all photon energies: output factors for all 
electron energies, cones, and standard inserts; tray transmission factors and wedge  
transmission factors

Off-axis ratios a table of off-axis ratios for all photon energies as a function of distance from central axis; 
these data may be obtained from dose profiles for a 5 × 40-cm field at selected depths 
(e.g., dmax, 5, 10, 20 cm)

Inverse square 
law

Verification of inverse square law for all photon energies, virtual source position for all  
electron energies, and effective SSD for all electron energies and cones

tissue-phantom 
ratios

Direct measurement of tPrs/tMrs for all photon energies and selected field sizes  
(e.g., 5 × 5, 10 × 10, 40 × 40 cm) and depths (5, 10, 30 cm) for verification of values  
calculated from percent depth doses

Surface and 
buildup dose

For all photon energies and selected field sizes (5 × 5, 10 × 10, 30 × 30, and 40 × 40 cm2), 
percent surface dose for all electron energies for a 10 × 10-cm cone

treatment- 
planning 
system

Beam data input, generation, and verification of central axis percent depth dose and tPr/
tMr tables; sample isodose curves (e.g., 5 × 5, 10 × 10, maximum) for unwedged, wedged, 
asymmetric, and blocked fields; sample isodose curves for multiple field plans using rectan-
gular and elliptical contours; electron beam depth dose data; isodose curves for all cones 
and sample isodose curves on rectangular and circular contours

Special 
 dosimetry

Data for special techniques such as total body irradiation, total skin irradiation, stereotactic 
radiosurgery, intraoperative electron therapy, etc.

SSD, source to surface distance; tMr, tissue–maximum ratio; tPr, tissue–phantom ratio.

delivered at a point for a given energy, field size, and depth. It is important to establish the accuracy 
of the relationship between calibration and the dose to be delivered at any point in the patient.

A.4. MLC

TG-50 recommends the following commissioning procedures for the MLC. For details see the 
AAPM Report No. 72 (12).

transmission. The average leaf and interleaf transmission should be less than 2%.

Central axis dePth dose. The central axis beam data (e.g., percent depth doses, TMRs, 
 output factors) for MLC-generated fields should be spot-checked to show agreement with the 
 corresponding data for conventional collimators. Any discrepancies should be investigated and 
explained.

PenumBra. Dose distribution profiles of MLC-generated fields and conventional collimators 
should be compared, including profiles of both the symmetric and asymmetric fields. Treatment 
planning data (e.g., off-axis ratios, penumbra) may be augmented with the data measured with 
the MLC.

B. TREATMENT-PLANNING COMPUTER SYSTEM

Acceptance testing and commissioning of the treatment-planning computer system have been 
discussed by a number of reports (35–39). Procedures have been described for testing both hard-
ware and software. The hardware tests include, but are not limited to, checking the accuracy and 
linearity of input digitizers, output plotters, and printers. The software tests pertain to checking 

TABLE 17.7     Commissioning Data for a Linear Accelerator
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the accuracy of dose distributions for a selected set of treatment conditions against measured 
distributions or manual calculations.

Another important aspect of commissioning of a treatment-planning computer is the algo-
rithm verification—its accuracy, precision, limitations, and special features. It is imperative 
for the user to understand the algorithm as it pertains to beam generation, normalization, 
beam weights, contour corrections, field blocking, off-axis distribution, asymmetric collima-
tion, tissue heterogeneities, wedged beams, blocked wedged beams, and so on. It is the respon-
sibility of the medical physicist to oversee proper use of the system and interpretation of the 
treatment plan.

Brachytherapy software commissioning includes testing of the linear source and seed pro-
grams. Dose distributions around individual sources should be generated and compared with 
published tables. An agreement of ±2% in dose rates and published tables is acceptable, exclud-
ing anisotropy or extreme oblique filtration conditions. Special attention should be directed to 
the units of source strength, filtration, tissue attenuation, source anisotropy, and other relevant 
features of the program that affect the accuracy of dose distribution or the interpretation of the 
treatment plan. Multiple source distributions should be checked by manual calculations for typi-
cal intracavitary and interstitial implant conditions.

17.8. PERIODIC QUALITY ASSURANCE 

A periodic quality assurance program is designed to maintain the system within its acceptable 
performance standards. The program is usually designed to conduct tests similar to acceptance 
testing on a regular basis. The type and frequency of testing are dictated primarily by the prob-
ability of occurrence of a particular performance error, its clinical impact, and the time required 
for performing the test. Because the amount of testing required to make the equipment abso-
lutely error proof is unlimited, practical and logistic considerations play an important part in 
designing a periodic QA program. The guiding principle is to follow national or international 
standards if they exist. If formal standards do not exist, the institution should design its own 
program by consulting relevant literature, manufacturers’ manuals, and other equipment users. 
Moreover, a QA program should be reviewed on a regular basis (e.g., annually) to incorporate 
ideas from new protocols, the user’s experience, and the experience of other users.

A. LINEAR ACCELERATOR

Periodic quality assurance for linear accelerators has been discussed by the AAPM TG-40 (40) 
and TG-142 (10). Institutions should carry out their program at the recommended frequency 
to maintain conformity with the national standards. Some tests or their frequency may have to 
be modified to take into account certain unique characteristics of a given accelerator. However, 
these modifications should be made with the intention of improving the QA program rather than 
cutting corners.

All QA measurements must be entered in log books. This is important not only in following 
machine performance over the years, but also because it is a legal record that documents the 
operational health of the machine for any time in which patients were treated.

A procedure must be in place to deal with incidents in which significant deviation in the 
machine performance is noted. For example, if output calibration (dose/MU) changes suddenly, 
this should be investigated thoroughly before calibration pots are adjusted to bring the machine 
into correct calibration. Checks with another dosimeter system and/or by another physicist may 
be necessary to verify the change. Changes in output calibration can also occur due to detuning 
of the machine or changes in beam flatness. All these factors should be checked before adjusting 
the calibration. If the calibration change is unusually large (beyond an occasional drift), the mat-
ter should be thoroughly investigated and discussed with the manufacturer. Monitor chambers 
could get unsealed, which could cause calibration to change. In short, the QA program must 
be designed so that significant changes in machine performance receive prompt attention and 
investigation to determine the cause of the malfunction.

Tables 17.8A,B,C are based on the AAPM TG-142-recommended list of various tests, the fre-
quency with which they should be performed, and the acceptable limit of variation. The annual 
full calibration should include output calibration in accordance with the current protocol, cen-
tral axis depth–dose curves for selected field sizes, beam profiles at selected depths and field sizes, 
output factors, check of inverse square law, tray factors, wedge factors, and other parameters 
that are not covered in the tests on a more frequent basis.

Table 17.9 is for the MLC quality assurance as recommended by the AAPM Task Group 50 (12).
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Machine-type tolerance

Procedure Non-IMRT IMRT SRS/SBRT

Dosimetry
X-ray output constancy (all energies)
Electron output constancy (weekly, except for machines with 

unique e-monitoring requiring daily)
3%

Mechanical
Laser localization
Distance indicator (ODI) @ iso
Collimator size indicator

2 mm
2 mm
2 mm

1.5 mm
2 mm
2 mm

1 mm
2 mm
1 mm

Safety
Door interlock (beam off )
Door closing safety
audiovisual monitor(s)
Stereotactic interlocks (lockout)
radiation area monitor (if used)
Beam on indicator

Na

Functional
Functional
Functional
Na
Functional
Functional

Functional

IMrt, intensity-modulated radiation therapy; SrS/SBrt, stereotactic radiosurgery/stereotactic radiation therapy.
(From american association of Physicists in Medicine. task Group 142 report: Quality assurance of Medical  accelerators. Med Phys. 2009;36:4197-4212, 
with permission.)

Machine-type tolerance

Procedure Non-IMRT IMRT SRS/SBRT

Dosimetry
X-ray output constancy
Electron output constancy
Backup monitor chamber constancy
typical dose ratea output constancy

Photon beam profile constancy
Electron beam profile constancy
Electron beam energy constancy

Na

2%

2% (@ IMrt dose rate)

1%
1%
2%/2 mm

2% (@ stereo dose 
rate, MU)

Mechanical
Light/radiation field coincidenceb

Light/radiation field coincidenceb (asymmetric)
Distance check device for lasers compared with front pointer
Gantry/collimator angle indicators (@ cardinal angles)  

(digital only)
accessory trays (i.e., port film graticle tray)
Jaw position indicators (symmetric)c

Jaw position indicators (asymmetric)d

Cross-hair centering (walkout)
treatment couch position indicatorse

Wedge placement accuracy
Compensator placement accuracyf

Latching of wedges, blocking trayg

Localizing lasers

2 mm/1°

±2 mm

2 mm or 1% on a side
1 mm or 1% on a side
1mm
1.0°

2 mm
2 mm
1 mm
1 mm
2 mm/1°
2 mm
1 mm
Functional
±1 mm

1 mm/0.5°

<±1 mm

Safety
Laser guard-interlock test Functional

Respiratory gating
Beam output constancy
Phase, amplitude beam control
In-room respiratory monitoring system
Gating interlock

2%
Functional
Functional
Functional

(continued)

TABLE 17.8A    Linear Accelerator Quality Assurance: Daily

TABLE 17.8B   Linear Accelerator Quality Assurance: Monthly
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Machine-type tolerance

Procedure Non-IMRT IMRT SRS/SBRT

Dosimetry
X-ray flatness change from baseline
X-ray symmetry change from baseline
Electron flatness change from baseline
Electron symmetry change from baseline
SrS are rotation mode (range: 0.5–10 MU/deg)

X-ray/electron output calibration (tG-51)
Spot check of field size dependent output factors 

for x-ray (two or more FSs)
Output factors for electron applicators (spot check 

of one applicator/energy)
X-ray beam quality (PDD10 or tMr20

10)
Electron beam quality (R50)
Physical wedge transmission factor constancy
X-ray monitor unit linearity (output constancy)
Electron monitor unit linearity (output constancy)
X-ray output constancy vs. dose rate
X-ray output constancy vs. gantry angle
Electron output constancy vs. gantry angle
Electron and x-ray off-axis factor constancy vs. 

gantry angle
arc mode (expected MU, degrees)
tBI/tSEt mode
PDD or tMr and OaF constancy

tBI/tSEt output calibration
tBI/tSEt accessories

Na

±2% ≥5 MU

1%
±1%
1%
±1%
Na

±1% (absolute)
2% for field size <4 × 4 cm2, 

1% ≥4 × 4 cm2

±2% from baseline

±1% from baseline
±1 mm
±2%
±5% (2–4 MU), ±2% ≥5 MU
±2% ≥5 MU
±2% from baseline
±1% from baseline
±1% from baseline
±1% from baseline

±1% from baseline
Functional
1% (tBI) or 1 mm PDD shift 

(tSEt) from baseline
2% from baseline
2% from baseline

Monitor units set vs. delivered: 
1.0 MU or 2% (whichever is 
greater)

Gantry are set vs. delivered: 1.0° 
or 2% (whichever is greater)

±5% (2–4 MU), ±2% ≥5 MU

Mechanical
Collimator rotation isocenter
Gantry rotation isocenter
Couch rotation isocenter
Electron applicator interlocks
Coincidence of radiation and mechanical isocenter
table top sag
table angle
table travel maximum range movement in all 

directions
Stereotactic accessories, lockouts, etc.

±2 mm from baseline

Na

±1 mm from baseline
±1 mm from baseline
±1 mm from baseline
Functional
±2 mm from baseline
2 mm from baseline
1°
±2 mm

Na

±1 mm from baseline

Functional

Safety
Follow manufacturer’s test procedures Functional

(continued)

TABLE 17.8B    Linear Accelerator Quality Assurance: Monthly (continued)

TABLE 17.8C    Linear Accelerator Quality Assurance: Annual

aDose monitoring as a function of dose rate.
bLight/radiation field coincidence need only be checked monthly if light field is used for clinical setups.
ctolerance is summation of total for each width or length.
dasymmetric jaws should be checked at settings of 0.0 and 10.0.
eLateral, longitudinal, and rotational.
fCompensator-based IMrt (solid compensators) require a quantitative value for tray position (wedge or blocking tray slot) set at a maximum 
 deviation of 1.0 mm from the center of the compensator tray mount and the cross hairs.
gCheck at collimator/gantry angle combination that places the latch toward the floor.
IMrt, intensity-modulated radiation therapy; SrS/SBrt, stereotactic radiosurgery/stereotactic radiation therapy.
(From american association of Physicists in Medicine (aaPM). task Group 142 report: Quality assurance of Medical accelerators. Med Phys. 
2009;36:4197-4212, with permission.)
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Frequency Test Tolerance

Patient specific Check of MLC-generated field vs. simulator film (or 
Drr) before each field treated

2 mm

Double check of MLC field by therapists for each 
fraction

Expected field

On-line imaging verification for patient on each 
infraction

Physician discretion

Port film approval before second fraction Physician discretion

Quarterly Setting vs. light field vs. radiation field for two 
 designated patterns

1 mm

testing of network system Expected fields over network

Check of interlocks all must be operational

annually Setting vs. light vs. radiation field for patterns over 
range of gantry and collimator angles

1 mm

Water scan of set patterns 50% radiation edge within 1 mm

Film scans to evaluate interleaf leakage and abutted 
leaf transmission

Interleaf leakage <3%, abutted 
leakage <25%

review of procedures and in-service with therapists all operators must fully under-
stand operation and procedures

Drr, digitally reconstructed radiograph; MLC, multileaf collimator.
(reproduced from american association of Physicists in Medicine. Basic Applications of Multileaf Collimators: Report 
of the Task Group 50 of the Radiation Therapy Committee of the American Association Physicist in Medicine. aaPM report 
No. 72. Madison, WI: Medical Physics Publishing; 2001, with permission.)

B. COBALT-60 UNIT

Quality assurance of cobalt-60 teletherapy should be similar to that of a linear accelerator 
except that some aspects of the QA are mandated by the Nuclear Regulatory Commission (41). 
Table 17.10 contains the NRC requirements as well as recommendations by the AAPM. Greater 
details on this subject are provided by the American National Standards Institute (ANSI) (42).

As discussed in Chapter 16, the NRC requires full calibration of a teletherapy unit: (a) before 
the first medical use of the unit; (b) whenever spot-check measurements differ by more than 5% 
from the output at the last full calibration, corrected for radioactive decay; (c) following replace-
ment of the source or relocation of the unit; (d) following repairs that could affect the source 
exposure assembly; and (e) at intervals not exceeding 1 year.

The NRC requirements for full calibration checks include (a) output being within ±3% for 
the range of field sizes and distances used clinically, (b) coincidence of radiation and light fields, 

Machine-type tolerance

Procedure Non-IMRT IMRT SRS/SBRT

Respiratory gating
Beam energy constancy
temporal accuracy of phase/amplitude gate on
Calibration of surrogate for respiratory phase/

amplitude
Interlock testing

2%
100 ms of expected
100 ms of expected

Functional

IMrt, intensity-modulated radiation therapy; OaF, off axis factor; PDD, percent depth dose; SrS/SBrt, stereotactic radiosurgery/stereotactic  
radiation therapy; tBI, total body irradiation; tMr, tissue–maximum ratio; tSEt, total skin electron therapy.
(From american association of Physicists in Medicine (aaPM). task Group 142 report: Quality assurance of Medical accelerators. Med Phys. 
2009;36:4197-4212, with permission.)

TABLE 17.8C    Linear Accelerator Quality Assurance: Annual (continued)

TABLE 17.9   Multileaf Collimation Quality Assurance
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Frequency Procedure Tolerancea

Daily Safety
 Door interlock
 radiation room monitor
 audiovisual monitor
Mechanical
 Lasers
 Distance indicator (ODI)

Functional
Functional
Functional

2 mm
2 mm

Weekly Check of source positioning 3 mm

Monthly Dosimetry
 Output constancy
Mechanical checks
 Light/radiation field coincidence
 Field size indicator (collimator setting)
 Gantry and collimator angle indicator
 Cross-hair centering
Latching of wedges, trays
Safety interlocks
 Emergency off
Wedge interlocks

2%

3 mm
2 mm
1°
1 mm
Functional

Functional
Functional

annual Dosimetry
 Output constancy
 Field size dependence of output constancy
 Central axis dosimetry parameter constancy (PDD/tar)
 transmission factor constancy for all standard accessories
 Wedge transmission factor constancy
 timer linearity and error
 Output constancy vs. gantry angle
Beam uniformity vs. gantry angle
Safety interlocks
 Follow test procedures of manufacturers
Mechanical checks
 Collimator rotation isocenter
 Gantry rotation isocenter
 Couch rotation isocenter
 Coincidence of collimator, gantry, couch axis with isocenter
 Coincidence of radiation and mechanical isocenter
 tabletop sag
 Vertical travel of table
 Field-light intensity

2%
2%
2%
2%
2%
1%
2%
3%

Functional

2 mm diameter
2 mm diameter
2 mm diameter
2 mm diameter
2 mm diameter
2 mm
2 mm
Functional

ODI, optical distance indicator; PDD, percent depth dose; tar, tissue–air ratio.
athe tolerances listed in the tables should be interpreted to mean either that (a) if a parameter either exceeds the 
tabulated value (e.g., the measured isocenter under gantry rotation exceeds 2 mm diameter) or (b) the change in the 
parameter exceeds the nominal value (e.g., the output changes by more than 2%), then an action is required. the 
distinction is emphasized by the use of the term constancy for the latter case. Moreover, for constancy, percent values 
are ± the deviation of the parameter with respect to its nominal value; distances are referenced to the isocenter or 
nominal source to surface distance.
(From american association of Physicists in Medicine (aaPM). Comprehensive Qa for radiation oncology: report of 
the aaPM radiation therapy Committee task Group 40. Med Phys. 1994;21:581-618, with permission.)

(c) uniformity of radiation field and its dependence on the orientation of the radiation field, 
(d) timer constancy and linearity over the range of use, (e) on-off error, and (f) accuracy of all 
distance measuring and localization devices in medical use.

C. RADIOGRAPHIC SIMULATOR

Geometric accuracy of a radiographic simulator must be comparable with that of the linear 
accelerator. Therefore, the simulator is subjected to the same QA checks as the accelerator except 
for the checks related to the image quality of the former and the dosimetry of the later. A formal 
periodic QA program for simulators has been proposed by the AAPM (40), which contains spe-
cific recommendations on the subject (Table 17.11).

TABLE 17.10    Periodic Quality Assurance of Cobalt-60 Units
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D. CT SIMULATOR

A QA program for a CT simulator is detailed by the AAPM Task Group No. 66 (43). Periodic 
tests are recommended daily, monthly, and annually. Table 17.12A outlines tests for electrome-
chanical components (e.g., lasers, table, gantry, and scan localization). Test specifications for 
image performance evaluation (e.g., CT number vs. electron density, image noise, and spatial 
resolution) are listed in Table 17.12B. The reader is referred to the original document for details 
of these tests and the related Task Group recommendations.

17.9. RISK ASSESSMENT IN RADIATION THERAPY 

In recent years, the rapid introduction of new technology into the clinic and the associated rec-
ommended QA tests has dramatically increased the physicist’s QA responsibilities. Given the 
limitation in physics resources, this added demand of physics time places a greater strain on safe 
operation. Additionally, these added QA responsibilities reduce the physicist’s ability to contrib-
ute in other areas of clinical operations, which may ultimately reduce the quality of patient care.

The selection of appropriate tests in a QA program should be made to reduce the probability 
of significant errors. Traditionally these tests have been recommended by national organizations 
(e.g., AAPM Task Groups) based on a consensus view of institutions with the most experience 
with the technology. However, not all of these tests are appropriate for every clinic. For example, 
a linear accelerator which is dedicated for IMRT delivery should not require monthly light field 
alignment verification tests.

An ideal QA program would design tests specific to the clinical protocols in place at any indi-
vidual clinic. The development of these tests would be made after consideration of the processes 
in place in the clinic. A process map or process tree is an illustration of the steps involved in a 
procedure which are subject to potential errors. Process maps can range from simple to complex, 
depending on the level of detail included in the tree. An example of a complex process map is 
shown in Figure 17.10, which shows a clinical procedure for the use of DRRs (44). This figure 
represents only a part of a larger process map describing the external beam radiotherapy proce-
dure in place at Johns Hopkins in 2006.

Frequency Procedure Tolerancea

Daily Localizing lasers
Distance indicator (ODI)

2 mm
2 mm

Monthly Field size indicator
Gantry/collimator angle indicators
Cross-hair centering
Focal spot-axis indicator
Fluoroscopic image quality
Emergency/collision avoidance
Light/radiation field coincidence
Film processor sensitometry

2 mm
1°
2 mm diameter
2 mm
Baseline
Functional
2 mm or 1%
Baseline

annual Mechanical checks
 Collimator rotation isocenter
 Gantry rotation isocenter
 Couch rotation isocenter
  Coincidence of collimator, gantry, couch axes, and  

 isocenter
 tabletop sag
 Vertical travel of couch
radiographic checks
 Exposure rate
 tabletop exposure with fluoroscopy
 kVp and mas calibration
 High- and low-contrast resolution

2 mm diameter
2 mm diameter
2 mm diameter
2 mm diameter

2 mm
2 mm

Baseline
Baseline
Baseline
Baseline

ODI, optical distance indicator.
a the tolerances mean that the parameter exceeds the tabulated value (e.g., the measured isocenter under gantry 
rotation exceeds 2 mm diameter).

(From american association of Physicists in Medicine (aaPM). Comprehensive Qa for radiation oncology: report of 
the aaPM radiation therapy Committee task Group 40. Med Phys. 1994;21:581-618, with permission.)

TABLE 17.11    Periodic Quality Assurance of Radiographic Simulators
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Performance Parameter Test Objective Frequency Tolerance Limits

alignment of gantry lasers with 
the center of imaging plane

Orientation of gantry lasers with 
respect to the imaging plane

Spacing of lateral wall lasers 
with respect to lateral gantry 
lasers and scan plane

Orientation of wall lasers with 
respect to the imaging plane

Orientation of the ceiling laser 
with respect to the imaging 
plane

Orientation of the Ct scanner 
tabletop with respect to the 
imaging plane

table vertical and longitudinal 
motion

table indexing and position

Gantry tilt accuracy

Gantry tilt position accuracy

Scan localization

radiation profile width

Sensitivity profile width

Generator tests

to verify proper identification of scan 
plane with gantry lasers

to verify that the gantry lasers are parallel 
and orthogonal with the imaging plane 
over the full length of laser projection

to verify that lateral wall lasers are accurately 
spaced from the scan plane. this distance 
is used for patient localization marking

to verify that the wall lasers are parallel 
and orthogonal with the imaging plane 
over the full length of laser projection

to verify that the ceiling laser is orthogo-
nal with the imaging plane

to verify that the Ct scanner tabletop is 
level and orthogonal with the imaging 
plane

to verify that the table longitudinal 
 motion according to digital indicators is 
accurate and reproducible

to verify table indexing and position 
 accuracy under scanner control

to verify accuracy of gantry tilt indicators

to verify that the gantry accurately 
 returns to nominal position after tilting

to verify accuracy of scan localization 
from pilot images

to verify that the radiation profile width 
meets manufacturer specifications

to verify that the sensitivity profile width 
meets manufacturer specifications

to verify proper operation of the x-ray 
 generator recommendations

Daily

Monthly and after laser 
adjustments

Monthly and after laser 
adjustments

Monthly and after laser 
adjustments

Monthly and after laser 
adjustments

Monthly or when daily laser 
quality assurance tests 
 reveal rotational problems

Monthly

annually

annually

annually

annually

annually [this test is  optional 
if the Communications 
test Design Inc. (CtDI) 
 accuracy has been verified]

Semiannually

after replacement of major 
generator component

±2 mm

±2 mm over the length of 
laser projection

±2 mm

±2 mm over the length of 
laser projection

±2 mm over the length of 
laser projection

±2 mm over the length and 
width of the tabletop

±1 mm over the range of 
table motion

±1 mm over the scan range

±1° over the gantry tilt range

±1° or ±1 mm from nominal 
position

±1 mm over the scan range

Manufacturer  specifications

±1 mm of nominal value

Manufacturer  specifications 
or report No. 39

aDepending on the goals and prior clinical experience of a particular Ct simulation program, these tests, frequencies, and tolerances may be 
 modified by the medical physicist.
(reproduced from Mutic S, Palta Jr, Butker EK, et al. Quality assurance for computed-tomography simulators and the computed-simulation process: 
report of the aaPM radiation therapy Committee task Group No. 66. Med Phys. 2003;2762-2792, with permission.)

TABLE 17.12A          Computed Tomography (CT) Simulator: Test Specifications for Electromechanical Componentsa

TABLE 17.12B          Computed Tomography (CT) Simulator: Test Specifications for Image Performance  
Evaluationa

Performance Parameter Frequency Tolerance Limits

Ct number accuracy Daily—Ct number for water
Monthly—four to five different materials
annually—electron density phantom

For water, 0 ± 5 HU

Image noise Daily Manufacturer specifications

In plane spatial integrity Daily—X or Y direction
Monthly—both directions

±1 mm

Field uniformity Monthly—most commonly used kVp
annually—other used kVp settings

within ±5 HU

Electron density to Ct number 
conversion

annually—or after scanner calibration Consistent with commissioning results and test 
 phantom manufacturer specifications

Spatial resolution annually Manufacturer specifications

Contrast resolution annually Manufacturer specifications

aDepending on the goals and prior clinical experience of a particular Ct simulation program, these tests, frequencies, and tolerances may be 
 modified by the medical physicist.
(reproduced from Mutic S, Palta Jr, Butker EK, et al. Quality assurance for computed-tomography simulators and the computed-simulation process: 
report of the aaPM radiation therapy Committee task Group No. 66. Med Phys. 2003;2762-2792, with permission.)
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Figure 17.10. Example of a process map highlighting the production and handling of digitally reconstructed 
 radiographs (Drrs) in the radiation treatment planning process. EPID, electron portal imaging device; r&V, record and 
verify. (redrawn from Ford EC, Gaudette r, Myers L, et al. Evaluation of safety in a radiation oncology setting using failure 
mode and effects analysis. int J Radiat Oncol Biol Phys. 2009;74:852-858.) 
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Total body irradiation (TBI) with megavoltage photon beams is most commonly used as part 
of the conditioning regimen for bone marrow transplantation, which is used in the treatment of 
a variety of diseases such as leukemia, aplastic anemia, lymphoma, multiple myeloma, autoim-
mune diseases, and inborn errors of metabolism. The role of TBI is to destroy the recipient’s bone 
marrow and tumor cells, and to immunosuppress the patient sufficiently to avoid rejection of 
the donor bone marrow transplant. Usually the patient undergoes a chemotherapy conditioning 
program before the TBI and bone marrow transplant. Although chemotherapy alone can be used 
as a conditioning regimen, addition of TBI is considered beneficial for certain diseases and clini-
cal conditions. For example, TBI allows the delivery of a homogeneous dose to the entire body 
including “sanctuary areas” for tumor cells where chemotherapy may not be effective. Also, 
selected parts of the body (e.g., lungs, kidneys, head) can be shielded from radiation, if desired.

18.1. TECHNIQUES AND EQUIPMENT 

Numerous techniques have been used to deliver TBI. Details of some of the commonly used 
techniques and the associated dosimetry are discussed in the literature (1–5). The choice of a par-
ticular technique depends on the available equipment, photon beam energy, maximum possible 
field size, treatment distance, dose rate, patient dimensions, and the need to selectively shield 
certain body structures. An anteroposterior (AP)/posteroanterior (PA) technique generally pro-
vides a better dose uniformity along the longitudinal body axis, but the patient positioning, other 
than standing upright, may pose problems. Bilateral TBI (treating from the left and right side of 
the body) can be more comfortable to the patient if seated or lying down supine on a specially 
designed TBI couch, but presents greater variation in body thickness along the path of the beam. 
Compensators are, therefore, required to achieve dose uniformity along the body axis to within 
±10%, although extremities and some noncritical structures may exceed this specification.

A. BEAM ENERGY

Cobalt-60 beams were used in the early days to deliver TBI, especially for protocols involving a 
low dose rate of 5 to 10 cGy/min. A review of these techniques and the modifications required 
to achieve large homogeneous fields with these machines is summarized in the American Asso-
ciation of Physicists in Medicine (AAPM) Report No. 17 (3). Because the linear accelerator is 
the most commonly used equipment for radiation therapy, current TBI techniques have been 
adopted for linacs. The choice of photon beam energy is dictated by patient thickness and the 
specification of dose homogeneity. In addition to the thickness variation along the axis of the 
patient, the patient thickness along the path of beam also affects dose uniformity, depending 
on beam energy. As discussed in Chapter 11, Section 11.5A, the thicker the patient, the higher 
is the beam energy required to produce acceptable dose uniformity for parallel opposed fields. 
Figure 18.1 shows that the ratio of the maximum dose to the midline dose is a function of energy 
and patient thickness when parallel opposed beams are used. Not considering the initial dose 
buildup effect, it is seen that the higher the beam energy, the greater is the dose uniformity for 
patients of any thickness. If the maximum thickness of the patient parallel to the beam central 
axis is less than 35 cm and the source to surface dose (SSD) is at least 300 cm, a 6-MV beam can 
be used for parallel opposed TBI fields without increasing the peripheral dose to greater than 
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110% of the midline dose. For patients of thickness greater than 35 cm, energies higher than 6 
MV should be used to minimize the maximum dose (Dmax) to midplane dose ratio.

B. INITIAL DOSE BUILDUP

Surface or skin dose in megavoltage beams is substantially less than the dose at the point of 
maximum dose (Dmax), as has been discussed in Chapter 13, Section 13.3. The dose buildup char-
acteristics depend on many factors such as energy, field size, SSD, and beam angle relative to the 
surface. Dose buildup data obtained at normal SSDs (e.g., 100 cm) do not apply accurately at 
TBI distances (e.g., 400 cm) because of the longer distance and the intervening air (1). However, 
most TBI protocols do not require skin sparing. Instead, a bolus or a beam spoiler is specified to 
bring the surface dose to at least 90% of the prescribed TBI dose. A large spoiler screen of 1- to 
2-cm-thick acrylic is sufficient to meet these requirements, provided the screen is placed as close 
as possible to the patient surface.

C. PATIENT SUPPORT/POSITIONING DEVICES

Patient support and positioning devices are designed to implement a given treatment technique. 
Important criteria include patient comfort, stability, and reproducibility of setup and treatment 
geometry that allows accurate calculation and delivery of dose in accordance with the TBI pro-
tocol. The following techniques are currently in use at the University of Minnesota and are pre-
sented here as examples. The associated equipment has been designed to meet various protocol 
criteria, based principally on two techniques: AP/PA and bilateral.

C.1. Bilateral Total Body Irradiation

A technique involving left and right lateral opposing fields with the patient seated on a couch 
in a semifetal position was designed by Khan et al. (1). Basic treatment geometry is illustrated 
in Figure 18.2. A special TBI couch allows the patient to be seated comfortably with the back 
supported and legs semicollapsed as seen in Figure 18.3. The arms are positioned laterally to fol-
low the body contour and placed in contact with the body at the mid-AP thickness level. Care is 
taken to ensure that the arms shadow the lungs instead of the spinal column located posteriorly. 
The patient setup is recorded in terms of distances measured between external bony landmarks 
as shown in Figure 18.4. The source to body axis distance is measured by a sagittal laser light 
installed in the ceiling to mark the TBI distance. The laser light also helps to position the patient’s 
sagittal axis at right angles to the beam’s central axis.

Figure 18.1. a plot of the ratio of dose at dmax to that at the midplane as a function of patient thickness for a number 
of beam energies. the shaded region represents a 15% spread in the ratio. regions A and B represent the range of adult 
patient thickness in the anteroposterior and lateral directions, respectively. SSD, source to surface distance in centimeters. 
(From american association of Physicists in Medicine. The Physical Aspects of Total and Half Body Photon Irradiation. aaPM 
report No. 17. Colchester, Vt: aIDC; 1986, with permission.)

82453_ch18_p405-412.indd   406 1/7/14   4:46 PM



ChaPter 18 total Body Irradiation 407 

Total body irradiation
bilateral fields

AI compensator

411 cm

72 cm

Central axis

Shadow tray

Figure 18.2. Schematic diagram 
illustrating patient setup geometry 
for the bilateral total body irradiation 
technique. (From Khan FM, Williamson 
JF, Sewchand W, et al. Basic data for 
dosage calculation and compensation. 
Int J Radiat Oncol Biol Phys. 1980;6: 
745-751, with permission.)

Figure 18.3. Photograph demonstrating 
patient setup on the total body irradiation 
couch for the bilateral technique.

Figure 18.4. Patient positioning measurements. (From Khan FM, Kim th. total body irradiation. In: Paliwal Br, 
Griem ML, eds. Syllabus: A Categorical Course in Radiation Therapy. Oakbrook, IL: radiological Society of North america; 
1986:111-116, with permission.)
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The lateral body thickness along the patient axis varies considerably in the bilateral TBI 
technique. To achieve dose uniformity within ±10% along the sagittal axis of the body, com-
pensators are designed for head and neck, lungs (if needed), and legs. The reference thickness for 
compensation is the lateral diameter of the body at the level of the umbilicus (not including the 
arms), assuming that the protocol specifies dose prescription to be at the midpoint at the level of 
the umbilicus. Compensators can be designed out of any material, but at the University of Min-
nesota they are custom-made out of aluminum. A special tray and clamps are used to hold these 
compensators in place (Fig. 18.5). Field light is used to cast a shadow of the compensator onto 
the patient’s body. Alignment is checked using shadows of positioning pegs on the compensators 
and the patient’s reference bony landmarks.

C.2. AP/PA Total Body Irradiation

The patient is irradiated anteroposteriorly by parallel opposed fields while positioned in a stand-
ing upright position at the TBI distance. This technique was developed at the Memorial Sloan 
Kettering Hospital in New York (6). Details of the technique and the modifications made to it to 
accommodate shielding of specific organs such as the lungs, kidneys, and brain are described by 
Dusenbery and Gerbi (5). The principle of the technique is that the standing TBI allows shielding 
of certain critical organs from photons and boosting of superficial tissues in the shadow of the 
blocks with electrons. For example, dose to the lungs can be reduced using lung blocks of about 
one half-value thickness and the chest wall under the blocks can be boosted with electrons of 
appropriate energy. For a special group of patients treated for inborn error of metabolism such as 
Hurler syndrome, adrenoleukodystrophy, and metachromatic leukodystrophy, TBI can be deliv-
ered AP/PA with the head turned sideways and the brain shielded with five half-value-layer blocks. 
The shielded skull area is then boosted with electrons of appropriate energy to spare the brain.

The AP/PA technique can also be adopted for treating small children in the reclining position. 
The patient is treated in the supine and posterior positions while lying down on a low-height 
couch, with the couch top only a few inches off the floor. The shielding blocks are placed on 
top of an acrylic box tray at a short distance from the patient’s surface. The tray, which is about 
1 cm thick, also acts as a beam spoiler to build up the skin dose to at least 90% of the prescrip-
tion dose when treated with parallel opposed TBI fields. Figures 18.6 and 18.7 show the AP/PA 
technique for standing and reclining TBI, respectively.

D. DOSIMETRY DATA

Details of machine calibration, dosimetry, and monitor unit calculation for TBI have been dis-
cussed in the literature (1–5). A direct output calibration of the machine for TBI may be per-
formed by measuring dose per monitor unit using a 0.6-cm3 Farmer-type ionization chamber 
placed in a water phantom of dimensions approximately 40 × 40 × 40 cm3. The position of 
the chamber is fixed at the TBI distance (source to body axis distance). The collimator is opened 
to its maximum size and the chamber depth is varied by moving the chamber and the phantom 
while keeping the source to chamber distance constant (equal to TBI distance). A table of output 
factors (dose per monitor unit) is generated as a function of depth that can be used to calculate 
monitor units for a patient of given midline depth at the prescription point. It is assumed in this 

Figure 18.5. Photograph of total 
body irradiation (tBI) compensators in 
actual use. Compensation pieces are 
mounted on the tBI tray inserted into 
head of the machine.
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case that the patient is dosimetrically equivalent to the phantom, which is not a bad approxima-
tion considering the fact that tissue maximal ratios (TMRs) for large fields (e.g., >30 × 30 cm2) 
are not very sensitive to field dimensions. Additionally, AAPM Report 17 contains multiplicative 
correction factors to adjust data measured in limited phantom sizes to data for larger (or infinite) 
phantom conditions (3).

Alternative to direct output factor measurements is the calculation formalism based on 
TMRs, Sc, Sp, and the inverse square law factor (see Chapter 10). The basic equation to calculate 
dose per monitor unit (D/MU) to be delivered at the prescription point is

 D/MU = k ⋅ TMR (d, re) ⋅ Sc (rc) ⋅ Sp (re) ⋅ ( f / f ′)
2 ⋅ OAR (d ) ⋅ TF (18.1)

where D is dose in cGy, k is 1 cGy/MU under reference calibration conditions, TMR is the 
tissue-maximum ratio at depth d and field size equivalent to the patient (re), Sc is the collimator 
scatter factor for the field size projected at isocenter (rc), Sp is the phantom scatter factor for the 
patient-equivalent field size (re), f is the source to calibration point distance, f ′ is the source to 
patient axis distance at the prescription point, OAR is the off-axis ratio at depth d, and TF is the 
transmission factor for the block tray, beam spoiler, or any other absorber placed between the 
machine diaphragm and the patient.

Figure 18.6. Patient in the standing total body 
irradiation (tBI) position with the head turned sideways 
for shielding of the brain. a five half-value-layer Cer-
robend block is mounted on an acrylic plate attached to 
the tBI stand. (From Dusenbery Ke, Gerbi BJ. total body 
irradiation in conditioning regimens for bone marrow 
transplantation. In: Levitt Sh, Khan FM, Potish ra, et al., 
eds. Technological Basis of Radiation Therapy. Philadelphia, 
Pa: Lippincott Williams & Wilkins; 1999:499-518, with 
permission.)

Figure 18.7. Pediatric patient in the 
reclining total body irradiation position 
on the floor. the legs are placed in the 
“frog-legged” position to cover the 
entire patient in the radiation field with 
 adequate margins. Brain-sparing shield-
ing block is placed on top of an acrylic 
tray to shadow the central part of the 
skull with the head turned sideways.
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The equivalent field at the point of calculation means that it is dosimetrically equivalent to the 
patient in terms of scatter. In theory, one could determine equivalent field by doing Clarkson inte-
gration (see Chapter 9) of a scatter function [e.g., scatter-air ratio (SAR) or scatter-maximum ratio 
(SMR)] at the point of calculation in the patient and comparing it with the average scatter func-
tion calculated at the same depth for a square field in a water phantom. Such calculations done 
for a standard Rando phantom exposed to a TBI field have been reported in the literature (7) and 
are presented in Table 18.1. For example, for the umbilicus point, the Rando phantom-equivalent 
field is 28 × 28 cm2 on average. Although patient dimensions vary, scatter factors are not too sen-
sitive to field size variation for large fields. Therefore, it is reasonable to use a fixed equivalent field 
size for TBI. A 40 × 40-cm field for large patients and a 30 × 30-cm field for pediatric patients 
seem to be reasonable approximations (within approximately ±2% of dose accuracy).

The TMR data obtained under standard conditions (at isocenter) must be checked for their 
validity at the TBI distance. In addition, the inverse square law factor must also be verified for the 
TBI distance. Alternatively, D/MU calculated by Equation 18.1 using standard TMRs, Sc, Sp, and 
inverse square law factors may be compared with directly measured output factors (D/MU) at the 
TBI distance. If the difference is within ±2%, Equation 18.1 may be used for TBI as it is used for 
regular isocentric treatments. Larger differences should be investigated and, if necessary, directly 
measured output factors at the TBI distance should be used.

E. COMPENSATOR DESIGN

Most TBI protocols require dose homogeneity along the body axis to be within ±10%. This 
requirement cannot be met without the use of compensators. General principles of compensator 
design have been discussed in Chapter 12. Compensator design for TBI is complicated because 
of large variation in body thickness, lack of complete body immobilization, and internal tissue 
heterogeneities. Considering only the lung inhomogeneity and change in body thickness, com-
pensators can be designed to deliver the dose within acceptable uniformity.

The design of TBI compensators is discussed in the literature (1,3,8). The thickness of com-
pensator required along a ray line depends on the tissue deficit compared to the reference depth 
at the prescription point, material of the compensator (e.g., its density), distance of the compen-
sator from the point of dose compensation, depth of the point of dose compensation, field size, 
and beam energy (see Chapter 12). Because the compensator is designed to be dosimetrically 
equivalent to a bolus (of thickness equal to the tissue deficit) but placed at a distance from the 
skin surface, the bolus-equivalent thickness of the compensator is reduced to compensate for 
reduction in scatter reaching the point of dose compensation. The required thickness of a tissue-
equivalent compensator that gives the same dose at the point of interest as would a bolus of 
thickness equal to the tissue deficit is called the thickness ratio (t) (9). The t depends on many 
variables, but for TBI an average value of 0.70 provides a good approximation for all beam 
energies and compensation conditions (1). The overall dosimetric accuracy of a compensator is 
approximately ±5% considering all variables (1,9).

Side of Equivalent Square (cm)

Photon Energy Head Neck Chest Umbilicus Hips

Co-60 17 22 31 30 28

4 MV 16 20 30 29 23

6 MV 18 23 29 27 26

10 MV 17 22 33 27 26

18 MV >18 >18 >18 >18 >18

Mean 17 22 31 28 26

Lateral dimension 15 12–16 31 27 31

equivalent length 19 30 31 29 20

tBI, total body irradiation.
(From Kirby ht, hanson WF, Cates Da. Verification of total body photon irradiation dosimetry techniques. Med Phys. 
1988;15:364, with permission.)

TABLE 18.1   Equivalent Field at Various Points of Calculation in a Random Phantom 
Irradiated with TBI Field Using Different Beam Energies
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The thickness of a compensator, tc, at any point in the field is given by

 tc = TD ⋅ (t / rc ) (18.2)

where TD is the tissue deficit and rc is the density of the compensator. Equation 18.2 gives com-
pensator thickness based on tissue deficit at a given point but does not take into account the 
cross-beam profile or off-axis ratio.

An alternative method of determining compensator thickness, tc, at any point in the field is 
based on the following equations (3):

 I / I0 = [T (AR, dR) / T (A, d )] ⋅ OARd (18.3)

and

 I / Io = exp (−meff tc) (18.4)

where Io and I are the doses administered before and after the compensator is added, respec-
tively; T (AR, dR) and T(A,d) are the tissue-phantom ratios or TMRs for the reference body 
section and the section to be compensated for equivalent fields AR and A at midline depths dR 
and d, respectively; OARd is the off-axis ratio at depth d relative to the prescription point; and 
meff is the effective linear attenuation coefficient for the compensator material measured under 
TBI conditions.

Depending on the tissue deficits encountered in a particular TBI technique, compensator 
material should be selected so that the compensator is not too bulky or of too high a density 
that small errors in machining would amount to large errors in dose. Because of these and other 
practical considerations, aluminum compensators are used at the University of Minnesota. The 
compensators are designed in two dimensions (varying in thickness only along the sagittal body 
axis) and are held in the beam by clamps attached to a compensator tray (Figs. 18.5 and 18.8).

Compensators can be designed to take into account not only tissue deficit, but also tissue 
inhomogeneities such as lungs. In the latter case, a bulk density correction is used to calculate 
radiologic path length through the inhomogeneity.

F. IN VIVO PATIENT DOSIMETRY

After a particular TBI technique has been established and commissioned for clinical use, it is 
recommended that an in vivo dosimetry check be performed on the first 20 or so patients. 
Thermoluminescent dosimeter (TLD) capsules or chips, surrounded by suitable buildup bolus, 
may be placed on the patient’s skin at strategic locations and doses measured for the actual 
treatments given. TLD results should be compared with expected doses, calculated by summing 
entrance and exit doses at the location of the TLDs and taking into account thickness variation, 
compensation, and off-axis ratios at the depth of TLDs. An agreement of ±5% between the cal-
culated and measured doses is considered reasonably good. An overall dose uniformity of ±10% 
is considered acceptable for most protocols.

Figure 18.8. Schematic diagram showing areas 
of compensation. (From Khan FM, Williamson JF, 
Sewchand W, et al. Basic data for dosage calcula-
tion and compensation. Int J Radiat Oncol Biol Phys. 
1980;6:745-751, with permission.)

Lateral dimensions of patient at shadow tray
to determine length of compensator components
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G. TOTAL BODY IRRADIATION PROGRAM IMPLEMENTATION

The use of TBI in conjunction with bone marrow transplantation involves numerous protocols, 
specifying many different regimens: single fraction with low dose rate, single fraction with high 
dose rate, fractionated TBI, hyperfractionated TBI, AP/PA technique, bilateral technique, use of 
compensators or no compensators, blocking of critical organs or no blocking, and so on. Each of 
these procedures involves special equipment or treatment aids, custom dosimetry, and rigorous 
quality assurance. Before embarking on a TBI program, institutions must design a careful plan 
of implementation. One of the most important parts of this plan should be to form a TBI team, 
including radiation oncologist, medical physicist, medical dosimetrist, and radiation therapist. 
Key members of this team should visit another institution that has an active TBI program to 
learn all aspects of the TBI procedure, down to the most minute details such as patient mea-
surements, patient setup, dosimetry, quality assurance procedures, and worksheets specifically 
designed for TBI. General TBI principles are presented in this chapter along with selected refer-
ences in the literature for further details. But aside from acquiring pertinent knowledge from the 
literature, it is emphasized that the TBI team needs practical training, which may be obtained at 
another institution with a well-established TBI program.

• TBI is used as a conditioning regimen for bone marrow transplantation for a variety of 
diseases.

• The choice of beam energy is dictated by patient thickness and the specification of dose 
homogeneity in the TBI protocols.

• Beam spoiler in TBI is used to build up the surface dose to at least 90% of the  prescribed 
TBI dose.

• Compensators are required to achieve dose homogeneity of ±10%, excluding extremities.

• Dose/MU can be calculated using standard parameters such as TMRs, output factors, 
inverse square law, off-axis ratios, and transmission factors for attenuators in the path 
of the beam. The formalism must be verified for the TBI conditions using appropriate 
phantoms and in vivo patient measurements.

• TBI techniques are designed to follow approved protocols specifying many different 
regimens: single fraction with low dose rate, single fraction with high dose rate, frac-
tionated TBI, hyperfractionated TBI, AP/PA technique, bilateral technique, use or no use 
of compensators, blocking or no blocking of critical organs, and so on. TBI regimens 
have a general biologic rationale, but the specific techniques are mostly empirically 
based.
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 Radiation Therapy19

19.1. INTRODUCTION 

By three-dimensional conformal radiotherapy (3-D CRT), we mean treatments that are based 
on 3-D anatomic information and use treatment fields that conform as closely as possible to the 
target volume in order to deliver adequate dose to the tumor and minimum possible dose to nor-
mal tissue. The concept of conformal dose distribution has also been extended to include clinical 
objectives such as maximizing tumor control probability (TCP) and minimizing normal tissue 
complication probability (NTCP). Thus, the 3-D CRT technique encompasses both the physical 
and biologic rationales in achieving the desired clinical results.

Although 3-D CRT calls for optimal dose distribution, there are many obstacles to achiev-
ing these objectives. The most major limitation is the knowledge of the tumor extent. Despite 
the modern advances in imaging, the clinical target volume (CTV) is often not fully discernible. 
Depending on the invasive capacity of the disease, what is imaged is usually not the CTV. It may 
be what is called the gross tumor volume (GTV). Thus, if the CTVs drawn on the cross-sectional 
images do not fully include the microscopic spread of the disease, the 3-D CRT loses its meaning 
of being conformal. If any part of the diseased tissue is missed or seriously underdosed, it will 
inevitably result in failure despite all the care and effort expended in treatment planning, treat-
ment delivery, and quality assurance. From the TCP point of view, accuracy in localization of 
CTV is more critical in 3-D CRT than in techniques that use generously wide fields and simpler 
beam arrangements to compensate for the uncertainty in tumor localization.

In addition to the difficulties in the assessment and localization of CTV, there are other poten-
tial errors that must be considered before planning 3-D CRT. Patient motion, including that 
of tumor volume, critical organs, and external fiducial marks during imaging, simulation, and 
treatment, can give rise to systematic as well as random errors that must be accounted for when 
designing the planning target volume (PTV). If sufficient margins have been allowed for in the 
localization of PTV, the beam apertures are then shaped to conform and adequately cover the 
PTV (e.g., within 95% to 105% isodose surface relative to prescribed dose). In the design of 
conformal fields to adequately treat the PTV, consideration must be given to the cross-beam 
profile, penumbra, and lateral radiation transport as a function of depth, off-axis distance, and 
tissue density. Therefore, sufficient margins must be given between the PTV outline and the field 
boundary to ensure adequate dose to the PTV at every treatment session.

Even if the fields have been optimally designed, biologic response of the tumor and the normal 
tissues needs to be considered in achieving the goals of 3-D CRT. In other words, the optimization 
of a treatment plan has to be evaluated not only in terms of dose distribution (e.g., dose volume 
histograms), but also in terms of dose–response characteristics of the given disease and the irradiated 
normal tissues. Various models involving TCP and NTCP have been proposed, but the clinical data 

 III
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to validate these models are scarce. Until more reliable data are available,  caution is needed in using 
these concepts to evaluate treatment plans. This is especially important in considering dose-escalation 
schemes that invariably test the limits of normal tissue tolerance within or in proximity to the PTV.

Notwithstanding the formidable obstacles in defining and outlining the true extent of the 
disease, the clinician must follow an analytic plan recommended by the International Commis-
sion on Radiation Units and Measurements (ICRU) (1). Various target volumes (GTV, CTV, 
PTV, etc.) should be carefully designed considering the inherent limitations or uncertainties at 
each step of the process. The final PTV should be based not only on the given imaging data and 
other diagnostic studies, but also the clinical experience that has been obtained in the manage-
ment of that disease. Tightening of field margins around image-based GTV, with little attention 
to occult disease, patient motion, or technical limitations of dose delivery, is a misuse of the 3-D 
CRT concept that must be avoided at all cost. It should be recognized that 3-D CRT is not a new 
modality of treatment, nor is it synonymous with better results than successful and well-tested 
conventional radiation therapy. Its superiority rests entirely on how accurate the PTV is and 
how much better the dose distribution is. So, instead of calling it a new modality, it should be 
considered as a superior tool for treatment planning with a potential of achieving better results.

19.2. TREATMENT-PLANNING PROCESS 

The main distinction between treatment planning of 3-D CRT and that of conventional radia-
tion therapy is that the former requires the availability of 3-D anatomic information and a 
 treatment-planning system that is capable of calculating 3-D dose distributions and dose– volume 
statistics for contoured structures. The anatomic information is usually obtained in the form of 
closely spaced transverse images, which can be processed to reconstruct anatomy in any plane, 
or in three dimensions. Depending on the imaging modality, visible tumor, critical structures, 
and other relevant landmarks are outlined slice by slice by the planner. The radiation oncologist 
draws the target volumes in each slice with appropriate margins to include visible tumor, the 
suspected tumor spread, and patient motion uncertainties. This process of delineating targets 
and relevant anatomic structures is called segmentation.

The next step is to follow the 3-D treatment-planning software to design fields and beam 
arrangements. One of the most useful features of these systems is the computer graphics, which 
allow beam’s-eye-view (BEV) visualization of the delineated targets and other structures. The 
term BEV denotes display of the segmented target and normal structures in a plane perpendicu-
lar to the central axis of the beam, as if being viewed from the vantage point of the radiation 
source. Using the BEV option, field margins (distance between field edge and the PTV outline) 
may be set to cover the PTV dosimetrically within a sufficiently high isodose level (e.g., ≥95% 
of the prescribed dose). Ordinarily a field margin of approximately 2 cm is considered sufficient 
to achieve this, but it may need further adjustments depending on the given beam profile and the 
presence of critical structures in the vicinity of the PTV.

Nonetheless, it is important to remember that each beam has a physical penumbra (e.g., 
region between 90% and 20% isodose level) where the dose varies rapidly and that the dose 
at the field edge is approximately 50% of the dose at the center of the field. For a uniform and 
adequate irradiation of the PTV, the field penumbra should lie sufficiently outside the PTV to 
offset any uncertainties in PTV.

Optimization of a treatment plan requires not only the design of optimal field apertures, 
but also appropriate beam directions, number of fields, beam weights, and intensity modifiers 
(e.g., wedges, compensators, dynamic multileaf collimators). In a forward-planning system, these 
parameters are selected iteratively or on a trial-and-error basis, and therefore, the whole process 
can become very labor intensive if a high degree of optimization is desired. In practice, however, 
most planners start with a standard technique and optimize it for the given patient using 3-D 
treatment-planning tools such as BEV, 3-D dose displays, noncoplanar beam options, and dose 
volume histograms. The time required to plan a 3-D CRT treatment depends on the complexity 
of a given case, experience of the treatment-planning team, and speed of the treatment-planning 
system. The final product, the treatment plan, is as good as its individual components, namely 
the quality of input patient data, image segmentation, image registration, field apertures, dose 
computation, plan evaluation, and plan optimization.

A. IMAGING DATA

Anatomic images of high quality are required to accurately delineate target volumes and nor-
mal structures. Modern imaging modalities for treatment planning include computed tomog-
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raphy (CT), magnetic resonance imaging (MRI), ultrasound (US), single photon emission 
tomography (SPECT), and positron emission tomography (PET). Although CT and MRI are 
the most commonly used procedures, other modalities offer special advantages in imaging cer-
tain types of tumors. A brief review of image characteristics of these modalities is presented to 
elucidate particular advantages and limitations with regard to their use in treatment planning.

A.1. Computed Tomography

As discussed in Chapter 12, a CT image is reconstructed from a matrix of relative linear attenua-
tion coefficients measured by the CT scanner. The matrix typically consists of 512 × 512 picture 
elements, called pixels. Each pixel is a measure of relative linear attenuation coefficient of the 
tissue for the scanning beam used in the CT scanner. By appropriate calibration of the CT scan-
ner using phantoms containing tissue substitutes (CT phantoms), a relationship between pixel 
value (CT numbers) and tissue density can be established. This allows pixel-by-pixel correction 
for tissue inhomogeneities in computing dose distributions.

One of the important features of 3-D treatment planning is the ability to reconstruct images 
in planes other than that of the original transverse image. These are called the digitally recon-
structed radiographs (DRRs). An example is shown in Figure 19.1. To obtain high-quality DRRs, 
not only are images of high contrast and resolution required, but also the slice thickness must 
be sufficiently small. A slice thickness of 2 to 10 mm is commonly used depending on the need, 
for example, thinner slices for tumor localization or high-quality DRRs and thicker slices for 
regions outside the tumor volume. The spiral or helical CT scanners allow continuous rotation 
of the x-ray tube as the patient is translated through the scanner aperture. This substantially 
reduces the overall scanning time and therefore allows acquisition of a large number of thin 
slices required for high-quality CT images and DRRs.

Besides high-image-quality CT images of the patient, treatment planning requires special con-
siderations such as patient positioning, immobilization, and external markings that are visible 
in the images. For treatment planning, the CT couch must be flat and the patient must be set up 
in the same position as for actual treatment. Immobilization devices are essential for 3-D CRT 
and should be the same as those for CT as used in the treatment. Fiducial points marked on the 
patient’s skin or masks should be visible in the CT images by using radiopaque markers such as 
plastic catheters.

Because CT images can be processed to generate DRRs in any plane, conventional simulation 
may be replaced by CT simulation. A CT simulator is a CT scanner equipped with some addi-
tional hardware such as laser localizers to set up the treatment isocenter, a flat table or couch 
insert, and image registration devices. A computer workstation with special software to process 
CT data, plan beam directions, and generate BEV DRRs allows CT simulation films with the 
same geometry as the treatment beams. For a practical detail of CT simulation, the reader is 
referred to Coia et al. (2).

A.2. Magnetic Resonance Imaging

Principles of MRI are discussed in Chapter 12. In treatment planning, MRI images may be 
used alone or in conjunction with CT images. In general, MRI is considered superior to CT 
in soft-tissue discrimination such as central nervous system tumors and abnormalities in the 
brain. Also, MRI is well suited to imaging head and neck cancers, sarcomas, the prostate 
gland, and lymph nodes. On the other hand, it is insensitive to calcification and bony struc-
tures, which are best imaged with CT. Although important differences exist between CT and 
MRI image characteristics, the two are considered complementary in their roles in treatment 
planning.

The most basic difference between CT and MRI is that the former is related to electron den-
sity and atomic number (actually representing x-ray linear attenuation coefficients), while the 
latter shows proton density distribution. Although the best spatial resolution of both modalities 
is similar (~1 mm), MRI takes much longer than CT and, therefore, is susceptible to artifacts 
from patient movement. On the advantageous side, MRI can be used to directly generate scans 
in axial, sagittal, coronal, or oblique planes.

One of the most important requirements in treatment planning is the geometric accuracy. Of 
all the imaging modalities, CT provides the best geometric accuracy and, therefore, CT images 
are considered a reference for anatomic landmarks, when compared with the other modality 
images. Functional MRI (fMRI) also has potential to be useful in treatment planning by showing 
physiologic activity as it happens and, therefore, may be useful in outlining of the target volumes 
and critical structures for highly conformal radiation therapy such as in the brain.
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A

B

Figure 19.1. an example of digital reconstructed radiographs created from transverse computed tomography scans. 
Image A is frontal and image B is lateral.
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B. IMAGE REGISTRATION

The term registration as applied to images connotes a process of correlating different image data 
sets to identify corresponding structures or regions. Image registration facilitates comparison of 
images from one study to another and fuses them into one data set that could be used for treat-
ment planning. For example, computer programs are now available that allow image fusion, for 
example, mapping of structures seen in MRI onto the CT images. Various registration techniques 
include point-to-point fitting, interactively superimposing images in the two data sets, and sur-
face or topography matching. An example of image fusion of a CT and MRI study is shown in 
Figure 19.2. For further discussion on image registration, the reader is referred to Kessler et al. 
(3), Pelizzari et al. (4), and Austin-Seymour et al. (5).

C. IMAGE SEGMENTATION

The term image segmentation in treatment planning refers to slice-by-slice delineation of ana-
tomic regions of interest, for example, external contours, targets, critical normal structures, ana-
tomic landmarks, etc. The segmented regions can be rendered in different colors and can be 
viewed in BEV configuration or in other planes using DRRs. Segmentation is also essential for 
calculating dose volume histograms (DVHs) for the selected regions of interest.

Image segmentation is one of the most laborious but important processes in treatment plan-
ning. Although the process can be aided for automatic delineation based on image contrast 
near the boundaries of structures, target delineation requires clinical judgment, which cannot 
be automated or completely image based. Nor should it be delegated to personnel other than 
the physician in charge of the case, the radiation oncologist. Figure 19.3 shows an example of a 
segmented image for prostate gland treatment planning.

D. BEAM APERTURE DESIGN

After image segmentation has been completed, the treatment planner gets to the task of select-
ing beam direction and designing beam apertures. This is greatly aided by the BEV capability of 
the 3-D treatment-planning system. Targets and critical normal structures made visible through 
segmentation can be viewed from different directions in planes perpendicular to the beam’s cen-
tral axis. Beam directions that create greater separation between targets and critical structures 
are generally preferred unless other constraints such as obstructions in the path of the beam and 
gantry collision with the couch or patient preclude those choices. BEV capability, combined with 
DRRs, is a powerful tool in selecting beam directions and shaping fields around the target.

Beam apertures can be designed automatically or manually depending on the proximity of 
the critical structures and the uncertainty involved in the allowed margins between the CTV 
and PTV. Depending on the planning software, users may set uniform or nonuniform margins 
around the PTV, either manually of automatically. A considerable give and take occurs between 
target coverage and sparing of critical structures in cases where the spaces between the target 
and critical structures are tight, thus requiring manual design of the beam apertures. In simpler 
cases, automatic margins may be assigned between the PTV and field edges, taking into account 
the field penumbra and the required minimum isodose coverage of the PTV. Generally, a 2-cm 
margin between the PTV and the field edge ensures better than 95% isodose coverage of the PTV, 
but this must be ascertained through actual computation of the dose distribution.  Figure 19.4 
shows examples of BEV of beam apertures and dose distributions in transverse,  sagittal, and 
coronal planes. The sagittal and coronal images are derived from DRRs.

E. FIELD MULTIPLICITY AND COLLIMATION

Three-dimensional treatment planning encourages the use of multiple fields because targets and 
critical structures can be viewed in the BEV configuration individually for each field. Multi plicity 
of fields also removes the need for using ultrahigh-energy beams (>10 MV), which are required 
when treating thoracic or pelvic tumors with only two parallel opposed fields. In general, the 
greater the number of fields, the less stringent is the requirement on beam energy because the 
dose outside the PTV is distributed over a larger volume. The 3-D treatment planning also 
allows noncoplanar beam direction; that is, the beam central axis lies in a plane other than the 
transverse plane of the patient. Noncoplanar beam directions can be useful in certain cases, 
for example, brain tumors, head and neck, and other regions where a critical structure can be 
avoided by choosing a noncoplanar beam direction. To use a noncoplanar beam, the couch is 
rotated (“kicked”) through a specified angle, making sure that it will not collide with the gantry.
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A

B

Figure 19.2. an example of fusion between computed tomography (Ct) (A) and magnetic resonance (Mr)  
(B) images. three points of correlation were selected for fusion. Split slice image (continued)
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C

D

Figure 19.2. continued. (C) shows correlation at the interface of two images. Fused image (D) shows slice overlay 
with Ct as red and Mr as green.
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A B

C

Figure 19.3. Image segmentation for prostate 
gland treatment planning. Prostate gland, bladder, and 
rectum are delineated in different colors. Segmented 
structures are shown in transverse (A), lateral (B), and 
coronal (C) planes.

A

Figure 19.4. Beam’s eye view of anterior-posterior (A) and left-right lateral (continued)
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Using a large number of fields (greater than four) creates the problem of designing an exces-
sive number of beam-shaping blocks and requiring longer setup times as each block is indi-
vidually inserted into the accessory mount and verified for correct placement of the field on the 
patient. Carrying so many heavy blocks, patient after patient, creates a nuisance for therapists 
who have to guard against dropping a block accidentally or using a wrong block.

A good alternative to multiple field blocking is the use of a multileaf collimator (MLC) 
( Chapter 13). MLCs can be used with great ease and convenience to shape fields electronically. 
BEV field outlines are usually transmitted electronically from the planning system to the accel-
erator to program the MLC. However, a field drawn on a simulator film or a BEV printout 
can also be digitized to generate the MLC setting. Because MLC fields can be set at the control 
console as programmed, a large number of fields can be treated efficiently and reproducibly.

Combination of MLCs and independent jaws provides almost unlimited capability of design-
ing fields of any shape. Custom-designed blocks are still useful, however, in treating small 
fields (unless mini-MLCs with ultrasmall step size are available), midfield blocking (“island” 
blocks), or complex field matching. Thus, in 3-D conformal radiation therapy, where the use of 
shaped multi ple fields is the norm, MLCs provide a logistic solution to the problem of design-
ing,  carrying, and storing a large number of heavy blocks. For further details on MLC use and 
characteristics, the reader is referred to Boyer (6).

F. PLAN OPTIMIZATION AND EVALUATION

Criteria for an optimal plan include both the biologic and the physical aspects of radiation oncol-
ogy. By definition, an optimal plan should deliver tumoricidal dose to the entire tumor and spare 
all the normal tissues. These goals can be set, but are not attainable in the  absolute terms. To 
achieve quantitative biologic endpoints, models have been developed involving  biologic  indices 
such as TCP and normal tissue complication probability. Clinical data required to validate these 

B

D

C

E

Figure 19.4. continued. (B) fields used in the treatment of prostate gland. Composite (initial plus boost) isodose 
curves for a four-field plan are displayed in transverse (C), sagittal (D), and coronal (E) planes.
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models are scarce and, therefore, currently most evaluations are carried out on the basis of physi-
cal endpoints, namely dose distribution within the specified target volumes and dose to organs 
designated as critical. Discussion of biologic models is beyond the scope of this book. The reader 
is referred to Jackson and Kutcher (7) for a review. Physical aspects of plan optimization and 
evaluation are discussed below.

F.1. Isodose Curves and Surfaces

Traditionally, treatment plans are optimized iteratively by using multiple fields, beam modifiers 
(e.g., wedges and compensators, etc.), beam weights, and appropriate beam directions. Dose 
distributions of competing plans are evaluated by viewing isodose curves in individual slices, 
orthogonal planes (e.g., transverse, sagittal, and coronal), or 3-D isodose surfaces. The latter rep-
resent surfaces of a designated dose value covering a volume. An isodose surface can be rotated 
to assess volumetric dose coverage from different angles. Figure 19.5 is an example of isodose 
curves displayed in orthogonal planes and an isodose surface just covering the target volume. 
One of the major advantages of 3-D treatment planning is the display of dose distribution, which 
can be manipulated with ease to show volumetric dose coverage in individual slices, in orthogo-
nal planes, or as 3-D isodose surfaces.

The dose distribution is usually normalized to be 100% at the point of dose prescription 
(see ICRU) (1) so that the isodose curves represent lines of equal dose as a percentage of the 

A

B

C

D

Figure 19.5. a conformal stereotactic treatment plan for a pituitary tumor showing isodose curves in the transverse 
(A), lateral (B), and coronal (C) planes. Prescription isodose surfaces covering the target volume are displayed in frontal 
(D), and lateral (continued)
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prescribed dose. For a treatment plan involving one or more “boosts” (increased dose to certain 
parts of the target, usually the GTV), a composite isodose plan is useful, which can again be dis-
played by isodose distribution in individual slices, in orthogonal planes, or as isodose surfaces.

F.2. Dose Volume Histograms

Display of dose distribution in the form of isodose curves or surfaces is useful because it shows 
not only regions of uniform dose, high dose, or low dose, but also their anatomic location and 
extent. In 3-D treatment planning, this information is essential but should be supplemented by 
DVHs for the segmented structures, for example, targets and critical structures. A DVH not 
only provides quantitative information with regard to how much dose is absorbed in how much 
volume, but also summarizes the entire dose distribution into a single curve for each anatomic 
structure of interest. It is, therefore, a great tool for evaluating a given plan or comparing com-
peting plans.

The DVH may be represented in two forms: the cumulative integral DVH and the differen-
tial DVH. The cumulative DVH is a plot of the volume of a given structure receiving a certain 
dose or higher as a function of dose (Fig. 19.6). Any point on the cumulative DVH curve shows 
the volume that receives the indicated dose or higher. The differential DVH is a plot of volume 
receiving a dose within a specified dose interval (or dose bin) as a function of dose. As seen in 
Figure 19.6E, the differential form of DVH shows the extent of dose variation within a given 

E
Figure 19.5. continued. (E) planes.

A B

Figure 19.6. a three-dimensional plan for the treatment of glioblastoma is displayed. Isodose curves in transverse 
(A), lateral (B), and coronal (continued)
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Figure 19.6. continued. (C) planes are used to evaluate the plan. Cumulative dose volume histogram (DVh) (D) is 
also useful in the evaluation process. Differential DVh (E) shown here for the tumor only, is more of an academic interest.

82453_ch19_p413-429.indd   424 1/7/14   5:34 PM



ChaPter 19 three-Dimensional Conformal  radiation therapy 425 

structure. For example, the differential DVH of a uniformly irradiated structure is a single bar of 
100% volume at the stated dose. Of the two forms of DVH, the cumulative DVH has been found 
to be more useful and is more commonly used than the differential form.

19.3. DOSE COMPUTATION ALGORITHMS 

Semiempirical methods suitable for the calculation of dose at a point in a patient have been 
discussed in Chapter 10. Corrections for contour irregularity and tissue heterogeneity were also 
presented in Chapter 12. Some elements of these methods have been adopted into dose compu-
tation algorithms in some of the commercially available computer treatment-planning  systems. 
Modern treatment-planning systems have upgraded the software additionally for 3-D data input 
and processing, dose calculation, and special 3-D graphics. Some 3-D treatment-planning sys-
tems continue to use basically two-dimensional dose computation algorithms (calculation of 
dose distribution in a given slice being unaffected by changes in tissue composition in the adja-
cent slices) but rendered into three dimensions through interpolation. In the case of tissue het-
erogeneities, it is assumed that the adjacent slices are identical in the tissue composition to the 
slice in which the dose is being calculated. This assumption is obviously wrong but is not as bad 
as it sounds. Lateral scatter from adjacent slices is usually a second-order effect except for situa-
tions in which small fields are used to treat tumors or structures surrounded by lung or large air 
cavities. On the other hand, by assuming the same composition for the adjacent slices, simpler 
algorithms can be used that greatly speed up the dose computation process. However, in 3-D 
CRT, where noncoplanar beams are often used and dose distributions are evaluated in multiple 
planes or volumes, it is essential that the dose calculation algorithm has acceptable accuracy 
(within ±3% for homogeneous and ±5% for heterogeneous tissues such as lung). Because plan 
optimization is an iterative process, speed of calculation is of paramount importance. Therefore, 
the best computational algorithm is the one in which accuracy and speed are well balanced.

Dose calculation algorithms for computerized treatment planning have been evolving since 
the middle of the 1950s. In broad terms the algorithms fall into three categories: (a) correction 
based, (b) model based, and (c) direct Monte Carlo. Either one of the methods can be used for 
3-D treatment planning, although with a varying degree of accuracy and speed. However, the 
model-based algorithms and the direct Monte Carlo are becoming more and more prevalent. 
This is because of their ability to simulate radiation transport in three dimensions and, there-
fore, more accurately predict dose distribution under conditions of charged particle disequili-
brium, which can occur in low-density tissues such as lung and heterogeneous tissue interfaces. 
Although currently they are plagued by slow speed, this limitation is fast disappearing with the 
ever-increasing speed and data storage capacity of modern computers.

A. CORRECTION-BASED ALGORITHMS

These algorithms are semiempirical. They are based primarily on measured data (e.g., percent 
depth doses and cross-beam profiles) obtained in a cubic water phantom. Various corrections in 
the form of analytic functions or factors are applied to calculate dose distributions in a patient. 
The corrections typically consist of (a) attenuation corrections for contour irregularity; (b) scatter 
corrections as a function of scattering volume, field size, shape, and radial distance; (c) geometric 
corrections for source to point of calculation distance based on inverse square law; (d) attenua-
tion corrections for beam intensity modifiers such as wedge filters, compensators and blocks; and 
(e) attenuation corrections for tissue heterogeneities based on radiologic path length (unit-density 
equivalent depth).

Correction-based algorithms represent a variety of methods ranging from those that simply 
interpolate measured depth dose data to specially formulated analytic functions that predict the 
various correction factors under specified conditions. The dose at any point is usually analyzed 
into primary and scattered components, which are computed separately and then summed to 
obtain the total dose. Equations 9.31 and 10.14 are examples of calculations that measured 
quantities such as percent depth doses, tissue-air ratios, tissue-maximum ratios, etc., and the 
Clarkson method (see Chapter 9) of dose integration for any shaped field. Contour corrections 
and tissue heterogeneity corrections are discussed in Chapter 12. These methods can be used 
for manual calculations as well as made part of a correction-based computer algorithm for the 
calculation of absorbed dose at a point in a patient.

As pointed out previously, the accuracy of correction-based algorithms is limited for 3-D 
heterogeneity corrections in lung and tissue interfaces, especially in situations where electronic 
equilibrium is not fully established.
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426 Part II I Modern radiation therapy

B. MODEL-BASED ALGORITHMS

A model-based algorithm computes dose distribution with a physical model that simulates the 
actual radiation transport. Because of its ability to model primary photon energy fluence incident 
at a point and the distribution of energy subsequent to primary photon interaction, it is able to 
simulate the transport of scattered photons and electrons away from the interaction site. A class 
of model-based algorithms, called convolution-superposition, has been under development since 
the mid-1980s (8–11). An example of such methods is discussed below. For a literature review 
the reader in referred to Mackie et al. (12,13).

B.1. Convolution-Superposition Method

A convolution-superposition method involves a convolution equation that separately considers 
the transport of primary photons and that of the scatter photon and electron emerging from the 
primary photon interaction. The dose D( r

u ) at a point r
u

 is given by

 D (r
u
) �L

m

r
 �p (r

u
�) A (r

u
� r

u
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where m/r is the mass attenuation coefficient, � p(r
u

�) is the primary photon energy fluence, and 
A( r

u
� r

u
�) is the convolution kernel (a matrix of dose distribution deposited by scattered pho-

tons and electrons set in motion at the primary photon interaction site). Figure 19.7  shows the 
geometry of the radiation transport. The product of mass attenuation coefficient and the primary 
energy fluence is called terma, Tp(r

u
�), which stands for total energy released per unit mass. Terma 

is analogous to kerma, which represents the kinetic energy released per unit mass in the form of 
electrons set in motion by photons (see Chapter 8). Kernel is the dose matrix generated per unit 
terma at the interaction site. The product of terma and the dose kernel when integrated (con-
volved) over a volume gives the dose D (ru) as given in Equation 19.1.

The convolution kernel, A (r
u

� r
u

�), can be represented by a dose spread array obtained by cal-
culation or by direct measurement. The most commonly used method is the Monte Carlo, which 
simulates interactions of a large number of primary photons and determines dose deposited in all 
directions by electrons and scattered photons originating at the primary photon interaction site. 
Figure 19.8 shows a 60Co kernel for water generated by a Monte Carlo program (EGS4 Monte 
Carlo code). Examination of dose distribution in the kernel indicates that the dose deposition by 
the kernel is forward peaked, as expected for a megavoltage photon beam.

Modeling of primary photon transport and the calculation of dose kernel for a linear accel-
erator x-ray beam requires knowledge of the photon energy spectrum. Again, Monte Carlo may 
be used to calculate the energy spectrum of a linac beam. Mohan and Chui (14) used the EGS4 
code to calculate energy spectrum of linac x-ray beams. Such spectra can be used both for the 
transport of primary photons and the generation of a dose kernel by the Monte Carlo method. 
Thus, the Monte Carlo–generated energy spectrum and the kernel are essential ingredients of 

Figure 19.7. Geometry of photon 
interaction and radiation transport 
from the site of interaction. (From 
Mackie tr, personal communication.)

P is the dose
deposition site

Primary interaction site

82453_ch19_p413-429.indd   426 1/7/14   5:34 PM



ChaPter 19 three-Dimensional Conformal  radiation therapy 427 

the convolution equation to compute dose at any point in the patient. One of the  important 
tasks of commissioning a treatment-planning system that uses a convolution equation such as 
Equation 19.1 is to modify (tweak) the Monte Carlo–generated energy spectrum in order to fit 
the modeled beam with the measured depth dose distribution and cross-beam dose profiles as a 
function of field size and depth.

A convolution equation when modified for radiologic path length (distance corrected for 
electron density relative to water) is called the convolution-superposition equation:

 D  (r
u
) � LTp (r

ur
# ru�) A (r

ru�ru
# (r
u

� r
u

�)) d3r
u

� (19.2)

where r
ru
# ru  is the radiologic path length from the source to the primary photon interaction site 

and r
ru�ru

# (ru � r
u

�)  is the radiologic path length from the site of primary photon interaction to 
the site of dose deposition. The dose kernel A(r

ru�ru
# (ru � r

u
�))  can be calculated by using range 

scaling by electron density of the Monte Carlo–generated kernel in water. Figure 19.9 shows that 
the kernel obtained with the range-scaling method compares well with that generated by Monte 
Carlo directly for the heterogeneous medium.

B.2. Direct Monte Carlo

The Monte Carlo technique consists of a computer program (MC code) that simulates the trans-
port of millions of photons and particles through matter. It uses fundamental laws of physics 
to determine probability distributions of individual interactions of photons and particles. The 
larger the number of simulated particles (histories), the greater the accuracy of predicting their 
distributions. However, as the number of simulated particles is increased, the computational 
time becomes prohibitively long. So the challenge in writing an MC code is that of being able to 
use a relatively small sample of randomly selected particles to predict the average behavior of 
the particles in the beam. The dose distribution is calculated by accumulating (scoring) ionizing 
events in bins (voxels) that give rise to energy deposition in the medium. It is estimated that the 
transport of a few hundred million to a billion histories will be required for radiation therapy 
treatment planning with adequate precision.

Figure 19.8. Cobalt-60 dose kernels for water computed 
with Monte Carlo simulation. the isovalue lines are in units of 
cGy MeV−1 photon−1. Top: Primary contribution by electrons 
set in motion by primary photons. Middle: the first-scatter 
contribution. Bottom: the sum of primary and scatter 
contributions. (From Mackie tr, Bielajew aF, rogers DWO, 
et al. Generation of photon energy deposition kernels using 
the eGS4 Monte Carlo Code. Phys Med Biol. 1988;33:1-20, with 
permission.)
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A number of MC codes has been used in radiation transport simulation and, more recently, in 
treatment planning: Electron Gamma Shower version 4 (EGS4) (15), ETRAN/ITS (16), Monte 
Carlo N-particle (MCNP) (17), PENELOPE (18), and PEREGRINE (developed at Lawrence 
Livermore National Laboratory) (19). For a detailed review and bibliography of MC codes, the 
reader is referred to Rogers and Bielajew (20) and Li et al. (21).

Notwithstanding inordinate amounts of computational times, Monte Carlo is the most accu-
rate method of calculating dose distribution in a patient. Sample plans done with Monte Carlo 
simulation have shown improvements in dose calculation accuracy, especially at interfaces of 
heterogeneous tissues and in lung where particle disequilibrium can occur under certain condi-
tions. With the continuing advancement in computer technology and computation algorithms, it 
now seems probable that the Monte Carlo methodology will be implemented for routine treat-
ment planning in the not too distant future.

• 3-D CRT requires anatomic information in three dimensions. It is provided by imaging 
modalities such as CT, MRI, US, SPECT, and PET.

• Essential features of 3-D CRT treatment planning include image registration, image 
segmentation, BEV design of treatment fields, and plan evaluation.

• DVHs, along with the isodose curves and isodose surfaces, are essential tools for plan 
evaluation.

• Dose calculation algorithms fall into three broad categories: (a) correction based, 
(b) model based, and (c) direct Monte Carlo.

• Convolution-superposition is currently the most accurate model-based algorithm.

• The convolution kernel is a dose spread array that is obtained by measurement or 
calculation using a Monte Carlo code.

• Direct Monte Carlo is the most accurate method for treatment planning, but currently 
it is not feasible because it requires prohibitively long computational times. However, 
with the continuing advancement of computer technology, it is possible that direct 
Monte Carlo will be used routinely for treatment planning in the not too distant future.

K e Y  P O I N t S

Figure 19.9. Comparison of Monte Carlo–generated 6-MeV primary 
 photon kernel in a water phantom containing a ring of air. the continuous line 
is a kernel computed expressly for the heterogeneous situation. the dashed 
line is a kernel modified for the heterogeneous phantom using range scaling. 
(From Woo MK, Cunningham Jr. the validity of the density scaling method 
in primary electron transport for photon and electron beams. Med Phys. 
1990;17:187-194, with permission.)
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20.1. INTRODUCTION 

In the traditional external beam photon radiation therapy, most treatments are delivered with 
radiation beams that are of uniform intensity across the field (within the flatness specification 
limits). Occasionally, wedges or compensators are used to modify the intensity profile to offset 
contour irregularities and/or produce more uniform composite dose distributions. This process 
of changing beam intensity profiles to meet the goals of a composite plan is called intensity mod-
ulation. Thus, the compensators and wedges may be called intensity modulators, albeit much 
simpler than the modern computer-controlled intensity modulation systems such as dynamic 
multileaf collimators.

The term intensity-modulated radiation therapy (IMRT) refers to a radiation therapy technique 
in which a nonuniform fluence is delivered to the patient from any given position of the treatment 
beam to optimize the composite dose distribution. The treatment criteria for plan optimization 
are specified by the planner and the optimal fluence profiles for a given set of beam directions are 
determined through “inverse planning.” The fluence files thus generated are electronically trans-
mitted to the linear accelerator, which is computer controlled, that is, equipped with the required 
software and hardware to deliver the intensity-modulated beams (IMBs) as calculated.

The clinical implementation of IMRT requires at least two systems: (a) a treatment-planning 
computer system that can calculate nonuniform fluence maps for multiple beams directed from 
different directions to maximize dose to the target volume while minimizing dose to the critical 
normal structures, and (b) a system of delivering the nonuniform fluences as planned. Each of 
these systems must be appropriately tested and commissioned before actual clinical use.

20.2. INTENSITY-MODULATED RADIATION  
THERAPY PLANNING 

The principle of IMRT is to treat a patient from a number of different directions (or continuous 
arcs) with beams of nonuniform fluences, which have been optimized to deliver a high dose to the 
target volume and an acceptably low dose to the surrounding normal structures. The treatment-
planning program divides each beam into a large number of beamlets and determines optimum 
setting of their fluences or weights. The optimization process involves inverse planning in which 
beamlet weights or intensities are adjusted to satisfy predefined dose criteria for the composite plan.

A number of computer methods have been devised to calculate optimum intensity profiles 
(1–10). These methods, which are based on inverse planning, can be divided into two broad 
categories:

1. Analytic methods. These involve mathematical techniques in which the desired dose dis-
tribution is inverted by using a back projection algorithm. In effect, this is a reverse of a 
computed tomography (CT) reconstruction algorithm in which two-dimensional images are 
reconstructed from one-dimensional intensity functions. If one assumes that the dose distri-
bution is the result of convolutions of a point-dose kernel and kernel density, then the reverse 
is also possible, namely by deconvolving a dose kernel from the desired dose distribution, 
one can obtain kernel density or fluence distribution in the patient. These fluences can then 
be projected onto the beam geometry to create incident beam intensity profiles.

Intensity-Modulated Radiation  
Therapy

20
C H A P T E R
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One problem with analytical methods is that, unlike CT reconstruction, exact analytical solu-
tions do not exist for determining incident fluences that would produce the desired dose distribu-
tion without allowing negative beam weights. The problem can be circumvented by setting negative 
weights to zero but not without penalty in terms of unwanted deviations from the desired goal. So 
some algorithms have been devised to involve both analytical and iterative procedures.

2. Iterative methods. Optimization techniques have been devised in which beamlet weights for 
a given number of beams are iteratively adjusted to minimize the value of a cost function, 
which quantitatively represents deviation from the desired goal. For example, the cost func-
tion may be a least square function of the form:

 Cn � c a 1
N

 ba
r

W (r
u
) (D0(r

u
) � Dn(r

u
))2 d

0.5

 (20.1)

where Cn is the cost at the nth iteration, D0(r
u
) is the desired dose at some point r

u
 in the patient, 

Dn(r
u
) is the computed dose at the same point, W (r

u
) is the weight (relative importance) factor 

in terms of contribution to the cost from different structures, and the sum is taken over a large 
N number of dose points. Thus, for targets the cost is the root mean squared difference between 
the desired (prescribed) dose and the realized dose. For the designated critical normal structures, 
the cost is the root mean squared difference between zero dose (or an acceptable low dose value) 
and the realized dose. The overall cost is the sum of the costs for the targets and the normal 
structures, based on their respective weights.

The optimization algorithm attempts to minimize the overall cost at each iteration until the 
desired goal (close to a predefined dose distribution) is achieved. A quadratic cost function such 
as that given by Equation 20.1 has only one minimum. However, when optimizing beam weights 
for all the beams from different directions to reach a global minimum, the same cost function 
may exhibit multiple local minima. Therefore, in the iteration process occasionally it is neces-
sary to accept a higher cost to avoid “trapping” in local minima. An optimization process, called 
simulated annealing (3,10), has been devised that allows the system to accept some higher costs 
in pursuit of a global minimum.

Simulated annealing takes its name from the process by which metals are annealed. The 
annealing process for metals involves a controlled process of slow cooling to avoid amorphous 
states, which can develop if the temperature is allowed to decrease too fast. In the analogous 
process of simulated annealing, the decision to accept a change in cost is controlled by a prob-
ability function. In other words, if ΔCn <0, the change in the variables is always accepted. But if 
ΔCn >0, the change is accepted with an acceptance probability, Pacc, given by

 Pacc �  exp  �(� Cn/kTn) (20.2)

where ΔCn = Cn – Cn–1, kTn is analogous to thermal energy at iteration n (it has the same dimen-
sions as ΔCn), Tn may be thought of as temperature, and k is Boltzmann constant.1 At the start 
of simulated annealing, the “thermal energy” is large, resulting in a larger probability of accept-
ing a change in variables that gives rise to a higher cost. As the optimization process proceeds, 
the acceptance probability decreases exponentially in accordance with Equation 20.2 and thus 
drives the system to an optimal solution. The process is described by Web (10) as being analo-
gous to a skier descending from a hilltop to the lowest point in a valley.

The patient input data for the inverse planning algorithm are the same as that needed for 
forward planning, as discussed in Chapter 19. Three-dimensional image data, image registration, 
and segmentation are all required when planning for IMRT. For each target [planning target 
volume (PTV)], the user enters the plan criteria. These may include maximum dose, minimum 
dose, and/or dose volume objective(s). For the critical structures, the user may enter the desired 
maximum dose and/or dose volume objective(s). Depending on the IMRT software, the user may 
be required to provide other data such as beam energy, beam directions, number of iterations, 
etc., before proceeding to optimizing intensity profiles and calculating the resulting dose distri-
bution. The evaluation of an IMRT treatment plan also requires the same considerations as the 
“conventional” three-dimensional conventional radiotherapy (3-D CRT) plans, namely viewing 
isodose curves in orthogonal planes, individual slices, or 3-D volume surfaces. The isodose dis-
tributions are usually supplemented by dose volume histograms.

After an acceptable IMRT plan has been generated, the intensity profiles (or fluence maps) 
for each beam are electronically transmitted to the treatment accelerator fitted with  appropriate 

1 Boltzmann constant is a physical constant relating temperature and the kinetic energy of each molecule of an 

ideal gas. It is given by k�
R
NA

, where R is the gas constant and NA is the Avogadro constant.
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hardware and software to deliver the planned IMBs. The treatment-planning and delivery sys-
tems must be integrated to ensure accurate and efficient delivery of the planned treatment. 
Because of the “black box” nature of the entire process, rigorous verification and quality assur-
ance procedures are required to implement IMRT.

20.3. INTENSITY-MODULATED RADIATION  
THERAPY DELIVERY 

Radiation therapy accelerators normally generate x-ray beams that are flattened (made uniform 
by the use of flattening filters) and collimated by four moveable jaws to produce rectangular 
fields. Precollimation dose rate can be changed uniformly within the beam but not spatially, 
although the scanning beam accelerators (e.g., Microtron) have the capability of modulating the 
intensity of elementary scanning beams. To produce intensity-modulated fluence profiles, precal-
culated by a treatment plan, the accelerator must be equipped with a system that can change the 
given beam profile into a profile of arbitrary shape.

Many classes of intensity-modulated systems have been devised. An ASTRO-AAPM Collab-
orative Working Group (11) has classified IMRT delivery techniques into a number of catego-
ries. These include scanned photon and electron beams, tomotherapy IMRT, conventional MLC 
IMRT, physical modulator IMRT (i.e., compensators), and robotic linear accelerators. For linear 
accelerators, it seems that the computer-controlled MLC is the most practical device for deliver-
ing IMBs, and is by far the most frequently used delivery mechanism. IMRT delivery with MLCs 
may be classified into three groups: Delivery systems that use fixed gantry angles, rotating fan 
beams (tomotherapy), and rotating cone beams (12). We will discuss each of these MLC-based 
delivery systems in the following sections.

A. IMRT WITH FIXED GANTRY ANGLES

For a given gantry angle, a computer-controlled multileaf collimator is not only useful in shaping 
beam apertures for conventional radiotherapy, but it can also be programmed to deliver IMRT. 
This has been done in two different ways.

A.1. Segmental MLC Delivery

In segmental MLC (SMLC) delivery, the patient is treated by multiple fields and each field is 
subdivided into a set of subfields irradiated with uniform beam intensity levels. The subfields 
are created by the MLC and delivered in a stack arrangement one at a time in sequence without 
operator intervention. The accelerator is turned off while the leaves move to create the next 
subfield. The composite of dose increments delivered to each subfield creates the IMB as planned 
by the treatment-planning system (TPS). This method of IMRT delivery is also called “step-
and-shoot” or “stop-and-shoot.” The theory of creating subfields and a leaf-setting sequence to 
 generate the desired intensity modulation has been discussed by Bortfeld et al. (13). The method 
is illustrated in Figure 20.1 for one-dimensional intensity modulation in which a leaf pair takes 

Figure 20.1. Generation of the 
one-dimensional intensity  modulation 
profile. all left leaf settings occur 
at  positions where the fluence is 
 increasing and all right leaf settings 
occur where the fluence is decreasing. 
(From Web S. The Physics of Conformal 
Radiotherapy. Bristol, UK: Institute of 
physics publishing; 1997:131, with 
permission.)
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up a number of static locations and the radiation from each static field thus defined is deliv-
ered at discrete intervals of fluence (shown by dotted lines). In this example, 10 separate fields 
have been stacked in a leaf-setting arrangement known as the “close-in” technique (Fig. 20.2A). 
Another arrangement called the “leaf sweep” is also shown (Fig. 20.2B). The two arrangements 
are equivalent and take the same number of cumulative monitor units (MUs). In fact, if N is the 
number of subfields stacked, it has been shown that there are (N!)2 possible equivalent arrange-
ments (14). The two-dimensional intensity modulation is realized as a combination of multiple 
subfields of different sizes and shapes created by the entire MLC.

The advantage of the step-and-shoot method is the ease of implementation from the engineer-
ing and safety points of view. A possible disadvantage is the instability of some accelerators when 
the beam is switched “off” (to reset the leaves) and “on” within a fraction of a second. The use 
of a gridded pentode gun could overcome this problem as it allows monitoring and termination 
of dose within about one-hundredth of a MU. However, not all manufacturers have this type of 
electron gun on their linear accelerators.

A mixed mode of IMB delivery, called “dynamic-step-and-shoot,” has also been used. In this 
method the radiation is “on” all the time, even when the leaves are moving from one static sub-
field position to the next. This technique has the advantage of blurring the incremental steps in 
the delivery of static subfields (15).

Bortfeld et al. (13) have demonstrated that a relatively small number of steps (10–30 to cover 
a 20-cm wide field) can be used to deliver an intensity-modulated profile with an accuracy of 2% 
to 5%. A nine-field plan could be delivered in less than 20 minutes, including extra time allowed 
for gantry rotation (13). Figure 20.3 is an example of an intensity-modulated fluence profile 
gene rated by the step-and-shoot method and compared with calculated and measured dose.

A.2. Dynamic MLC Delivery

In this technique the corresponding (opposing) leaves sweep simultaneously and unidirection-
ally, each with a different velocity as a function of time. Unlike SMLC delivery, the accelerator 
beam is on while the leaves are moving. The period that the aperture between leaves remains 
open (dwell time) allows the delivery of variable intensity to different points in the field. The 
method is known as dynamic MLC (DMLC), and is sometimes called “sliding window.”

The leaves of a DMLC are motor driven and are capable of moving with a speed of greater 
than 2 cm/sec. The motion is under the control of a computer, which also accurately monitors 

A B

Figure 20.2. ten separate fields are stacked to generate the beam profile shown in Figure 20.1. Multileaf collimator leaves 
are shown schematically below the fields: A: leaf setting as “close-in” technique; B: leaf settings as “leaf-sweep” technique. 
(From Web S. The Physics of Conformal Radiotherapy. Bristol, UK: Institute of physics publishing; 1997:132, with permission.)
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the leaf positions. The problem of determining leaf velocity profiles has been solved by several 
investigators (16,17). The solution is not unique but rather consists of an optimization algorithm 
to accurately deliver the planned intensity-modulated profiles under the constraints of maximum 
possible leaf velocity and minimum possible treatment time.

The basic principle of dynamic collimation is illustrated in Figure 20.4. A pair of leaves 
defines an aperture with the leading leaf 2 moving with velocity V2(x) and the trailing leaf 1 with 
velocity V1(x). Assuming that the beam output is constant with no transmission through the 
leaves, penumbra, or scattering, the profile intensity I(x) as a function of position x is given by 
the cumulative beam-on times, t1(x) and t2(x), in terms of cumulative MUs that the inside edges 
of leaves 1 and 2, respectively, reach point x; that is,

 I (x) � t1 (x) � t2 (x) (20.3)

Differentiating Equation 20.3 with respect to x gives

 
dI (x)

dx
 �

dt1 (x)

dx
 �

dt2 (x)

dx
 (20.4)

or

 
dI (x)

dx
 �

I
V1(x)

 �
I

V2(x)
 (20.5)

To minimize the total treatment time, the optimal solution is to move the faster of the two leaves 
at the maximum allowed speed, Vmax, and modulate the intensity with the slower leaf. If the gra-
dient of the profile dI(x)/dx is zero, then according to Equation 20.5, the two speeds are equal 

Figure 20.3. Comparison of calculated fluence, measured dose, and calculated dose for the intensity-modulated 
profile generated by the step-and-shoot method. (From Bortfeld tr, Kahler DL, Waldron tJ, et al. X-ray field compensation 
with multileaf collimators. Int J Radiat Oncol Biol Phys. 1994;28:723-730, with permission.)

Figure 20.4. Illustration of 
dynamic multileaf collimator motion 
to  generate the intensity-modulated 
profile. a pair of leaves with the leading 
leaf 2  moving with velocity V2(x) and 
the trailing leaf 1 with velocity V1(x). In 
the rising part of the fluence profile, 
leaf 2 moves with the maximum 
speed Vmax, and in the falling part of 
the  fluence, leaf 1 moves with Vmax. 
( adapted from Web S. The Physics 
of Conformal  Radiotherapy. Bristol, 
UK:  Institute of physics publishing; 
1997:104.)
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and should be set to Vmax. If the gradient is positive, then the speed of leaf 2 is higher than that of 
leaf 1 and therefore it is set equal to Vmax; and if the gradient is negative, then the speed of leaf 1 
is set equal to Vmax. Once the speed of the faster leaf is set to Vmax, the speed of the slower leaf can 
be uniquely determined from Equation 20.5; that is,

 
V2(x) � V max 

V1(x) �
V max 

1 � V max (dI(x)/dx)
s   when 

dI (x)
dx

 � 0 (20.6)

and

 
V1 (x) � V max 

V2 (x) �
V max 

1 � V max  (dI (x)/dx

s when 
dI (x)

dx
 � 0 (20.7)

In summary, the DMLC algorithm is based on the following principles:

1. If the gradient of the intensity profile is positive (increasing fluence), the leading leaf should move 
at the maximum speed and the trailing leaf should provide the required intensity modulation.

2. If the spatial gradient of the intensity profile is negative (decreasing fluence), the trailing leaf 
should move at the maximum speed and the leading leaf should provide the required inten-
sity modulation.

B. IMRT WITH ROTATING FAN BEAMS: TOMOTHERAPY

Tomotherapy is an IMRT technique in which the patient is treated slice by slice by IMBs in a 
manner analogous to CT imaging. A special collimator is designed to generate the IMBs as the 
gantry rotates around the longitudinal axis of the patient. In one device, the couch is indexed 
one to two slices at a time, and in the other, the couch moves continuously as in a helical CT. The 
former was developed by the NOMOS Corporation2 and the latter by the medical physics group 
at the University of Wisconsin.3

B.1. The Peacock System

The NOMOS collimator device is called the MIMiC and is used in conjunction with a TPS, 
 PEACOCKPLAN. The MIMiC and the PEACOCKPLAN together are known as the PEACOCK 
system. Other important accessories include a special indexing table called the CRANE, a patient 
fixation device called the TALON, and an ultrasound-based target localization system called the 
BAT (all NOMOS products are named after birds).

Multileaf intensity-Modulating ColliMator. The MIMiC collimator consists of a long transverse 
slit aperture provided with two banks of 20 leaves each (Fig. 20.5). Each leaf can be moved inde-
pendently and can provide an opening (at isocenter) of either (1 cm × 1 cm) or (1 cm × 2 cm). 
Each bank can therefore treat 1- or 2-cm-thick slices of tissue 20 cm in diameter; because there 
are two such banks, a 2- or 4-cm slice of tissue can be treated at one time. For extending the length 
of treatment volume beyond 4 cm, the couch is moved to treat the adjacent slices. This gives rise 
to field junctions, which is of concern in MIMiC-based IMRT.

The MIMiC leaves are made of tungsten and are approximately 8 cm thick in the direction 
of the beam. The transmitted intensity through a leaf is approximately 1% for 10-MV x-rays. 
The leaf interfaces are multistepped to limit interleaf leakage to within 1%. Each leaf can be 
switched in 100 to 150 milliseconds, thus allowing a rapid change in beam apertures as the 
gantry rotates. Considering the number of possible field apertures at each gantry angle and the 
number of intensity steps that can be delivered at each gantry position, it is possible to create 
more than 1013 beam configurations for each arc (18). Thus, the intensity modulation of beams 
can be finely controlled by the MIMiC technology.

A potential problem with MIMiC-based IMRT is the possibility of mismatch between adjacent 
slice pairs needed to treat a long target volume. Carol et al. (19) have studied the problem and shown 
that perfectly matched slices gave rise to 2% to 3% dose inhomogeneity across the junction. How-
ever, even a 2-mm error in indexing the couch resulted in dose inhomogeneity of the order of 40%. 
NOMOS solved this problem by designing accurate table indexing and patient fixation devices.

2NOMOS Corporation, Sewickley, Pennsylvania.
3University of Wisconsin, Madison, Wisconsin.
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Crane. Because of the potential field-matching problems in the use of MIMiC for treating adja-
cent slice pairs along the length of the patient, it is imperative to move the couch with extreme 
accuracy. A special indexing table called the CRANE has been designed by NOMOS, which is 
capable of moving the couch longitudinally with a 300-lb weight to distances of 0.1 to 0.2 mm. 
With such accuracy, it is possible to reduce the junctional dose inhomogeneity to within ±3% (20).

talon. Because of the stringent matchline requirements, NOMOS supplies an invasive head 
fixation system called the TALON. The device is attachable to the CT or the treatment unit 
couch and fixes the head position by the insertion of two bone screws into the inner table of 
the skull. Once the bone screws have been inserted, the TALON can be removed or reattached 
quickly as needed. An evacuated headrest can also be used to assist in repositioning at each 
treatment session.

For further details on the PEACOCK system of IMRT, the reader is referred to reference (19).

B.2. Helical Tomotherapy

Mackie et al. (20) proposed a method of IMRT delivery in which the linac head and gantry 
rotate while the patient is translated through the doughnut-shaped aperture in a manner analo-
gous to a helical CT scanner. In this form of tomotherapy, the problem of interslice matchlines 
is minimized because of the continuous helical motion of the beam around the longitudinal axis 
of the patient.

A schematic diagram of the tomotherapy unit proposed by Mackie et al. is shown in 
 Figure 20.6A and B. Figure 20.6C shows a commercial tomotherapy unit (Tomotherapy, Inc., 
Madison, WI). The linear accelerator is mounted on a CT-like gantry and rotates through a full 
circle. At the same time, the patient couch is translated slowly through the aperture, thus creat-
ing a helical motion of the beam with respect to the patient. The unit is also equipped with a 
detector array opposite the linear accelerator, allowing the obtaining of a megavoltage CT scan 
(MVCT) for target localization and treatment planning. The intensity modulation of the fan 
beam is created by a specially designed collimator: a temporally modulated MLC consisting of a 
long, narrow slit with a set of multiple leaves at right angles. The leaves can be moved dynami-
cally under computer control, in and out of the slit aperture to define a one-dimensional profile 
of the IMB as with the MIMiC. The major difference between the MIMiC-based tomotherapy 

Figure 20.5. Multileaf intensity-modulating 
collimator consisting of a long transverse 
slit aperture with two banks of 20 leaves 
each. (From Curran B. Conformal radiation 
therapy using a multileaf intensity  modulating 
 collimator. In: Sternick eS, ed. The Theory 
and Practice of Intensity Modulated Radiation 
 Therapy. Madison, WI: advanced Medical 
 publishing; 1997:75-90, with permission.)
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A B

C

Figure 20.6. A,B: Schematic 
diagram of the tomotherapy unit. (From 
Mackie tr, holmes t, Swerdloff S, et al. 
 tomotherapy: a new concept for the 
delivery of conformal radiotherapy 
using dynamic collimation. Med Phys. 
1993;20:1709-1719, with permission.) 
C: photograph of tomotherapy unit 
(tomotherapy, Inc., Madison, WI) at the 
University of  Minnesota.

and the helical tomotherapy is that in the former case the patient couch is stationary while the 
gantry rotates to treat each slice pair at a time and in the latter case the patient is translated 
continuously along with the gantry rotation. The field match problems are thus minimized in the 
helical tomotherapy.

C. IMRT WITH ROTATING CONE BEAMS

C.1. Intensity-Modulated Arc Therapy

Yu (14) has developed an intensity-modulated arc therapy (IMAT) technique that uses the MLC 
dynamically to shape the fields as well as rotate the gantry in the arc therapy mode. The method 
is similar to the step-and-shoot in that each field (positioned along the arc) is subdivided into 
subfields of uniform intensity, which are superimposed to produce the desired intensity modula-
tion. However, the MLC moves dynamically to shape each subfield while the gantry is rotating 
and the beam is on all the time. Multiple overlapping arcs are delivered with the leaves moving 
to new positions at a regular angular interval, for example, 5 degrees. Each arc is programmed 
to deliver one subfield at each gantry angle. A new arc is started to deliver the next subfield and 
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so on until all the planned arcs and their subfields have been delivered. The magnitude of the 
intensity step per arc and the number of arcs required depend on the complexity of the treat-
ment. A typical treatment takes three to five arcs and the operational complexity is comparable 
to conventional arc therapy (21).

The IMAT algorithm divides the two-dimensional intensity distribution (obtained through 
inverse treatment planning) into multiple one-dimensional intensity profiles to be delivered by 
pairs of opposing leaves. The intensity profiles are then decomposed into discrete intensity levels 
to be delivered by subfields in a stack arrangement using multiple arcs as shown in Figure 20.7. 
The leaf positions for each subfield are determined based on the decomposition pattern selected. 
As discussed earlier, there are (N!)2 possible decomposition patterns for an N-level profile (to be 
delivered by N arcs) of only one peak. For example, in a simple case of a one-dimensional profile 
with three levels (Fig. 20.7A), there are (3!)2 = 36 different decomposition patterns of which 
only three are shown (Fig. 20.7B–D). The decomposition patterns are determined by a computer 
algorithm, which creates field apertures by positioning left and right edges of each leaf pair. For 
efficiency, each edge is used once for leaf positioning. From a large number of decomposition 
patterns available, the algorithm favors those in which the subfields at adjacent beam angles 
require the least distance of travel by the MLC leaves.

As discussed earlier, the superimposition of subfields (through multiple arcs) creates the inten-
sity modulation of fields at each beam angle. Whereas a one-dimensional profile is generated by 
stacking of fields defined by one leaf pair, the two-dimensional profiles are created by repeating 
the whole process for all the leaf pairs of the MLC.

C.2. Volumetric-Modulated Arc Therapy

The IMAT delivery technique was never widely utilized, in large part because most vendors did 
not incorporate IMAT optimization into their TPS algorithms. Since IMAT offered little if any 
improvement in isodose distributions or delivery efficiency over other forms of IMRT, most 
centers implemented either gantry-static or gantry-dynamic IMRT delivery techniques in their 
clinics.

IMAT delivery inefficiency is in large part due to the necessity of treating several arcs to deliver 
a single IMAT treatment field. Within each IMAT arc, although the treatment field varies with 
gantry angle, the linac dose rate remains constant throughout. However, it was apparent from 
experience with tomotherapy that varying beam intensity with gantry angle could produce iso-
dose distributions that were superior to those from gantry static IMRT with a limited number of 
gantry angles. As a result, in the late 2000s, both Varian and Elekta introduced variable dose rate 
rotational delivery options into their linear accelerators. The delivery of a rotational cone beam 
with variable shape and intensity is commonly called volumetric-modulated arc therapy (VMAT).

A

B

C

D

Figure 20.7. Stacking of three subfields using multiple 
arcs. Different decomposition patterns are possible but only 
three are shown (B, C, D) to generate the profile shown in (A). 
(From Yu CX. Intensity modulated arc therapy: a new method 
for delivering conformal radiation therapy. In: Sternick eS, ed. 
The Theory and Practice of Intensity Modulated Radiation Therapy. 
Madison, WI: advanced Medical publishing; 1997:107-120, with 
permission.)
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In a VMAT treatment, the gantry moves continuously, with the MLC leaves and dose rate vary-
ing throughout the arc. The TPS computes the dose by sampling the delivery at a number of discrete 
gantry angles. In order to create a satisfactory dose plan with a single arc, it is necessary to optimize 
the field shapes and beam intensities from a large number of gantry angles. However, the field shapes 
are restricted in that the MLC leaves must be able to move to their new positions within the time 
required for the gantry to rotate between samples. Unfortunately, the larger the number of sampled 
gantry angles, the more difficult it is for the TPS to optimize within the MLC leaf motion constraints.

A solution was found by Otto (22), who employed a technique called progressive sampling to 
alleviate this problem. Figure 20.8 displays an example of how progressive sampling is used to 
optimize a VMAT delivery. In this approach, the arc is subdivided into a small number (e.g., 6 in 
Figure 20.8A) of gantry angle samples, whose beam shapes and/or intensities are varied during the 
first iterations of the optimization. There are little if any restrictions on MLC leaf position for these 
fields, since the initial samples are spaced far apart. After several iterations, a new arc sample is 
added with a field shape interpolated between the first two samples (e.g.,  Figure 20.8B), and opti-
mization continues. After more iterations, another new arc sample is added in the same fashion mid-
way between samples 2 and 3. This process continues until the desired gantry angle sampling is met.

Otto first coined the term VMAT to describe the progressive sampling approach for a single 
arc treatment delivery optimization. Varian has incorporated Otto’s technique into their VMAT 
delivery solution, which they have called RapidArc®. Other optimization algorithms have since 
been developed (23,24), and in practice, VMAT is commonly used to refer to any arc therapy 
technique that uses dose rate variation (25).

Perhaps the biggest advantage of a VMAT delivery is in its delivery efficiency. Several investi-
gators have reported significant reductions in both treatment times and MUs over conventional 
IMRT (26,27). The magnitude of this reduction is dependent on the planning protocol in place 
at each institution. For example, at the Mary Bird Perkins Cancer Center, average delivery times 
for prostate cancer have been reduced from 9.5 minutes for 7-field SMLC IMRT to 1.4 minutes 
for the single arc VMAT plans (28). Shorter overall delivery times have a number of advantages, 
most importantly in reducing the amount of patient motion that occurs during treatment.

20.4. COMMISSIONING OF INTENSITY-MODULATED 
 RADIATION THERAPY 

IMRT is an integrated planning and delivery system of IMBs, which are optimized to create 
highly conformal dose distributions for the treatment of PTV. Its clinical implementation requires 
careful testing of its component systems: the IMRT TPS and the IMB delivery system. In general, 
this will involve acquisition and input of appropriate beam data into the computer as required 
by the TPS algorithm, mechanical checks of the IMB delivery system, and dosimetric verification 
of selected IMBs and IMRT plans. Some of the tests are repeated at scheduled intervals as part 
of a quality assurance program.

As a matter of principle, national or international protocols should be followed with regard 
to commissioning and quality assurance (QA). The reader is referred to the American Association 
of Physicists in Medicine (AAPM) guidance document for clinical implementation of IMRT (12). 

3
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(d)(c)(b)(a)

Initial arc samples

11

1st New sample
6

3

Gantry
Range

NSamples = Ninit + 1 = 7 NSamples  = Ninit + 5 = 11 NSamples = Ninit + 6 = 12NSamples  = Ninit = 6

Figure 20.8. Illustration of the progressive sampling optimization approach. the gantry arc is divided into a small 
number of evenly-spaced beams in (A). after optimizations of beam shape and intensity, new samples are introduced 
with the first one placed between the first and second existing samples in (B). Further samples are added in (C) to span 
the gantry arc. the next sample is added at the beginning of the gantry range in (D). the process continues until a 
desired sampling frequency is reached. (From Otto K. Volumetric modulated arc therapy: IMrt in a single gantry arc. Med 
Phys. 2008;35:310-317, with permission.)
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However, the user is also advised to work closely with the equipment manufacturer as well as review 
the relevant literature to design appropriate programs. Many of the essential tests are devised by 
manufacturers who are more than willing to assist the physicist in acceptance testing and commis-
sioning because it is in their interest to ensure safe operation and use of the equipment. The final 
approval for clinical application is the responsibility of the physicist and the physician in charge.

Although the commissioning and QA procedures will vary depending on the IMRT system to 
be implemented (e.g., step-and-shoot, sliding window, IMAT, tomotherapy), the critical issue is the 
confirmation that the approved treatment of a patient is delivered safely and with acceptable accu-
racy. The following discussion pertains to the sliding window IMRT technique, as an example.

A. MECHANICAL TESTING OF DYNAMIC MULTILEAF COLLIMATOR

To ensure accurate delivery of IMBs with the dynamic multileaf collimator (DMLC), it is essen-
tial that the speed, acceleration, and position of leaves are controlled precisely and accurately as 
planned by the TPS. Chui et al. (29) have recommended the following five tests as a check of the 
mechanical accuracy of DMLC, which is fundamental to the accurate delivery of IMBs.

A.1. Stability of Leaf Speed

Individual pairs of opposed leaves should be tested for stability of their speed. This can be 
accomplished by instructing the opposed leaf pairs to move at different but constant speeds. If 
the leaf speeds are stable, the generated intensity profiles will be uniform. Figure 20.9 shows dose 
profiles generated by different leaf pairs that were made to move at different speeds. The profiles 
are measured using film placed perpendicular to the central axis and at a depth greater than that 
of maximum dose in a phantom. Any fluctuations (over and above the film variation or artifacts) 
should indicate instability of leaf motion.

A.2. Dose Profile across Adjacent Leaves

The film obtained with the test described above may be scanned in the direction perpendicular 
to leaf motion. Since the intensity within the width of each leaf is uniform, the intensity profile 
across the leaf pairs is expected to be a step function indicating different speeds or intensity levels 
for each leaf pair. However, the dose profile measured in a phantom will show a wavy pattern as 
seen in Figure 20.10. The smearing of the intensity steps is caused by lateral scatter of photons 
and electrons in the phantom.

In this test one should look for any irregularity in the expected dose profile pattern in the 
direction perpendicular to the path of leaf motion.

A.3. Leaf Acceleration and Deceleration

In a normal delivery of IMBs with DMLC, leaves are instructed to move at different speeds from 
one segment of the field to another. Discontinuities in planned intensity profiles could possibly occur 
as a result of acceleration or deceleration of leaves due to inertia. The extent of any such problem 
may be determined by repeating the test in A.1 and intentionally interrupting the beam several 

Figure 20.9. Dose profiles 
 obtained with test 1 to check the 
stability of leaf speed. (From Chui CS, 
Spirou S, LoSasso t. testing of  dynamic 
multileaf collimation. Med Phys. 
1996;23:635-641, with permission.)
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times. As the beam is turned off, the leaves decelerate to stop. Similarly, when the beam is resumed, 
the leaves accelerate to reach their normal speed. Dosimetric consequences of leaf acceleration and 
deceleration can thus be observed in the form of discontinuities in dose profiles at the points of 
beam interruption. Figure 20.11 shows no fluctuation beyond normal uncertainty in film dosimetry.

A.4. Positional Accuracy of Leaves

To test the positional accuracy of leaves, the left and right leaves of an opposed pair are made 
to travel at the same speed but with a time lag between them. Each leaf is instructed to stop at 
the same position for a fixed duration of beam-on time and then continues its motion as before. 
 Different pairs are instructed to stop at different positions. The uniformity of dose profiles in this 
case will indicate accurate leaf positioning. If any of the leaves were to undertravel or overtravel, 
there would be a hot spot or cold spot created depending upon if a gap or overlap occurred 
between the opposing leaves at the stoppage points. The MLC designed with rounded ends will 
naturally give rise to hot spots because of extra radiation leakage at the match positions.

Thus, the presence of hot or cold spots in dose profiles indicates positional inaccuracy except 
for the normal hot spots caused by the rounded ends of the leaves. Figure 20.12 shows the results 
indicating hot spots due to rounded ends but none due to positional errors.

A.5. Routine Mechanical Check

An overall check of the mechanical accuracy of DMLC has also been recommended (23), which 
may be incorporated into a routine QA program (e.g., daily or on the day of DMLC use). The test 

Figure 20.10. Dose profile 
 resulting from test 2 to check the dose 
profile between adjacent leaves. the 
exposed film is scanned across the 
leaves in the direction perpendicular 
to the leaf motion. Due to the spread 
of secondary electrons and scattered 
photons, there is no flat dose region 
within the width of the leaves. (From 
Chui CS, Spirou S, LoSasso t. testing 
of dynamic multileaf collimation. 
Med Phys. 1996;23:635-641, with 
 permission.)

Figure 20.11. Dose profiles 
resulting from leaf acceleration and 
 deceleration (test 3). a dose variation 
of ±1% is shown by dashed lines. 
(From Chui CS, Spirou S, LoSasso 
t.  testing of dynamic multileaf 
 collimation. Med Phys. 1996;23: 
635-641, with permission.)
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is similar to A.4 except that the stop positions of the opposing leaves are shifted with respect to 
each other to create a 1-mm gap. As a result, a hot spot appears at the gap positions. Driving all 
the leaves in fixed steps (e.g., 2 cm) and creating 1-mm-wide gaps at the stop positions will give 
rise to a pattern of straight dark lines on an irradiated film as shown in Figure 20.13. Any varia-
tion in the location or the width of the dark lines would indicate positional error of a leaf. This 
can be assessed by visual inspection of the film image. The precision of this procedure is approxi-
mately 0.2 mm, which is approximately the tolerance allowed in the leaf calibration.

Figure 20.12. Dose profile 
 resulting from test 4 to check 
 positional accuracy and the effect 
of rounded leaf end. a hot spot of 
approximately 5% in dose is seen in 
all profiles. (From Chui CS, Spirou S, 
LoSasso t. testing of dynamic multileaf 
collimation. Med Phys. 1996;23: 
635-641, with permission.)

A

B

Figure 20.13. routine mechanical check (test 5). all 26 pairs produce dark lines on film at equally placed positions. 
If there is a positional error in any leaf, the location or width of the dark lines would differ from the other pairs. A: Normal 
condition with no discernible positional error. B: Shift of dark lines caused by an intentional error of 1 mm introduced in 
three leaf pairs. (From Chui CS, Spirou S, LoSasso t. testing of dynamic multileaf collimation. Med Phys. 1996;23:635-641, 
with permission.)
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B. DOSIMETRIC CHECKS

A series of dosimetric checks have been recommended by LoSasso et al. (30) specifically for the 
“sliding window” technique. These include measurements of MLC transmission, transmission 
through leaf ends, head scatter, and dose distribution in selected intensity-modulated fields.

B.1. Multileaf Collimator Transmission

Transmission through the MLC may be determined by measuring dose/MU in a phantom with the 
MLC closed and dividing it by dose/MU measured with the MLC open. Because the measurements 
are relative, the ratio of detector responses is equated to the ratio of doses. Because of the  difference 
through the leaf and interleaf transmissions, the reading should be averaged with the detector 
(e.g., ion chambers) at different positions under the leaves. A film may also be used provided its 
response is corrected for the sensitometric curve determined for the given beam energy and depth 
in the phantom. Figure 20.14 shows the results obtained for a Varian MLC. It is seen that the MLC 
transmission varies between 1.7% at midleaf to 2.7% between leaves. An average transmission of 
2% may be assumed in this case for the purpose of treatment-planning calculations.

Several manufacturers offer MLCs with rounded leaf ends. This is done to maintain a con-
stant geometric penumbra at different leaf positions in the beam. As an example, Figure 20.15 
shows the views of a Varian MLC from the side and from the front. Each leaf is 6 cm thick and 
has a rounded end. The central 3 cm of the end is circular with an 8 cm radius of curvature. The 
rest of end is straight at an angle of 11.3 degrees relative to the vertical axis. It has also been 
suggested that the effect of rounded leaf edges may be approximated in the treatment-planning 
algorithm as an offset of leaves by 1 mm (29).

The leakage between the adjacent leaves is minimized by designing the leaves so that their 
sides partially overlap; that is, one side of the leaf protrudes outward (“tongue”) and the other 
recesses inward (“groove”) so that the central parts of the adjacent leaves fit like a jigsaw puzzle. 
This overlap of the leaves reduces the extent of radiation leakage through interleaf gaps, which 
are necessary for leaf motion relative to each other. This so-called tongue and groove effect gives 
rise to higher radiation leakage than that through the middle body of the leaves but less than 
what it would be if the leaf sides were designed plane-faced. As shown earlier, interleaf transmis-
sion with the “tongue and groove” is between 2.5% and 2.7% (Fig. 20.14).

B.2. Head Scatter

Definition and measurement of collimator or head scatter factor (Sc) has been discussed in 
 Chapter 10. If the MLC in the linac head is installed closer to the patient surface than the col-
limator jaws (as in Varian accelerators), the Sc factor depends predominately on the jaw opening 
and not on the MLC opening. In the use of static MLC in conventional radiotherapy, Sc for a 
given jaw opening is affected very little by the MLC setting for fields larger than 4 × 4 cm2. 
 However, as the MLC aperture is reduced to much smaller openings, the Sc factor could drop 
significantly (e.g., by 5% for a 1 × 1-cm field). The reduction is caused by the MLC aperture 
approaching the geometric penumbra (radiation source has a finite size). On the other hand, 
if the MLC is located above the collimator jaws, the head scatter would be affected more by 

Figure 20.14. the midleaf and 
 interleaf transmission measured 
with film at isocenter. transmission 
is the ratio of dose with the multileaf 
 collimator blocked to that with the 
field open. Field size = 10 × 10 cm2 

and depth = 15 cm. (From LoSasso  t, 
Chui CS, Ling CC. physical and 
 dosimetric aspects of a   multileaf 
 collimation system used in the 
 dynamic mode for implementing 
intensity-modulated radiotherapy. 
Med Phys. 1998;25:1919-1927, with 
permission.)
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the MLC setting than the jaw opening. In either case, the treatment-planning algorithm must 
account for the Sc factors depending on the MLC geometry and the IMRT technique used.

In the sliding window technique with the Varian DMLC, typically 1- to 4-cm-wide moving 
gaps are used. The overall effect of the head scatter as a percentage of the target dose is minimal. 
A comparative influence of head scatter, MLC transmission, and the rounded edge transmission 
is shown in Figure 20.16. As part of the commissioning procedure, these data should be mea-
sured and accounted for in the TPS.

B.3. Treatment Verification

After basic checks have been made with regard to the mechanical and dosimetric accuracy of 
DMLC, the following checks are needed to verify relative dose distribution as well as absolute 
dose delivered by DMLC for selected fields and treatment plans:

Sliding Aperture Field. Using a film placed perpendicular to central axis and at a suitable depth 
in a phantom (e.g., 10 cm), dose distribution for a 10 × 10-cm field generated by a sliding 
MLC aperture (e.g., 5-mm wide) may be compared with a 10 × 10-cm static field. Absolute 
dose may also be verified by comparing optical densities (related to dose through a film-
sensitometric curve measured at the same depth) or by an ion chamber in a water phantom.

Individual IMRT fields generated by the TPS can be verified by film dosimetry in a cubic 
phantom at a suitable depth (e.g., 10 cm). Commercial systems are available that allow 

Figure 20.15. Views of the leaves (top) from the side and (bottom) 
from the front. (From LoSasso t, Chui CS, Ling CC. physical and dosimetric 
aspects of a multileaf collimation system used in the dynamic mode for 
implementing intensity modulated radiotherapy. Med Phys. 1998;25: 
1919-1927, with permission.)

Figure 20.16. relative  contribution 
of multileaf collimator transmission 
through midleaf, rounded edge, and 
overall head scatter. (From LoSasso 
t, Chui CS, Ling CC. physical and 
 dosimetric aspects of a multileaf 
 collimation system used in the 
 dynamic mode for implementing 
intensity modulated radiotherapy. 
Med Phys. 1998;25:1919-1927, with 
permission.)
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 side-by-side comparison of calculated versus measured dose distributions. Exposed films are 
scanned into the computer, which has the software to convert optical densities into dose by 
using an appropriate sensitometric curve. The calculated and measured dose distributions are 
compared side by side or by viewing the differences between the two.

Multiple Field Plan. A multiple field IMRT plan may be generated in a cubic or cylindrical phan-
tom and the dose distribution as well as absolute dose may be verified using film or an ion 
chamber. Alternatively, an IMRT plan of a particular patient (e.g., prostate plan) may be set 
up on a cylindrical or a cubic phantom to compare the calculated versus measured distribu-
tion. Figure 20.17 is an example of such a comparison.

C. QUALITY ASSURANCE

After the IMRT technique has been commissioned, it is essential to set up a quality assurance 
program to maintain original accuracies, tolerances, and specifications of the system. Because of 
the complexity of the IMRT beams and the difficulty of verifying treatment doses by manual cal-
culations, it is generally recommended to do plan verification and pretreatment checks in addi-
tion to the periodic testing of the system. A few of these tests are listed in Table 20.1, which are 
recommended. More detailed discussion of various tests and procedures is given in the AAPM 
document (12).

Figure 20.17. Comparison of calcu-
lated and measured dose distribution 
with  corrections for multileaf collimator 
 transmission and head scatter. (From 
LoSasso t, Chui CS, Ling CC. physical and 
dosimetric aspects of a multileaf  collimation 
system used in the dynamic mode for 
implementing intensity modulated 
 radiotherapy. Med Phys. 1998;25:1919-1927, 
with permission.)

TABLE 20.1      IMRT Quality Assurance Programa

Frequency Procedure Tolerance

Before first treatment Individual field verification, plan verification 3% (point dose), other per clinical 
significance

Daily Dose to a test point in each IMrt field 3%

Weekly Static field vs. sliding window field dose 
distribution as a function of gantry and 
collimator angles

3% in dose delivery

annually all commissioning procedures: stability of 
leaf speed, leaf acceleration and decelera-
tion, multileaf collimator transmission, leaf 
positional accuracy, static field vs. sliding 
window field as a function of gantry and 
collimator angles, standard plan verification

3% in dose delivery, other per 
clinical significance

IMrt, intensity-modulated radiation therapy.
aas an example for a “sliding window” IMrt program.
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For IMRT deliveries with rotating gantry angles, additional tests are required to ensure 
that the dose delivery is synchronized with the gantry angle. For tomotherapy in particular, 
the  delivery must be synchronized with the gantry angle, MLC pattern, and table position. The 
reader is referred to the QA recommendations of AAPM Task Group 148 on Tomotherapy for 
more details (31).

The plan verification procedure is discussed in Section B.3 above. This check should be per-
formed before the first treatment is delivered. In the daily pretreatment check, each IMRT field 
should be spot-checked in a phantom by measuring the dose to a test point. Detector systems 
that are routinely used for daily linac output constancy check or in vivo patient dose monitoring 
(e.g., ion chamber matrix, diode system) can also be used for this measurement.

20.5. DOSE CALCULATION ALGORITHMS 

Dose calculation algorithms for IMRT are basically the same as those for standard 3-D treat-
ment planning (see Chapter 19) except for the dynamic features of multileaf collimation. In-air 
 fluence distribution is first calculated based on the time (or MUs) a point is exposed to in the 
open part of the MLC window and the time it is shielded by the leaves. For simplicity, the 
calculated  fluence may be represented by a step function, having full intensity in the open and 
only transmitted intensity in the shielded part of the field. Refinements are added by taking into 
account leaf-edge penumbra (e.g., offset for rounded edges), interleaf transmission (e.g., “tongue 
and groove” effect), and head scatter as a function of MLC aperture and jaw position.

A. IN-AIR FLUENCE DISTRIBUTION

The in-air photon fluence information for an IMB is imbedded in a computer file, which specifies 
the position of each leaf and jaw at any instant of time. The algorithm reconstructs the fluence 
distribution by integrating an output function, which is dependent on whether the point is in the 
open portion of the field or under the MLC; for example:

 ψ  (x, y) �  LIair (t) T (x, y, t) dt (20.8)

where ψ  (x, y) is the photon energy fluence in air at a point (x, y) and Iair(x, y, t) is the beam 
intensity or energy fluence rate at time t; T(x, y, t) is the leaf transmission factor at any time t, 
being unity when the point is in the open portion of the field and a transmission fraction when 
under a jaw or leaf.

B. DEPTH DOSE DISTRIBUTION

Once the photon energy fluence distribution incident on the patient has been calculated, any of 
the methods discussed in Chapter 19 may be used to compute depth dose distribution. Because 
the size and shape of the beam apertures are greatly variable and field dimensions of 1 cm or less 
may be frequently required to provide intensity modulation, the most commonly used methods 
of dose calculation in IMRT are the pencil beam and the convolution-superposition. Monte 
Carlo techniques are also under development but are considered futuristic at this time because 
of their limitation on computation speed.

C. MONITOR UNIT CALCULATIONS

Manual calculations of MUs for IMRT are difficult, if not impossible. Reliance is usually made 
on the TPS to calculate MUs, following the same algorithm as used in the calculation of depth 
dose distribution. Some additional data [e.g., SC, SP , tissue-maximum ratios (TMRs), reference 
dose/MU] specific to the accelerator and the algorithm may be required but the MU calculations 
are performed internally by the TPS in parallel with dose calculations. This practice seems con-
trary to the long-standing principle that the MUs must be calculated or checked independently 
of the TPS. IMRT, however, is given an exception because of its complexity, caused primarily by 
intensity modulation. The user is encouraged to develop or acquire an independent MU calcula-
tion system, if available commercially. The latter will require rigorous commissioning of its own 
before it can be used as a check on the TPS. Nonetheless, it is incumbent on the user to verify 
MUs either by independent calculations or by phantom measurements. These checks are part of 
patient-specific quality assurance and should be conducted in addition to the initial commission-
ing of IMRT (even though commissioning includes experimental verification of MU calculations 
by the TPS under benchmark conditions).
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In view of the facts that the IMRT TPS is like a “black box,” that manual calculations are 
impractical, and that patient-specific dosimetry is labor intensive, the need for independent MU 
calculation cannot be overemphasized. A few reports (32,33) have addressed this problem, but 
commercial software needs to be developed as an adjunct to the TPS to provide an independent 
verification of MUs.

Methods of calculating MUs to deliver a certain dose are inverse of the methods used in the 
calculation of dose when a patient is irradiated with a given beam weight or fluence. Although 
doses in a TPS are calculated as relative distributions, the normalizing conditions used by the 
algorithm can be related to the calibration conditions to provide MUs. In IMRT, because beam 
intensity within the field is modulated (beam profile is no longer uniform), pencil beam or convo-
lution-superposition algorithms are the methods of choice for dose calculations. However, they 
are not suitable for manual calculation of MUs. It is more practical to write a separate computer 
program, which simplifies these or other models and applies them more transparently to the 
problem of MU calculation. Basic principles of this approach are presented below as examples.

C.1. Finite-size Pencil Beam

Instead of generating an infinitesimally small pencil beam analytically, it is possible to measure a 
finite-size pencil beam (FSPB) experimentally. The latter consists of measured depth dose distri-
bution and profiles for a small field size (e.g., 1 × 1 cm2). In the FSPB dose calculation formalism, 
a given intensity-modulated field is divided into finite-size elements (1 × 1 cm2) and the dose 
from all the FSPBs is integrated, taking into account the relative weight for the total fluence for 
each pencil beam. The following equation summarizes the relationship between MUs and dose 
Di(P) at a point P at depth d contributed by the nth FSPB:

 Di(P) � k #  MU #  TMR (d) # SCrP
# Ti

# ISF #  OARi(d) (29.9)

where K is the calibration factor of the accelerator (dose/MU under reference conditions); TMR 
(d) is the tissue-maximum ratio at depth d for the FSPB; SC,P is the output factor at the reference 
depth of maximum dose for the FSPB relative to the calibration field size (10 × 10 cm2); Ti is 
the transmission factor (Ti is a small fraction when P is under the leaf and is equal to unity when 
P is in the open); ISF is the inverse square law factor to account for change in distance from the 
source to point P versus the distance from the source to the reference point of calibration; and 
OARi (d) is the off-axis ratio at point P relative to the central axis of FSPBi. It should be noted 
that the above equation is similar to the one used for traditional radiation therapy beams (see 
Chapter 10). Total dose at point P is calculated by summing the contribution of all FSPBs to the 
point P.

The above method of calculating dose distribution has been used by a commercially available 
TPS, CORVUS.4 Details of the algorithm have been published by Sternick et al. (34). Because the 
method involves convolution of FSPBs and many other corrections related to patient contours 
and the specific IMB collimator, it is not possible to adopt it as such for manual calculations. 
However, with a few reasonable approximations, a simpler computer program can be written 
to provide an independent verification of MUs. Such a program has been developed by Kung 
et al. (33) and is briefly discussed below.

The method of Kung et al. is based on the concept of modified Clarkson integration (see 
Chapter 9) in which the Clarkson integration is carried out over annular sectors instead of 
pie sectors. A given IMRT field is divided into concentric circles, centered at central axis. It is 
assumed that the fluence contributed to central axis from subfields located at radius r is the same 
as would be by uniformly irradiated subfields of averaged fluence at radius r. In other words, 
fluence or MUs delivered to subfields at radius r can be averaged to calculate their contribution 
to scattered dose along the central axis, because of the azimuthal symmetry.

Details of MUs to be delivered to subfields are contained in the DMLC file. Composite of 
weighted MUs of each subfield gives a fluence map in terms of MU(x, y). Average fluence, MU (r),  
at the circumference of a circle of radius r is given by

 MU (r) �
1

2p
 L
circle

MU (x, y) du (20.10)

The contribution of scattered Ds to central axis at depth from an annulus between radii r 
and r + Δr, uniformly irradiated by MU (r) is given by

 Ds(d, annulus) � K # MU (r) # SC
# [SP(r � �  r) #  TMR (r � �  r) � Sp(r) # TMR (r)] #  ISF (20.11)

4Produced by NOMOS Corporation, Sewickley, Pennsylvania.
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where K is the dose/MU under reference conditions of calibration; SC is the head scatter 
( corresponding to jaw opening, ignoring MLC scatter); SP and TMR (defined in Chapter 10) 
correspond to a circular field of radius r, which can be derived from equivalent rectangular field 
data (see Chapter 9); and ISF is the inverse squarer law factor, defined earlier.

Total dose, D(d), at the center of an annulus is the sum of primary dose DP and scattered 
dose DS.

 D (d) � DP (d) � DS(d) (20.12)

Referring to Figure 20.18, DP is calculated from MU (0), which is obtained by averaging MU 
(x, y) over a small central circular area (e.g., r = 1 cm):

 DP � K # MU (0) #  SC
# SP(0) #  TMR (0) #  ISF (20.13)

The total scattered dose at central axis, DS, is calculated by Clarkson integration over all annuli:

 DS � K # SC
# ISF aMU (r) [Sp (r � �  r) #  TMR (r � �  r) � SP(r) # TMR (r)] (20.14)

Kung et al. (33) have tested the above algorithm for a number of IMRT cases and found an 
agreement within ±3% with CORVUS.

C.2. Convolution Algorithms

The convolution method involves radiation transport in which primary interactions are cal-
culated separately from the interaction of secondary particles (charged particles and scattered 
photons). The dose in a phantom is calculated by convolving the terma distribution with dose 
kernels (see Chapter 19). The convolution dose engine basically calculates dose per unit energy 
fluence. Since the incident energy fluence is proportional to MUs, the dose can be scaled to give 
dose/MU.

A suitable formalism for the calculation of MUs using the convolution algorithm could be 
based on dose per unit energy fluence. For example, the basic equation used by the ADAC 
 Pinnacle5 TPS is of the form:

 MU �
Dd

K #  ND # Sc
#  ISF

 (20.15)

where Dd is the prescribed dose at depth d and ND is the normalized dose factor. ND is the ratio 
of dose per unit energy fluence at the prescription point to the dose per unit energy fluence at the 
reference point of calibration.

It can be shown that for a normally incident beam in a water phantom, ND = TMR × Sp. Let 
C denote the field size defined by collimator jaws, Co be the reference field size (10 × 10 cm2), 
and ψ be the photon energy fluence.

By definition, at the prescription point:

 ND �
Dd(C)

ψ  (C)
 #

ψ  (Co)

Ddm

(Co)
 (20.16)

5ADAC Laboratories, Milpitas, California.

Figure 20.18. Schematic of modified Clarkson 
method in which integration is carried out over annular 
sectors. the dose contributed by an annulus (dotted) is 
the difference between the doses from the circular fields 
of radii r + Δr and r. (redrawn from Kung Jh, Chen GtY, 
Kuchnir FK. a monitor unit verification calculation in 
intensity modulated radiotherapy as a dosimetry quality 
assurance. Med Phys. 2000;27:2226-2230.)
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or

 ND �
Dd (C)

Ddm

 (C)
 #

Ddn

(C)

Ddm

(C0)
 #

ψ (C0)

ψ  (C)
 (20.17)

From the definitions of TMR, SC, Sp, and SC,p (see Chapter 10), Equation 20.16 becomes

 ND �  TMR # SC,p
# 1
SC

 (20.18)

or

 ND � TMR # SP (20.19)

Thus, the MU calculation formalism based on dose per unit energy fluence is consistent with the 
traditional system using TMR, SC, Sp, and so on. The advantage of using dose per unit energy 
fluence is that the MUs are calculated simultaneously with dose computation by the convolution 
dose engine for which the raw output is the dose per unit energy fluence.

Mackie et al. (35) have suggested calibration of the accelerator in terms of incident energy 
fluence per MU ψ (P)/MU at a defined point P (e.g., reference point of calibration). If Dmeas is the 
measured dose in a water phantom at P and Dcalc is the calculated dose (by convolution algo-
rithm) at the same point in a simulated water phantom, under the same irradiation conditions, 
then the energy fluence calibration factor is given by

 
ψ  (P)

MU
 �

Dmeas /MU

Dcalc /ψ  (p)
 (20.20)

The computed dose per incident energy fluence D(x, y, z)/ψ (P) at any point can thus be con-
verted to dose per MU D(x, y, z)/MU using the energy fluence calibration factor given by 
 Equation 20.20:

 D(x, y, z)∙MU=[D(x, y, z)∙ψ (P)]. ψ (P)∙MU (20.21)

As discussed earlier, for a conventional radiotherapy beam, MUs calculated by convolution algo-
rithms can be verified by using traditional concepts of TMRs and measured output factors. In 
IMRT, where the fields are irradiated with IMBs, the traditional formalisms break down unless 
the field is subdivided into elementary fields of uniform intensity but different fluences. A method 
like the modified Clarkson integration could then be applied using TMRs and output factors for 
the reference elementary beam, as described earlier. Since manual verification is still difficult, the 
need for independent computer codes cannot be avoided.

20.6. CLINICAL APPLICATION 

IMRT can be used for any treatment for which external beam radiation therapy is an appropri-
ate choice. The basic difference between conventional radiotherapy (including 3-D CRT) and 
IMRT is that the latter provides an extra degree of freedom, that is, intensity modulation, in 
achieving dose conformity. Especially targets of concave shape surrounding sensitive structures 
can be treated conformly with steep dose gradients outside the target boundaries—a task that 
is almost impossible to accomplish with conventional techniques. Figure 20.19 is an example 
of such a target.

For localized lesions in any part of the body, IMRT compares well with or exceeds the capa-
bilities of other techniques or modalities. In treating brain lesions, IMRT can generate dose 
distributions comparable to those obtained with stereotactic radiation therapy using x-ray knife 
or g knife. Figure 20.20 shows a few examples of head and neck tumors. Additionally, IMRT is 
not limited by target size or its location.

IMRT can also compete well with proton beam therapy for all disease sites, albeit with some 
subtle differences radiobiologically but not so subtle differences cost-wise. The price of IMRT 
capability is only a small fraction of that of a proton beam facility.

Superficial disease sites (e.g., parotid, neck nodes, chest wall), often treated with electrons, 
can also be treated with IMRT as effectively, if not better. However, practical considerations may 
sometimes preclude the use of IMRT for cases where electrons offer a technically simpler option 
(e.g., skin cancers, total skin irradiation, superficial breast boost).

IMRT is comparable to brachytherapy in dose conformity but it is a different modality radio-
biologically. So the choice between IMRT and brachytherapy should be based not only on the 
technical or dosimetric considerations, but also on the radiobiologic properties of brachyther-
apy versus external beam. For example, treatment of prostate with seed implants has a differ-
ent rationale than for IMRT although dose conformity is comparable in terms of dose falloff 
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BA

Figure 20.19. a concave-shaped target of a thyroid tumor in close vicinity of spinal cord (A) and the 
 intensity-modulated radiation therapy–generated isodose plan in a transverse slice (B).

beyond the prostate volume. Radiobiology of the two modalities is obviously different because 
of  differences in dose homogeneity and dose rate or fractionation (e.g., continuous vs. fraction-
ated dose delivery).

Of all the sites suitable for IMRT, the prostate gland has received the greatest attention 
because of the greater degree of dose conformity that can be achieved compared to the con-
ventional techniques, including 3-D conformal (Fig. 20.21). However, it is debatable whether 
a higher degree of dose conformity to an image-based target volume correlates with better 
treatment outcome or if it is a sufficient rationale for dose escalation. The reader should bear 
in mind that dose conformity is a “double-edged sword,” with more normal tissue sparing on 
the one hand and greater possibility of target miss on the other. As discussed earlier in con-
junction with 3-D CRT (see Chapter 19), an image-based treatment plan cannot fully account 
for (a) the true extent of clinical target volume, (b) accurately applicable TCP and NTCP, and 
(c) natural motion of target volume and organs at risk. Because of these unavoidable uncer-
tainties, too much emphasis on dose conformity can backfire, resulting in inadequate target 

A

Figure 20.20. examples of 
 intensity-modulated radiation therapy 
(IMrt)-generated plans for head and 
neck tumors. Isodose plans (A) and 
(continued) 
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B

C D

Figure 20.20. continued. (B) show transverse and sagittal dose distributions from an unknown primary in which  
60 Gy was delivered to the primary target volume with the cord receiving no more than 42 Gy. Sample IMrt plans 
for optic glioma (C) and multiple brain metastases (D) were generated by the COrVUS treatment-planning system, a 
 component of the NOMOS’s peaCOCK system. (Courtesy of Nomos Corporation, Sewickley, pa.)

coverage or an increase in normal tissue complications, especially when following aggressive 
dose-escalation schemes.

IMRT is an elegant treatment-planning and delivery technique. It allows practically unlim-
ited control over shaping of dose distribution to fit tumors of complex shape while sparing 
critical normal tissues in close proximity. Undoubtedly, IMRT is the ultimate tool in external 
beam  radiation therapy and is expected to supersede other techniques including 3-D CRT and 
 stereotactic radiation therapy. However, it should be recognized that technical precision alone 
in dose planning and delivery does not ensure superior clinical results. Of equal or greater 
importance are the design of the PTV, localization of organs at risk, patient immobilization, and 
on-line portal imaging. In short, the success of IMRT when indicated does not depend on if it is 
applied, but rather how it is applied.

82453_ch20_p430-453.indd   451 1/17/14   3:21 PM



452 part II I Modern radiation therapy

Figure 20.21. an example of 
intensity-modulated radiation therapy 
(IMrt) plan for prostate using five 
fields. any number of IMrt fields may 
be used depending on the degree of 
 optimization desired in dose distribution 
and practical considerations of patient 
setup and equipment limitations.

• IMRT requires at least two systems in addition to the conventional linear accelerator: 
(a) computer treatment-planning system with IMRT software and (b) beam delivery 
system capable of nonuniform fluences as required by IMRT software.

• Inverse planning algorithms with plan optimization techniques such as simulated 
 annealing are best suited for IMRT treatment planning.

• Most IMRT beam delivery is accomplished by either of the two techniques: (a) using 
MLC as intensity modulator or (b) tomotherapy (slice by slice or helical) analogous to 
CT scanning, using a special collimator for intensity modulation.

• Clinical implementation of IMRT requires checks of beam delivery, treatment planning, 
and a rigorous quality assurance program. Some of the commissioning procedures and 
QA tests are discussed in this chapter.
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21.1. INTRODUCTION 

Stereotactic radiosurgery (SRS) is a single-fraction radiation therapy procedure for treating 
intracranial lesions using a combination of a stereotactic apparatus and narrow multiple beams 
delivered through noncoplanar isocentric arcs. The same procedure when used for delivering 
multiple dose fractions is called stereotactic radiotherapy (SRT). Both techniques involve three-
dimensional imaging to localize the lesion and delivering treatment that concentrates the dose 
in the target volume and spares as much as possible the normal brain. A high degree of dose 
conformity is a hallmark of SRS, which is generally achieved by using appropriate circular beams 
to fit the lesion, optimizing arc angles and weights, and using multiple isocenters or dynamically 
shaping the field during arc rotations with mini (or micro) multileaf collimators (MLCs).

Accuracy of beam delivery is another hallmark of SRS. It is strictly controlled by a specially 
designed stereotactic apparatus, which is used through all steps of the process: imaging, tar-
get localization, head immobilization, and treatment setup. Because of the critical nature of 
brain tissue, elaborate quality assurance (QA) procedures are observed. The best achievable 
mechanical accuracy in terms of isocenter displacement from the defined center of target image 
is 0.2 mm ± 0.1 mm, although a maximum error of ±1.0 mm is commonly accepted in view of 
the unavoidable uncertainties in target localization.

The term radiosurgery was coined by a neurosurgeon Lars Leksell in 1951 (1). He developed 
the procedure in the late 1940s to destroy dysfunctional loci in the brain using orthovoltage x-rays 
and particle accelerators. His later work involved the use of a specially designed cobalt unit, called 
the gamma knife (or g-knife). Currently there are three types of radiation used in SRS and SRT: 
heavily charged particles, cobalt-60 g rays, and megavoltage x-rays. Of these, the most commonly 
used modality is the x-rays produced by a linear accelerator. In analogy to the g-knife, the linac-
based SRS unit may be called the x-ray knife. The g-knife has better mechanical accuracy, although 
there is no significant clinical difference between the g-knife and x-ray knife. The g-knife also costs 
more than the x-ray knife; however, both are substantially cheaper than a heavy particle accelera-
tor. Of course, most of the radiation generators used for SRS are also used for other radiotherapy 
procedures with the exception of the g-knife, which is dedicated solely for intracranial SRS or SRT.

21.2. STEREOTACTIC RADIOSURGERY TECHNIQUES 

Two SRS techniques are described in this chapter: the linac-based x-ray knife and the g-knife. 
Greater details are provided on the most frequently used system, the x-ray knife, while a brief 
review is given on the g-knife for general information.

A. X-RAY KNIFE

The linac-based SRS technique consists of using multiple noncoplanar arcs of circular (or dynam-
ically shaped) beams converging on to the machine isocenter, which is stereotactically placed at 
the center of imaged target volume. A spherical dose distribution obtained in this case can be 
shaped to fit the lesion more closely by manipulating several parameters: selectively blocking 
parts of the circular field, shaping the beam’s-eye aperture dynamically with a MLC, changing 
arc angles and weights, using more than one isocenter, and combining stationary beams with 
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arcing beams. Optimization of some of these parameters is carried out automatically by the 
treatment-planning software.

A.1. Stereotactic Frame

There are basically two linac-based SRS systems: pedestal-mounted frame and couch-mounted 
frame. The frame in this case refers to an apparatus called the stereotactic frame, which is attach-
able to the patient’s skull as well as to the couch or pedestal. This provides a rigidly fixed frame 
of coordinates for relating the center of imaged target to isocenter of treatment. Several frames 
have been developed for general stereotactic applications and some of these have been adopted 
for SRS. The most noteworthy of the SRS frames are Leksell, Riechert-Mundinger, Todd-Wells, 
and Brown-Robert-Wells (BRW). These have been described in detail by Galloway and Maci-
unas (2). Only the BRW frame will be discussed in this chapter.

Figure 21.1 shows the basic stereotactic system with the BRW frame, computed tomography 
(CT) localizer, angiographic localizer, and a device for fixing the frame to the patient support 
table. The BRW frame has three orthogonal axes: anterior, lateral, and axial (Fig. 21.2). The 
three axes intersect at the center of the circular frame and the origin is defined 80 mm from the 
top surface of the ring.

The CT localizer frame is equipped with nine fiducial rods, which appear as dots in the 
transaxial slice image. Since the location of these points in the frame space is precisely known, 
any point in the image can be defined in terms of the frame coordinates. A patient docking 
device couples the frame to the accelerator through the patient support system (pedestal or 
couch-mount bracket). The origin of the frame is aligned with the linac isocenter to within  
0.2 to 1.0 mm, depending on the system (pedestal-mounted systems tend to be more accurate 
than the couch-mounted ones). The angiographic localizer frame consists of four plates and 
attaches to the BRW head ring. Each plate is embedded with four lead markers, which act as 
fiducial markers for the angiographic images.

A

C

B

Figure 21.1. Basic stereotactic system showing 
A: (starting clockwise from upper right) computed 
tomography (Ct) localizer, angiographic localizer, 
patient-positioning mount, and head ring with 
posts and pins; B: angiographic localizer; and  
C: Ct localizer. (From Bova FJ, Meeks SL, Friedman 
Wa. Linac radiosurgery: system requirements, 
procedures, and testing. In: Khan FM, potish ra, 
eds. Treatment Planning in Radiation Oncology. 
Baltimore, MD: Williams & Wilkins; 1998:215-241, 
with permission.)
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The magnetic resonance imaging (MRI) localizer is a slightly modified version of the  
CT localizer and is compatible with MRI. It has fiducial rods whose locations are precisely 
known with respect to the BRW frame, thus allowing the localization of any point within the 
MRI image.

A special relocatable head ring, called the Gill-Thomas-Cosman (GTC), has been designed 
for fractionated SRT (Fig. 21.3). It uses a bite block system, headrest bracket, and Velcro straps 
attached to the BRW frame.

Post support Positional label

ANTERIOR

Stabilizing clamp
screws

Ball extension
socket

Localizing
frame lock

Figure 21.2. Schematic drawing of Brown-robert-Wells frame. (From Cho Kh, Gerbi BJ, hall Wa. Stereotactic 
 radiosurgery and radiotherapy. In: Levitt Sh, Khan FM, potish ra, et al., eds. Technological Basis of Radiation Therapy.  
philadelphia, pa: Lippincott Williams & Wilkins; 1999:147-172, with permission.)

A B

Figure 21.3. A: the Gill-thomas-Cosman (GtC) relocatable head ring with bite block and Velcro straps. B: the GtC 
head ring worn by the patient. (From Cho Kh, Gerbi BJ, hall Wa. Stereotactic radiosurgery and radiotherapy. In: Levitt 
Sh, Khan FM, potish ra, et al., eds. Technological Basis of Radiation Therapy. philadelphia, pa: Lippincott Williams & Wilkins; 
1999:147-172, with permission.)
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A.2. Linac Isocentric Accuracy

An essential element of the SRS procedure is the alignment of stereotactic frame coordinates 
with the linac isocenter (point of intersection of the axes of rotation of the gantry, collima-
tor, and couch). Acceptable specification of linac isocentric accuracy requires that the isocenter 
(mechanical as well as radiation isocenter) remain within a sphere of radius 1 mm with any 
combination of gantry, collimator, and couch rotation. The same specification holds good for 
a linac used for SRS, with an added stipulation that the stereotactically determined target iso-
center is coincident with the linac isocenter within ±1 mm (3). Tests required to check the linac 
specifications and its isocentric accuracy are described in the AAPM Reports 54 and 40 (3,4).  
These recommendations, which are also discussed in Chapter 17, form the basis of linac  
QA required for SRS.

A.3. Stereotactic Accuracy

The BRW frame system includes a verification device called the phantom base (Fig. 21.4). It 
has identical coordinates (anteroposterior, lateral, and vertical) to those of the BRW frame. As 
a standalone device, it provides an absolute frame of reference for stereotactic coordinates of 
the entire system: BRW frame, patient support system, and the localizer systems for CT, MRI, 
and angiography. The accuracy of the phantom base should be carefully maintained because it 
serves as a reference standard for all other steps in the stereotactic localization process. Gerbi 
et al. (5) have constructed a simple and mechanically rugged device to routinely test the accuracy 
of the phantom base.

Lutz et al. (6) have described a procedure of using the phantom base to check the alignment 
of radiation isocenter with the target point defined by the coordinates set on the BRW  pedestal. 
This test is performed by setting the target point (treatment isocenter) coordinates on the phan-
tom base. The tip of the phantom base pointer is matched to the tip of the transfer pointer. The 
tapered tip of the transfer pointer is then replaced with a tungsten ball, thus ensuring that its 
center is located exactly at the tapered tip position (Fig. 21.5A). The transfer pointer [also known 
as the target simulator) is then attached to the pedestal (also known as the independent support 
stand (ISS)], whose coordinates are set to the same BRW coordinates as those set on the phantom 
base. A series of port films of the tungsten ball is taken at a number of gantry- and couch-angle 
combinations (Fig. 21.5B). Figure 21.5C shows the results for eight gantry-table combinations. 

4

Positioning
rods

Target pointer
base

Transfer
attachment

PHANTOM BASE

Socket for attachment
of target pointer base

3

2

1

Figure 21.4. Schematic of the phantom base (1), transfer attachment (2), interchangeable pointer and target 
ball  devices (3), and transfer pointer assembly (4). (From Cho Kh, Gerbi BJ, hall Wa. Stereotactic radiosurgery and 
 radiotherapy. In: Levitt Sh, Khan FM, potish ra, et al., eds. Technological Basis of Radiation Therapy. philadelphia, pa: 
 Lippincott Williams & Wilkins; 1999:147-172, with permission.)
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Concentricity of the ball image within the circular field is analyzed with a special magnifying 
eyepiece containing a fine scale. This test can indicate alignment to within ±0.1 mm.

In the couch-mounted system, the tip of the phantom pointer is aligned with the intersection 
point of the wall-mounted lasers. After a precise alignment, the tapered tip is replaced with the 
tungsten ball. The center of this sphere simulates the target point within the patient. Verification 
films are then taken for a number of gantry– and couch–angle combinations. This test ensures 
that the target point, the radiation isocenter, and the intersection point of the wall-mounted 
lasers are aligned regardless of the gantry or table position.

A.4. Overall Accuracy

Before the SRS system is declared ready for patient treatments, the entire radiosurgery proce-
dure should be tested for geometric accuracy (2). This can be accomplished by using a suitable 
head phantom with imageable targets. The test phantom and the targets must be compatible 
with the imaging modality used. One such test phantom for CT and MRI is commercially avail-
able and is shown in Figure 21.6. The phantom contains test objects: a cube, sphere, cone, and 
cylinder. The top center point of each of these objects is identified in the CT and MRI images 
and the BRW coordinates are reconstructed by the treatment-planning software. The compari-
son of these coordinates with the known coordinates of these points in the phantom gives the 
geometric accuracy. The analysis can be extended step by step to the entire SRS process.

If the change in individual coordinates is denoted by Δ, the localization error, LE, is given by

 LE � [(�AP)2 � (�Lat)2 � (�Vert)2]0.5 (21.1)

Lutz et al. have analyzed localization accuracy in the “treatment” of 18 hidden targets in a test 
phantom and reported average errors of 1.3 ± 0.5 mm and 0.6 mm ±0.2 mm, respectively, for 
CT and plane film angiography.

C

A

B

Figure 21.5. A: Schematic of target simulator (steel ball) attached to the Brown-robert-Wells phantom base.  
B: target simulator mounted on the pedestal to verify target alignment with radiation isocenter as a function of table 
and gantry angles. C: port films of the tungsten ball for eight gantry-ball combinations. (Figure 21.5a,B is reproduced 
from Lutz W, Winston Kr, Maleki N. a system for stereotactic radiosurgery with a linear accelerator. Int J Radiat Oncol Biol 
Phys. 1988;14:373, with permission.)
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The geometric accuracy of target localization for MRI is not as good as for CT or angiogra-
phy. However, MRI is a superior diagnostic tool for many types of brain lesions. Moreover, it is 
often desirable to use all of the three imaging modalities for improved target localization. Special 
software is commercially available that allows correlation between CT, MRI, and angiography 
using automatic image fusion (see Chapter 19).

A.5. Beam Collimation

SRS or SRT is normally used for small lesions requiring much smaller fields than those for con-
ventional radiation therapy. In addition, the geometric penumbra [which is inversely proportional 
to source to diaphragm distance (SDD), see Equation 4.2 in Chapter 4] must be as small as possi-
ble. A tertiary collimation system for SRS is therefore designed to bring the collimator diaphragm 
closer to the surface. This has been achieved, for example, by using 15-cm-long circular cones 
made of Cerrobend lead, encased in stainless steel. The cones are mounted below the x-ray jaws, 
which provide a square opening larger than the inside diameter of the cone, but small enough 
to prevent radiation escape from the sidewalls of the cone. Because of the large potential error 
in treating with an x-ray jaw set much larger than intended, the field size should be interlocked 
with the stereotactic cone. A range of cone diameters from 5 to 30 mm is needed for treating SRS 
lesions. A few cones of larger diameter may also be available for treating larger lesions with SRT.

As stated previously, attachment of long cones below the x-ray jaws extends the SDD, thus 
reducing the geometric penumbra. The cones are mounted with their central axes aligned with 
the beam central axis. As a result, the radiation isocenter of the beam remains centered within the 
cone opening and follows the same deviation (within ±1 mm) as allowed with gantry  rotation.

As mentioned earlier, the SRS fields can be shaped with MLCs. BrainLab (http://www 
.brainlab.com/) has designed a micro-MLC specifically for SRS, which shapes the field to fit 
the beam’s-eye-view outline of the target as the gantry rotates to deliver the treatment. The 
treatment-planning software shapes the MLC dynamically at each angle to achieve conformity 
to the outlined target as well adjust arc weights to optimize dose distribution.

B. G-KNIFE

The g-knife delivers radiation to a target lesion in the brain by simultaneous irradiation with a 
large number of isocentric g-ray beams. In the g-knife, a large number of cobalt-60 sources are 
housed in a hemispherical orientation and the beams are collimated to focus on a single point. 
In order to maintain permissible exposure levels, the sources are contained in a very heavy 
(>20 tons) shielded central body with a shielded entrance door which is closed between treat-
ments. A hydraulic system is used to control the opening and closing of the shielded entrance 
door, as well as to position the patient at the focal point of the unit.

The most recent model of g-knife unit is Perfexion, by Elekta Oncology Systems (Fig. 21.7). 
Salient features of this system are outlined below:

•	 In	 Perfexion,	 the	g-ray beams can be delivered by any number of 192 cobalt-60 sources, 
housed in a cylindrical configuration in five rings.

•	 The	beams	are	 collimated	by	a	 single	12-cm	 thick	 tungsten	collimator	 ring	array	which	 is	
subdivided into eight movable sectors, each holding 24 sources.

•	 There	are	three	collimator	sizes	available:	4	mm,	8	mm,	and	16	mm	diameter.

Figure 21.6. a head phantom 
used for the verification of computed 
tomography and magnetic resonance 
imaging scanners. (From Cho Kh, Gerbi 
BJ, hall Wa. Stereotactic radiosurgery 
and  radiotherapy. In: Levitt Sh, Khan FM, 
potish ra, et al., eds. Technological Basis 
of Radiation Therapy. philadelphia, pa: 
 Lippincott  Williams & Wilkins; 1999: 
147-172, with permission.)
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A

Figure 21.7. Leksell gamma knife perfexion. A: picture of perfexion unit. B: Illustration of the perfexion 
 collimating system. (Courtesy of elekta Medical Systems.) (http://www.elekta.com/healthcare_international_ 
leksell_gamma_knife_perfexion.php)

B
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•	 A	sector	containing	24	sources	can	be	moved	automatically	to	a	collimator	set	with	any	one	
of the above sizes or to an off position in which all the sources are blocked.

•	 The	patient	is	set	up	in	the	treatment	position	by	a	patient	positioning	system	(PPS)	which	
moves the whole patient (instead of just the patient’s head as in the previous models) into 
preselected stereotactic coordinates.

•	 The	PPS	requires	a	patient	 frame	adapter	 that	attaches	 to	 the	standard	stereotactic	Leksell	 
G frame worn by the patient. The frame adapter is docked directly to the PPS.

•	 The	patient’s	head	can	be	locked	into	one	of	three	possible	orientations,	called	gamma angles: 
70° (chin up), 90° (chin horizontal), and 110° (chin down).

•	 Treatment	 target	 in	 the	 brain	 is	 localized	with	Leksell’s	 stereotactic	 frame	 attached	 to	 the	
 patient’s skull and by performing imaging studies, such as CT, MRI or angiography.

•	 The	Perfexion	g-knife allows efficient treatment of one or more tumors in the brain in a single 
session. It has the potential to treat lesions in the orbits, paranasal sinuses, and cervical spine.

As stated previously, there are no significant clinical differences between g-knife and x-ray knife 
treatments. However, the g-knife can only be used for small lesions because of its field size 
limitation, although several isocenters can be placed within the same target to expand or shape 
dose distribution. For treating multiple isocenters or targets, the g-knife is more practical than 
the x-ray knife because of its simplicity of setup. For the same reasons, the g-knife can produce 
a more conformal dose distribution than that possible with the x-ray knife unless the latter is 
equipped with special field-shaping collimators such as the dynamic MLC. On the other hand, 
the x-ray knife is more economic because it is linac based, and can be used for all kinds of 
radiation therapy techniques including SRS, SRT, intensity-modulated radiation therapy, and 
conventional radiation therapy.

21.3. DOSIMETRY 

Typically there are three quantities of interest in SRS dosimetry: central axis depth distribution 
(% depth dose or tissue-maximum ratios [TMRs]), cross-beam profiles (off-axis ratios), and 
output factors (Sc,p or dose per monitor unit [MU]). Measurement of these quantities is compli-
cated by two factors: detector size relative to the field dimensions and a possible lack of charged 
particle equilibrium. In either case, the detector size must be as small as possible compared to 
the field size.

For the measurement of central axis depth dose, an essential criterion is that the sensitive 
volume of the detector must be irradiated with uniform electron fluence (e.g., within ±0.5%). 
Because in a small circular field the central axis area of uniform intensity does not extend beyond 
a few millimeters in diameter, this puts a stringent requirement on the detector diameter. For a 
cross-beam profile measurement, the detector size is again important because of the steep dose 
gradients at the field edges. The dosimeter, in such a case, must have high spatial resolution to 
accurately measure field penumbra, which is critically important in SRS.

Several different types of detector systems have been used in SRS dosimetry: ion chambers, 
film, thermoluminescent dosimeters, and diodes. There are advantages and disadvantages to 
each of these systems. For example, the ion chamber is the most precise and the least energy-
dependent system but usually has a size limitation; film has the best spatial resolution but shows 
energy dependence and a greater statistical uncertainty (e.g., ±3%); thermoluminescent dosim-
eters show little energy dependence and can have a small size in the form of chips but suffer from 
the same degree of statistical uncertainty as the film; and diodes have small size but show energy 
dependence as well as possible directional dependence. Thus, the choice of any detector system 
for SRS dosimetry depends on the quantity to be measured and the measurement conditions.

A. CROSS-BEAM PROFILES

The effect of detector size on the accuracy of beam profiles has been investigated by Dawson 
et al. (7) and Rice et al. (8). It has been shown that with a detector size of 3.5 mm diameter, the 
beam profiles of circular fields in the range of 12.5 to 30.0 mm in diameter can be measured 
accurately within 1 mm. Because cross-beam profiles involve relative dose measurement (doses 
are normalized to central axis value) and there is little change in the photon energy spectrum 
across small fields, diodes and film are the detectors of choice.

Beam profiles at various depths can be measured with a film (e.g., Kodak X-OMAT V) sand-
wiched parallel to central axis between slabs of a unit-density phantom (e.g., polystyrene or 
solid water) as discussed in Chapter 14. Because in film dosimetry, spatial resolution is governed 
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primarily by the densitometer aperture, it is recommended that the aperture size be 1 mm or less. 
Digital film scanners are commercially available with special dosimetry software that allows the 
input of film sensitometric data and other corrections to convert optical density to dose.

B. DEPTH DOSE DISTRIBUTION

Measurement of central axis depth dose in a small field requires that the detector dimensions be 
small enough so that it lies well within the central uniform area of the beam profile. For field sizes 
of diameter 12.5 mm or greater, it has been shown that the central axis depth dose can be mea-
sured correctly with a parallel plate ionization chamber of diameter not exceeding 3.0 mm (9).  
Smaller-diameter chambers will be required for smaller field sizes.

Film or diodes can also be used for central axis depth dose distribution, especially for very 
small field sizes. Because the proportions of scattered photons of lower energy increase with 
depth, energy dependence of the film or diodes must be taken into account. Depth-dependent 
correction factors can be determined by comparing film or diode curves with ion chamber curves 
using larger fields (e.g., 30 to 50 mm diameter).

Although TMRs can be measured directly, they can be calculated from percent depth doses 
as discussed in Chapter 10.

C. OUTPUT FACTORS

Output factors (Sc,p) for small fields pose the same kinds of problems as for beam profiles and 
depth dose measurements. Detector size in relation to the field size is the critical parameter. 
It has been shown that for fields of diameter 12.5 mm and larger, cylindrical or parallel-plate 
chambers of 3.5 mm diameter allow the output factors to be measured accurately to within  
0.5% (8). Figure 21.8 shows an example of output factors as a function of field size.

For ultrasmall fields (diameter of 10 mm or less), film, thermoluminescent dosimeters, and 
diodes are the most appropriate detectors for profile, depth dose, and output factor measure-
ments. Because of their small size, these systems offer high spatial resolution, which is of para-
mount importance in such measurements. However, they should be properly calibrated against 
ion chambers using a large enough field size for ion chamber dosimetry (e.g., 3 to 5 cm diameter).

21.4. DOSE CALCULATION ALGORITHM 

Any of the dose calculation methods discussed in Chapters 10 and 19 can be adopted for SRS 
dose calculations. The approximate spherical geometry of the human head and homogeneity of 
tissue density greatly simplify the demands on a dose calculation algorithm. One of the simplest 
methods of beam modeling is based on TMRs, off-axis ratios, exponential attenuation, output 
factors, and inverse square law. The beam data are acquired specifically for the beam energy and 
circular fields used in SRS, as discussed previously.

The patient surface contour geometry is defined three-dimensionally by CT scans. The mul-
tiple arc geometries are simulated by stationary beams separated by angles of 5 to 10 degrees. 
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Figure 21.8. Sample output 
factors (cGy/MU) for 10- through 
40-mm-diameter cones. the x-ray 
jaws were set at 8 × 8 cm2. (From 
Friedman Wa, Bova FJ. the University 
of Florida radiosurgery systems. 
Surg Neurol. 1989;32:334, with 
 permission.)
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The choice of dose calculation grid has been discussed by Niemierko and Goitein (10). They 
have shown that a 2-mm grid spacing produces a dose uncertainty of 1% to 2%, compared to 
3% to 4% uncertainty with a 4-mm grid spacing. Of course, the overall accuracy depends on 
the accuracy of all dose calculation parameters, beam modeling, interpolation routines, grid size, 
positional accuracy, etc.

The CT and MRI scans for treatment planning are obtained with a slice separation typically 
between 3 and 10 mm. Greater resolution is required for target definition. So a smaller slice 
separation of 1 to 3 mm is used to scan the lesion and the critical structures in its close vicinity. 
Target volumes are outlined slice by slice in the CT images and correlated with MRI scans and 
angiograms through fusion techniques.

Calculated dose distributions are overlaid on individual CT, MRI, or angiographic images. 
Volumetric displays in the form of isodose surfaces are also useful. Dose volume histograms 
(DVHs) of the target and normal structures complement the isodose display.

21.5. QUALITY ASSURANCE 

SRS or radiotherapy is a special procedure, which requires careful commissioning followed by 
a rigorous QA program to maintain its original accuracy specifications. Several QA protocols 
pertinent to SRS have been published (2,4). These protocols should provide guidelines for an 
institution to design its QA program.

QA involves both the clinical and physical aspects of SRS. The physics part may be divided 
into two categories: treatment QA and routine QA. The former involves checking or double-
checking of the procedures and treatment parameters pertaining to individual patients; the  latter 
is designed to periodically inspect the hardware and software performance to ensure compliance 
with original specifications.

A. TREATMENT QUALITY ASSURANCE

Patient treatment involves many steps and procedures. It is highly desirable that detailed check-
lists are prepared to document these steps in a proper sequence. The objective of the checklist 
should be to ensure procedural accuracy at each step of the way and to minimize the chance of 
a treatment error.

Major components of treatment QA consist of checking (a) stereotactic frame accuracy includ-
ing phantom base, CT/MRI/angiographic localizer, and pedestal or couch mount; (b)  imaging 
data transfer, treatment plan parameters, target position, and monitor unit calculations; (c) frame 
alignment with gantry and couch eccentricity, congruence of target point with radiation isocen-
ter, collimator setting, cone diameter, couch position, patient immobilization, and safety locks; 
and (d) treatment console programming of beam energy, monitor units, arc angles, etc. Examples 
of treatment QA checklists have been published (2) that may be used as rough guides. It should 
be realized that the SRS QA program involves health professionals in different departments. 
Therefore, personnel coordination is important for successful implementation of a QA program.

B. ROUTINE QUALITY ASSURANCE

A routine QA program is designed to check the hardware/software performance of SRS equip-
ment on a scheduled frequency basis. For the linear accelerator, the relevant QA protocol is the 
AAPM Report No. 40 (4). For the SRS apparatus, the routine QA schedule is recommended by 
the AAPM Report No. 54 (2).

A QA program for the g-knife must be compliant with the Nuclear Regulatory Commis-
sion regulations, or by the appropriate state regulations for those within Agreement states. 
An example program, implemented at the University of Pittsburgh, is published in the AAPM 
Report No. 54 (2).

21.6. CLINICAL APPLICATIONS 

A. CRANIAL RADIOSURGERY

SRS was originally developed for the treatment of benign lesions of the brain such as arterio-
venous malformations (AVMs), meningiomas, and acoustic neuromas. Its use has been extended 
to treat many malignant tumors such as gliomas and brain metastases. More recently, SRS 
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has also been used to treat functional disorders, for example, trigeminal neuralgia and move-
ment disorders. Fractional SRT is now commonly being used to treat malignant brain tumors, 
especially those in proximity to critical structures such as brainstem and optic pathways. For 
overviews of clinical rationale, the reader is referred to McKenzie et al. (11), Luxton et al. (12), 
and Cho et al. (13).

Radiobiologic principles of SRS are currently not well understood. However, attempts have 
been made to rationalize the delivery of a single large fraction of dose to a small-circumscribed 
lesion (e.g., <4 cm in diameter) in the brain. Because the intended effect is to cause thrombosis 
in the case of AVM and reproductive cell death in the case of a tumor, the potential benefits of 
fractionated radiation therapy are not considered in SRS. However, in the case of malignant 
tumors treated with SRT, the well-established principles of radiobiology, namely repair, reoxy-
genation, redistribution, and repopulation (i.e., “4 R’s”), are considered just as important as in 
conventional radiation therapy. Accordingly, the fractionation schemes are similar depending on 
the tumor volume and the radiobiologic characteristics of the disease.

Dose distribution achievable with SRS is highly conformal. This is made possible by tertiary 
collimation (i.e., cones) and the use of multiple noncoplanar arcs. Because in single-fraction 
radiosurgery no attempt is made to spare normal tissue within the target volume, dose confor-
mity is essential to minimize irradiation of the normal brain outside the target. Tight margins 
between the target and the prescription isodose are made possible by rigid immobilization of the 
patient and the stereotactic accuracy of the SRS procedure. In the fractionated SRT of malignant 
tumors, the same considerations apply to the design of target volume (e.g., planning target vol-
ume) as in three-dimensional conformal radiation therapy. Figures 21.9 and 21.10 show selected 
examples of cases treated with SRS and SRT.

Figure 21.9. an example of stereotactic radiosurgery 
treatment of arteriovenous malformation. A: anterior 
 angiographic view of nidus. B: Lateral view of nidus. C: 
Beam arrangement using five noncoplanar arcs. Isodose 
surfaces (color wash) corresponding to 90% of the maxi-
mum dose are shown in the anterior view (A) and the 
lateral view (B).

A B
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B. EXTRACRANIAL RADIOSURGERY

SRS has also been applied to treat small localized tumors outside the cranium. These techniques 
are frameless (i.e., they do not use rigid stereotactic frames to immobilize the body). Instead, 
the tumor is localized through image guidance systems such as Exactrac (BrainLAB AG, Heim-
stetten, Germany) and CyberKnife (Accuray Inc., Sunnyvale, CA). These systems utilize x-ray 
imaging of bony anatomy and implanted fiducial markers to localize the target and track its 
motion. Robotic adjustments are made through gantry and tabletop motions to compensate for 
target displacement. Further discussion of these systems is provided in Chapter 25.

Extracranial radiosurgery and stereotactic body radiation therapy have been applied to the 
tumors in the spine, lung, liver, pancreas, kidney, and prostate. For a review of this topic, the 
reader is referred to Song et al. (14) and Chang and Timmerman (15).

Figure 21.10. Fractional stereotactic 
radiation therapy of pituitary adenoma. 
A: Beam arrangement with five 
 noncoplanar arcs. B: prescription isodose 
surface covering the planning treatment 
volume.

• Intracranial SRS or SRT techniques involve a stereotactic apparatus to immobilize the 
head and the delivery of radiation through multiple noncoplanar beams or arcs.

• An overall accuracy of ±1 mm in the coverage of the intended target volume is a 
 commonly accepted standard for the SRS and SRT procedures.

• Dosimetry of small fields as used in SRS or SRT is complex because of a possible lack of 
charged particle equilibrium. The detector must be of a sufficiently small size so as not 
to perturb the electron fluence. Any energy dependence must also be accounted for.

• SRS requires careful commissioning and rigorous QA procedures.

• Extracranial SRS or stereotactic body radiation therapy procedures are frameless 
and rely on robotic image-guided radiation therapy techniques such as Exactrac and 
 CyberKnife.

K e Y  p O I N t S
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22.1. INTRODUCTION 

Stereotactic body radiation therapy (SBRT) refers to a stereotactic radiotherapy procedure for 
treating extracranial tumors with ultrahigh doses per fraction (6 to 30 Gy), in a hypofraction-
ated regimen of five or fewer fractions. SBRT has been mostly applied to the tumors in the spine, 
lung, liver, pancreas, kidney, and prostate. Because the treatment involves large doses per frac-
tion delivered in a few fractions, conformation of high dose to the target volume together with 
a rapid fall-off of dose outside the target volume is of critical importance in minimizing damage 
to normal tissue. Accordingly, the accuracy of dose delivery and conformity of dose distribution 
are of paramount importance. The stringent accuracy requirements of tumor localization and 
dose delivery in SBRT can only be attained through meticulous planning, patient immobiliza-
tion, respiratory motion management, and state-of-the-art image guidance techniques for target 
localization and geometric verification.

Major characteristics that distinguish SBRT from conventional 3-D/IMRT radiotherapy 
include unconventional dose fractionation (e.g., large dose per fraction delivered in fewer frac-
tions), applicability only to well-circumscribed tumors (with a maximum cross-sectional diam-
eter of about 5 cm or less), allowance of small or no margins for beam penumbra, stringent need 
for patient immobilization and respiratory motion management, and higher frequency of patient 
monitoring and geometric verification through image guidance. To this list, one may also add the 
requirement of providing special SBRT training for the participating staff.

Radiobiological rationale underlying SBRT is essentially similar to that underlying cranial 
stereotactic radiosurgery and radiotherapy, i.e., high dose fractions delivered over a short period 
of time have more potent biologic effect than expected for the same total dose delivered through 
conventional fractionation. However, such dose intensification can also substantially increase 
the risk of normal tissue toxicities. Because the radiation doses delivered in SBRT are essentially 
ablative, the volume of normal tissue receiving high-dose exposure must be minimized. This 
is only possible by accurate delivery of highly conformal dose to the target while sparing sur-
rounding normal tissues through steep dose gradients. For an overview of radiobiological and 
clinical rationale of SBRT, the reader is referred to the cited literature (1–4).

22.2. SIMULATION 

The goal of SBRT simulation is to provide clear visualization of patient anatomy with the patient 
in the treatment position and to acquire three-dimensional anatomic data that would be used for 
treatment planning, treatment setup, and dosimetric calculations. Modern methods of simula-
tion incorporate CT, MRI, and PET (discussed in Chapter 12). The choice of a particular imag-
ing modality depends on the tissue characteristics being imaged. Whereas CT simulation is the 
primary imaging modality, MRI and PET are often used as complementary modalities. PET/
CT simulator is an example of two complementary imaging systems integrated together with a 
common couch, thus allowing acquisition of PET and CT images in a single simulation session 
without change in patient position relative to the setup isocenter. As a result, uncertainties in 
image registration and image fusion are reduced.

SBRT simulation consists essentially of three components: sufficient patient immobilization, 
management/control of tumor motion, and acquisition of 3-D anatomic image data for treat-
ment planning and image-guided treatment delivery. These components are discussed below.

Stereotactic Body Radiation Therapy22
C H A P T E R
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A. PATIENT IMMOBILIZATION

The safe delivery of ultrahigh doses delivered with SBRT requires greater spatial accuracy than 
that of conventional fractionated radiation therapy. When the technique was first introduced in 
the 1990s, image-guided treatment delivery was not yet commercially available. Conventional 
immobilization devices were inadequate to ensure accurate and reproducible patient fixation. As 
a result, stereotactic “body frames” were developed to better immobilize patients for SBRT.

Several variations of stereotactic body frames are offered by vendors (e.g., Elekta, Leibinger, 
Medical Intelligence Body Fix). Ideally, body frames are light weight (e.g., <10 kg) and con-
structed of low density material, to reduce photon absorption as much as possible. These systems 
typically use vacuum cushions to conform and immobilize patient body. Localization apparatus is 
attached to the body frame or the couch top to provide reference coordinates of external fiducials. 
Some systems incorporate abdominal compression devices such as manual compression paddle or 
pneumatic compression belt to induce shallow breathing and thus minimize respiratory motion.

Lax and Blomgren (5) were the first to describe the use of the Elekta Body Frame for SBRT. 
The Elekta Body Frame contained an external reference coordinate system which consisted of 
longitudinal scales mounted to the outside of the body frame, and a stereotactic arc for lateral 
and AP coordinates. An additional arc was placed on the frame which contained a central screw 
for compressing the abdomen for diaphragmatic control. An image of the original Elekta Body 
Frame is shown in Figure 22.1.

Well-constructed body frames can improve patient reproducibility (e.g., as measured by the 
deviations to patients bony anatomy) to within a couple of millimeters (5,6). However, varia-
tions in the position of the target can be larger due to interfractional internal target motion. Lax 
(5) and Wulf (6) have reported deviations of 3 to 4 mm in the transverse plane, and 4 to 5 mm 
in the longitudinal plane for a variety of treatment sites within the Elekta Body Frame. Improve-
ments in target alignment can only be made with image-guided radiation therapy.

B. MANAGEMENT OF TUMOR MOTION

Intrafractional variations in tumor position must be accounted for within a SBRT program. A 
number of different approaches have been used to manage tumor motion, which may be divided 
into passive and active motion management strategies (7).

Passive motion management involves accounting for tumor motion in the delineation of the 
patient target volumes. Typically, this is performed using 4-D computed tomography, or 4DCT. 
4DCT scanning produces a series of CT datasets which correspond to different phases of the 
respiratory cycle. The phase of a particular point on the respiratory cycle is defined as the per-
centage of the cycle which has elapsed relative to the origin. The respiratory cycle ranges from 
full inspiration at the beginning of the cycle (i.e., phase = 0%) to full expiration (phase = 50%) 
and back to full inspiration (phase = 100%). There are several systems available which act as 
surrogates for the respiratory phase, including the position of the abdominal surface, respiratory 
air flow, and the position of internal anatomy (e.g., the diaphragm). For example, the Varian 

Figure 22.1. the Stereotactic Body Frame (SBF) as developed by Blomgren and Lax from Karolinska Hospital, Stock-
holm, Sweden. (1) Side wall, containing oblique and horizontal copper wires for Ct-based measurement of longitudinal 
stereotactic coordinate. (2) Longitudinal stereotactic scale. (3) Stereotactic arc for lateral and aP coordinates. (4) arc and 
scaled screw for diaphragm control (5) Level control. (6,7) SBF attached laser system (trunk and leg) for assistance at 
 patient repositioning. (8) Vacuum pillow. (From Wulf J, Hadinger U, Oppitz U, et al. Stereotactic radiotherapy of extracranial 
targets and accuracy of treatment in the stereotactic body frame. Radiother Oncol. 2000;57:225-236, with permission.)
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Real-time Position Management (RPM) system shown in Figure 22.2A uses an infrared camera 
to track the motion of a reflective marker placed on a patient’s abdomen. The vertical (anterior–
posterior) motion of the marker is recorded by the camera and plotted versus time on the display. 
The periodic trace is visible on the RPM display example shown in Figure 22.2B. Each peak in 
the trace represents the maximum vertical position of the marker which corresponds to full inspi-
ration (i.e., phase = 0%). The position of the marker acts as a surrogate for the respiratory cycle, 
and is used for the generation of phased CT datasets, or in the gating of the treatment beam.

In the GE/Varian implementation of 4DCT, the CT scanner operates at a fixed table position 
in cine mode, obtaining axial images at each desired phase of the respiratory cycle. The CT scan 
protocol is set up such that these images are taken at a frequency that exceeds the user-defined 
phase binning. For example, if the patient’s respiratory cycle was 4 seconds, an axial image 
should be obtained at least every 0.4 seconds if there are 10 phases desired for the output. At any 
axial table position, the cine duration is set equal to the breathing cycle plus the time required to 
obtain a single scan, which is usually around 6 to 7 seconds. After this time, the couch is incre-
mented and axial images are obtained at the next table position in the same fashion.

The CT data obtained during the imaging are assigned a phase corresponding to the position 
of the reflective marker. The software then selects those images obtained at the phases closest 
to those desired by the user. The output is a series of CT axial images, each corresponding to a 
different phase of the respiratory cycle.

In addition to the individual datasets, additional CT datasets are obtained corresponding 
to the average, minimum, and maximum reconstructed CT numbers for each voxel. The latter 

Figure 22.2. Varian real-time Position Management (rPM) system. A: Photograph showing placement of reflective 
marker on patient’s abdomen. the camera is mounted to the foot of the table, thus maintaining a constant distance 
from the patient. B: example breathing trace from the Varian rPM System. the graph displays the vertical position of the 
abdominal marker versus time. the green portion of the trace indicates that the Ct scanner is operating in cine mode—
gathering axial image information for a period slightly longer than one respiratory cycle; the black portion indicates the 
table moving to the next axial position. the user-defined phase range (37% to 62%) is applicable for gating applications.

a

B
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dataset is known as the maximum intensity projection, or MIP dataset. For 4DCT images of 
the lung, the MIP dataset is useful in determining the full extent of tumor motion throughout 
all phases of the respiratory cycle. These images are typically used in the determination of the 
internal target volume (ITV) for treatment planning. The average intensity projection dataset is 
more representative of the mean density of the patient at each voxel, and is thus better used for 
dose calculation.

Active motion management involves either reducing the amount of tumor motion during 
treatment, or altering the treatment delivery, for example, via real time tracking (Chapter 26) to 
account for the tumor motion. Tumor motion is most significant in the lung lesions, in particular 
for those lesions located in the lower lobes of the lung. For these sites, abdominal compression 
devices, such as that shown in Figure 22.3, or breath hold techniques are sometimes employed 
to reduce the amount of tumor motion during respiration.

Abdominal compression devices have the advantage that they are relatively simple to use, 
and allow the beam to operate continuously during the treatment. Typically, the devices are 
mounted to body frames, but may be attached to the treatment couch in a relocatable position. 
The patient’s anterior surface is compressed just below the xiphoid process. The significance 
of the reduction in the ITV and, therefore, the PTV is dependent on the position of the tumor 
within the lung, and the amount of pressure applied to the compression device. The effectiveness 
of these devices is highly variable and in some cases, compression may actually increase tumor 
excursion during respiration (8). In general, however, the greatest improvements are obtained 
with higher compression forces, and for lesions located in the lower lobes of the lung (9,10). 
Compression devices may be used to reduce tumor motion for other sites as well (e.g., liver, pan-
creas). Since the dosimetric improvements obtained using compression devices may be negligible, 
it is best to evaluate their utility on a case-by-case basis.

There are several types of breath-hold techniques available for reducing motion for lung or 
breast tumors. In some cases, breath-hold techniques often result in creating a larger separation 
between the chest wall and the heart which can be advantageous in treatments of the breast or 
chest wall. However, breath-hold methods are not possible for all patients, especially those with 
poor pulmonary function. Furthermore, these techniques require careful coaching of the patient 
for successful implementation.

Breath-hold treatment techniques may be electronically monitored using a spirometer. A spi-
rometer is a device which uses a differential pressure transducer to measure the flow rate of air. 
The volume of air inspired or expired by the patient can be determined by integrating the signal 
obtained by the spirometer. The planning CT scan and the treatment delivery are initiated when 
the patient is at or near maximum inspiration, and interrupted (if necessary) when the patient 
can no longer maintain the target breath-hold level. Spirometry-monitored breath-hold proce-
dures have been described by Memorial Sloan Kettering (11) and William Beaumont (12). For 
more information, readers are referred to the AAPM Task Group 76 report on the management 
of respiratory motion (13).

C. ACQUISITION OF 3-D ANATOMICAL IMAGE DATA

Planning for SBRT requires obtaining 3-D anatomic data for delineation of target(s) and rel-
evant organs at risk. CT data are the gold standard for providing density information for treat-
ment planning, but other modalities such as MR or PET may be warranted to assist in target 

Figure 22.3. example of an abdomi-
nal compression device for use in restrict-
ing lung tumor motion. the compression 
paddle is mounted to an arc frame which 
is reproducibly mounted to the table. 
the rod extending from the paddle is 
positioned daily using a vertical scale 
mounted to the frame.
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delineation. Since treatment planning will require dose–volume statistics to be computed, it is 
important to include the whole of all critical structures within the scan. Furthermore, additional 
superior and inferior margins are recommended to allow set-up errors (e.g., for IGRT align-
ment) and for accurate dose calculations of scatter outside the field. Additional margins may 
also be necessary if noncoplanar beam arrangements are to be used. The slice thickness should 
be sufficiently small (≤3 mm) to allow for accurate contouring of the target volume(s) (1).

22.3. TREATMENT PLANNING 

A. CONTOURING

In order to evaluate both the adequacy of tumor coverage and the risk of complications, it is 
important to contour all targets and organs at risk. Planners should make use of ICRU 50 and 
ICRU 62 treatment volume definitions when prescribing doses for SBRT (Chapter 11). In many 
cases, the clinical target volume (CTV) is kept the same as the gross tumor volume (GTV), which 
allows for greater sparing of normal tissues adjacent to the tumor (1). On the other hand, the 
expansion of the CTV into the ITV is dependent on the correction utilized for tumor motion 
management.

B. DOSE CALCULATIONS

SBRT planning is similar to SRS in that large dose gradients exist within the PTV. These 
larger dose gradients within the PTV also allow for a more rapid dose fall off outside the 
PTV, sparing more normal tissues. The addition of more beams, including those positioned at 
noncoplanar angles, can also help to increase the dose gradient at the boundary of the PTV. 
For treatments within the lung, the use of lower energy beams (e.g., E < 6 MV) is preferred, 
as this will provide for a smaller beam penumbra due to reduced electron transport in the 
low-density media.

Because of the high dose gradients present in an SBRT plan, it is more important to 
calculate the dose on a dose grid appropriate for the treatment modality. Several investiga-
tors have reported increased errors for larger dose grids, ranging up to 5.6% for those with 
4 mm spacing (1,14). The AAPM TG 101 report recommends the use of an isotropic grid 
spacing of 2 mm or less for SBRT plans, and strongly discourages the use of grids greater 
than 3 mm (1).

Since SBRT dose calculations involve small fields, it is important that the dose calculation 
algorithm appropriately account for the lateral electron scattering in the presence of heterogene-
ities. In particular, for calculations within the lung, it is important that the calculation algorithm 
be sufficient to adequately predict the target dose in the presence of the lung–tissue interface. 
Thus, the use of three-dimensional scatter algorithms such as convolution-superposition, or even 
Monte Carlo is recommended (1).

C. DOSE PRESCRIPTION

SBRT prescriptions are typically designed to give ablative doses that are effectively much larger 
than those given in conventional fractionated regimens. As with SRS, the planned doses are 
often prescribed to lower isodose levels than those chosen for traditional fractionated radiation 
therapy, for example at the 80% to 90% level. Margins are also made small to avoid as much 
normal tissue as possible.

A number of radiobiological models are used to compare treatment regimens between SBRT 
and conventional dose deliveries. These involve the comparison of biologically equivalent dose 
quantities, which incorporate the effects of fractionation into the total values. For example, 
within the linear-quadratic model (15), the quantity biologically equivalent dose (BED) is 
defined as

 BED � D # a1�
d
a/b

 b  , (22.1)

where D and d represent the total dose and dose per fraction, respectively. The quantities  
and  represent the linear and quadratic components of the cell-survival curve and their ratio 
is characteristic of the biologic effect for the tissue under consideration. Similarly, the normal-
ized total dose (NTD) may be defined as the total dose delivered in conventional fractionation 
(e.g., 2 Gy/fraction) that corresponds to a particular biologic equivalent dose.
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Example 1

1. Compare the BED and NTD for two SBRT fractionation schemes: 5 fractions of 12 Gy, and 
3 fractions of 20 Gy.

2. For early reacting tissues, including tumors, α/β is usually approximated to be 10 Gy. For the 
first fractionation scheme,

 BED � 60 # a1�
12
10

 b  

 � 132 Gy10 

where the subscript is used to denote that an α/β of 10 Gy was used to calculate the BED. Similarly, 
for the second fractionation schedule,

 BED � 60 # a1�
20
10

 b  

 � 180 Gy10 

The NTD is determined by finding the physical dose under 2 Gy fractionation that would give 
the same BED, or

 BED � NTD # a1�
2
10

 b  

Thus for the first fractionation scheme,

 132 Gy10 � NTD # a1�
2
10

 b  

 NTD � 110 Gy 

 Similarly, NTD can be found to be 150 Gy for the second case.
These biologic indices are a useful way to compare different fractionation schedules. 

However, one should be cautioned that use of the linear-quadratic model is only an approxi-
mation, and its application for hypofractionated SBRT deliveries has yet to be fully verified 
(16). Nevertheless, it is apparent that the dose prescriptions for SBRT will have a substan-
tially greater biologic effect.

D. DOSE REPORTING

There are a number of dosimetric indices which may be reported for any treatment plan. Because 
of the complexity of the SBRT plan, it is important that all aspects of the plan be adequately 
reported. AAPM TG101 lists the following metrics which may be reported for each plan (1):

 1. Prescription dose
 2. Prescription ICRU reference point or dose/volume (e.g., “60 Gy to 95% of the PTV”)
 3. Number of treatment fractions
 4. Total treatment delivery period
 5. Target coverage
 6. Plan conformity (e.g., ratio of prescription isodose volume to the PTV, or a conformity index)
 7. Dose falloff outside the target (e.g., ratio of the 50% isodose volume to the PTV)
 8. Heterogeneity index (e.g., the ratio of the highest dose received by 5% of the PTV to the 

lowest dose received by 95% of the PTV)
 9. Notable areas of high or low dose outside the PTV, and
10. Dose to organs at risk (e.g., dose to 1% and 5% volumes and mean doses)

22.4. COMMISSIONING AND QUALITY ASSURANCE 

Before initiating a SBRT program, it is important that a multidisciplinary team (e.g., radiation 
oncologists, medical physicists, dosimetrists, therapists) assess the overall goals for the clinical 
program. The process for implementation of SBRT should allow for careful, prospective plan-
ning, adequate personnel and resources, and sufficient staff training. Furthermore, treatment 
protocols should fall within nationally accepted standards.

A recent report from the ASTRO Quality Assurance Subcommittee (7) itemized key aspects 
for consideration prior to initiating an SBRT program. These recommendations have come from 
a number of reports, including AAPM TG101 and the ACR-ASTRO Practice Guidelines for 
SBRT (17). Their summary list is contained in Table 22.1.
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A. SBRT PROGRAM COMMISSIONING

Many of the commissioning tests for SBRT should have already been performed for the sys-
tems involved in the planning and treatment delivery. These should include verification of patient 
immobilization integrity and reproducibility, accuracy of acquired anatomic image data, vali-
dation of dose and MU calculation algorithms, assessment of treatment delivery mechanisms, 
including MLC leaf positioning accuracy. However, allowed tolerances for many of these tests 
may be tighter for SBRT than those performed for conventional 3-D-CRT or IMRT treatments.

End-to-end tests are very valuable in assessing the overall accuracy of the SBRT system. These 
tests involve the use of a phantom with both internal fiducial and dosimeters to test the ability of 
the system to correctly align the phantom and deliver the appropriate dose. Several commercial 
phantoms exist which may be utilized. Alternatively, an external dosimetry audit through the 
Radiological Physics Center may be performed to assess the accuracy of the system.

B. QUALITY ASSURANCE

In Chapter 17 on Quality Assurance, the periodic quality assurance tests and frequencies for lin-
ear accelerators was discussed. For SRS and SBRT treatments, the tolerances within the TG-142 
report are set tighter. The mechanical, dosimetric, and imaging tests outlined for linear accelera-
tors are contained in Table 17.8A–C.

Of particular importance within these recommendations is the verification of the coincidence 
between the imaging and treatment coordinate coincidence. Since SBRT treatments are delivered 
in five or fewer fractions, a single geometric miss can result in a 20% or more dosimetric error. 
Tests for this coincidence are performed at daily and monthly intervals.

Additional periodic evaluations of the imaging and treatment planning systems should be 
performed as recommended by the appropriate quality assurance documents.

TABLE 22.1     Essential Planning Aspects for Developing a New SBRT Program and/or Considering  
New Disease Sites

Recommendation Duration or Frequency

establish clinical program goals, specify disease sites, identify program specialists, develop guidelines 
for treatment, follow-up and assessment

Initially

Identify required resources: expertise, personnel, technology, time Initially, and for each new technology 
and/or disease site

Perform technology assessment commensurate with clinical goals, identify equipment and processes 
for simulation, immobilization, image guidance, management of organ motion, treatment delivery

Initially, and for each new technology 
and/or disease site

Perform assessment of staffing levels, develop processes for initial and ongoing training of all program 
staff

Initially, and for each new technology 
and/or disease site

Develop and use checklists for all aspects of SrS/SBrt processes Initially, and for each new technology 
and/or disease site

Provide documentation for a culture and environment fostering clear and open communication Ongoing

Develop Qa processes that encompass all clinical and technical SBrt program aspects, clearly  
following available guidance, with regard to procedures and tolerances

Initially, and for each new technology 
and/or disease site

Conduct clinical SBrt patient conferences for pretreatment planning and posttreatment review Ongoing

Develop processes for documentation and reporting, peer review, regular review of processes and 
procedures, updating clinical guidelines and recommendations, ongoing needs assessment, and 
continuous quality improvement

Ongoing

(Data are from Solberg tD, Balter JM, Benedict SH, et al. Quality and safety considerations in stereotactic radiosurgery and stereotactic body radia-
tion therapy. Pract Radiat Oncol. 2012;2:2-9.)

• Stereotactic body radiation therapy (SBRT) is an external beam radiation therapy 
method used to deliver an ultrahigh dose of radiation to an extracranial target.

• Early SBRT treatment deliveries used body frames with independent stereotactic 
 coordinate systems to immobilize patients. These have largely been replaced with more 
conventional immobilization combined with pretreatment IGRT position verification.

K e Y  P O I N t S

(continued)
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• Lung tumor motion may be accounted for using 4DCT scanning. 4DCT scanning produces 
a set of CT images corresponding to the phase of the respiratory cycle. For lung lesions, the 
internal target volume is drawn from the maximum intensity projection, or MIP image.

• Target motion may be physically reduced with abdominal compression devices or 
breath-hold techniques.

• Dose calculations for SBRT in the lung should be made on treatment planning systems 
capable of determining doses near the lung–tissue interface. Three-dimensional algo-
rithms such as convolution-superposition and Monte Carlo are recommended.

• The biologic effects of SBRT doses fractionations are very high—ranging to over twice 
that of conventional fractionation schemes.

• The recommended quality assurance tolerances for SBRT are tighter than that for con-
ventional radiation therapy. The specific requirements are contained in the AAPM TG 
142 report.

K e Y  P O I N t S  ( c o n t i n u e d )
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23.1. INTRODUCTION 

Most of the clinical experience in brachytherapy has been obtained using low-dose-rate (LDR) 
implants, that is, with prescription dose rate on the order of 0.5 to 2 cGy/min. The International 
Commission on Radiation Units and Measurements (ICRU) Report 38 (1) classifies high dose 
rate (HDR) as 20 cGy/min or higher. With the introduction of remote afterloading technology, 
it is possible to deliver HDR brachytherapy safely and more precisely than possible with the 
classical LDR brachytherapy. Although LDR brachytherapy can also be delivered using remote 
afterloading devices, logistic problems of prolonged treatment and patient hospitalization make 
LDR less attractive than HDR.

As discussed in Chapter 15, the principal advantage of HDR over LDR is that it permits treat-
ments on an outpatient basis. For that reason, it is well suited for treating large patient popula-
tions. Greater control over dose distribution is another major advantage, which is being used for 
delivering highly conformal dose to well-localized tumors, for example, as a boost or primary 
treatment for prostate cancer. Although the role of HDR in brachytherapy is not yet fully estab-
lished, all indications point toward its widespread use as a sole procedure or in conjunction 
with external beam. If the current trends continue, it is quite possible that HDR will replace all 
brachytherapy techniques in the not too distant future.

23.2. HIGH-DOSE-RATE UNIT 

A. REMOTE AFTERLOADER

An HDR remote afterloading unit contains a single source of high activity (~10 Ci or 370 GBq). 
Although cobalt-60 and cesium-137 have been used in the past, iridium-192 is the most com-
monly used radioisotope in HDR. For HDR brachytherapy, 192Ir is the best choice because of 
its higher specific activity (allows smaller source for the same activity) and lower photon energy 
(requires less shielding). A disadvantage, on the other hand, is its shorter half-life, necessitating 
source replacement every 3 to 4 months.

The 192Ir source used in HDR is a small line source welded to the end of a flexible drive cable. 
The cable with the source attached at the end is also called source wire. The dimensions of the 
source vary between 0.3 and 0.6 mm in diameter and 3.5 and 10 mm in length, depending on the 
HDR model. The source wire, when not extended, is stored in a shielded safe of the HDR unit 
(Fig. 23.1A). In compliance with the NRC regulations (2), the leakage radiation levels outside 
the unit do not exceed 1 mR/h (0.01 mSv/h) at a distance of 10 cm from the nearest accessible 
surface surrounding the safe with the source in the shielded position.

The HDR unit is equipped with several channels and an indexer system to direct the source to 
each channel. In some models, channels are provided on a rotating turret in which any channel 
can be aligned with the source wire path (Fig. 23.1B). Applicators or catheters implanted in the 
patient are connected to the channels by catheters called transfer tubes or transfer guides. Before 
the active source wire is extended for treatment, a dummy wire is extended to verify that the 
path is clear of any obstruction.

The source wire (or dummy wire) can be advanced or retracted through individual channels, 
transfer tubes, and applicators by a remote computer-controlled drive mechanism consisting of step-
per motors. The positioning of the source at the programmed dwell positions in the applicators is 
accomplished in precise increments by the stepper motors. The positioning accuracy of the source is 
specified at ±1 mm. The dose control precision is provided by a 0.1-second dwell time resolution.

High-Dose-Rate Brachytherapy23
C H A P T E R

82453_ch23_p475-489.indd   475 1/7/14   9:44 PM
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A number of safety systems are provided for the HDR. For example, interlocks prevent initia-
tion of treatment if the door is open, the applicator is not attached, or the connections between 
a programmed channel, the transfer tube, and the applicator are not secure. Backup batteries are 
provided to take over operation in case of power failure. A manual source retraction mechanism 
is available to withdraw the source into the storage safe if it gets stuck and cannot be retracted 
by the emergency switch. The treatment is aborted if the system detects blockage or excessive 
friction during source transit.

B. HIGH-DOSE-RATE APPLICATORS

Brachytherapy applicators used for LDR implants can also be used for HDR. For example, some 
of the most commonly used applicators, for a variety of HDR applications, are Fletcher-Suit or 
Fletcher-Suit-Delclos. These applicators are used for the treatment of gynecologic malignancies 
of the uterus, cervix, and pelvic side walls. The applicator set typically consists of three rigid 
intrauterine tandems, with curvature of 15-, 30-, and 45-degree angles, and a pair of ovoids or 
colpostats with shields in place to reduce dose to rectum and bladder.

Vaginal Cylinder. These are acrylic cylinders having a variety of diameters and axially drilled 
holes to accommodate a stainless steel tandem. Coupling catheters for attachment to the 
transfer tubes and marker wires to fit the length of the tandem are provided in the set. The 
applicator is suitable for treating tumors in the vaginal wall.

Rectal Applicator. Acrylic cylinders of different diameters are designed to treat superficial tumors 
of the rectum. Selective shielding is incorporated to spare normal tissue. Coupling catheters 
and marker wires are provided in the HDR set.

Intraluminal Catheter. Suitable diameter catheters of various lengths are available for treating 
intraluminal disease such as endobronchial carcinoma.

Nasopharyngeal Applicators. These applicators are used for treating nasopharyngeal tumors 
with HDR. The applicator set includes a tracheal tube, catheter, and nasopharyngeal connec-
tor. Besides the above examples, HDR applicators and catheters are available for virtually 
every type of application deemed suitable for intracavitary brachytherapy.

Interstitial Implants. Hollow, stainless steel needles are implanted into the tumor following stan-
dard brachytherapy rules of implant (see Chapter 15) and closed-ended catheters are inserted 
to accommodate the HDR source wire. Marker wires are used to plan the dwell positions of 
the source as with the other HDR applicators. Examples of interstitial implants are prostate 
gland, breast, and some head and neck tumors.

Breast Balloons. These applicators are used for treating breast cancer after lumpectomy. The 
 applicator consists of one or more catheters placed inside a saline-filled balloon which is 
implanted within the lumpectomy cavity. The HDR source is positioned to treat the PTV, 
which consists of a 1-cm rind surrounding the balloon.

Figure 23.1. A: Picture of Varian high-dose-rate unit (VariSource). B: Channels on a rotating turret showing transfer 
guides inserted into the channels. (Courtesy of Varian associates, Palo alto, Ca.)

82453_ch23_p475-489.indd   476 1/7/14   9:44 PM



ChaPter 23 high-Dose-rate Brachytherapy 477 

C. FACILITY DESIGN

C.1. Shielding

The HDR unit must be housed in an adequately shielded room. The shielding and safety require-
ments are mandated by the Nuclear Regulatory Commission (NRC) (2). The HDR treatment 
room can be designed as a dedicated facility (e.g., “HDR suite”) or adopted from an existing 
60Co or linac room. In either case, the shielding must satisfy or exceed the NRC requirements.

The shielding calculations are based on the dose limits specified by the NRC in 10 CFR 20.1301 
(for individual members of the public) and 10CFR 20.1201 (for occupational personnel). The 
NRC annual effective dose equivalent limits follow the National Council on Radiation Protection 
and Measurements (NCRP) guidelines (see Table 16.5). These are summarized as follows:

Public: 0.1 rem (1 mSv) in 1 year for continuous or frequent exposures; or 0.5 rem (5 mSv) in  
1 year for infrequent exposure. In the case of HDR, the limit for infrequent exposure, namely, 
0.5 rem in 1 year, is more relevant.

Occupational: 5 rems (50 mSv) in 1 year.

In addition to the annual limits, the NRC requires that the dose in any unrestricted area must 
not exceed 2 mrem (0.02 mSv) in any 1 hour. The italicized words mean that with the workload 
and use factor applied, the dose received in an unrestricted area shall not exceed 2 mrem in any 
1 hour.

The methods of calculating primary and secondary barriers are the same as discussed for 
megavoltage beams in Chapter 16. Equations 16.4, 16.6, and 16.10 are valid also for HDR room 
design, provided appropriate factors related to 192Ir source are used. These factors include aver-
age photon energy = 0.38 MeV, 10th-value layer (TVL) = 5.8″ of concrete (density 2.35 g/cm3), 
and exposure rate constant = 4.69 R-cm2/mCi-h. The following examples illustrate the method 
of barrier thickness calculation or evaluation of an existing barrier.

ExAMPLE 1

Calculate the barrier thickness at a distance of 5 feet from the HDR source to protect a con-
trolled area.

Because the HDR source, 192Ir, requires less shielding than a megavoltage teletherapy unit and 
can be assumed isotropic (same intensity in all directions) in the context of shielding design, it is 
reasonable to construct all barriers of the same thickness. Additionally, as a conservative measure, 
one could design all barriers as primary, for a maximum transmission of 2 mrem in any 1 hour; 
or, even more conservatively, a limit of 2 mrem/h (instantaneous dose rate) could be adopted.

Assuming that, from the radiation protection point of view in this case, 1 R � 1 cGy �
1 rem, the dose equivalent rate (H

#
) at a distance of 5 feet from the source is given by (inverse 

square law)

 H
#

�
(10,000 m Ci) (4.69 � 1,000 mrem cm2/mCi 9 h)

(5 ft � 30.5 cm / ft)2
 � 2,000 mrem/h 

If B is the barrier transmission factor required to reduce H
#
 to 2 mrem/h, then

 B = 10−3 

If n is the number of TVLs required for shielding,

 a 1
10

 b
n

� 10�3 

or

 a 1
10

 b
n

� a 1
10

 b
3

 

or

 n = 3 

Since TVL = 5.8∙ of concrete (3):

 Barrier thickness = 3∙ × 5.8∙ 

 = 17.4∙	

Thus, an HDR suite in this case would have all barriers (walls, floor, and ceiling) of thickness 
about 18∙ of concrete provided a minimum clearance, 5 feet in this case, between the source and 
the area to be protected is assured. These shielding requirements could be reduced if a larger 
clearance is maintained and realistic workload and occupancy factors are applied.

82453_ch23_p475-489.indd   477 1/7/14   9:44 PM



478 Part II I Modern radiation therapy

If no maze is provided to prevent direct incidence of radiation beam at the door, the door 
must be shielded (e.g., with lead lining) for a transmission equivalent to that of 18∙ of concrete 
or 3 TVLs. Because the TVL for 192Ir g rays in lead is 2 cm (3), the equivalent lead thickness must 
be 2 × 3 = 6 cm. A better alternative is to provide a maze or add a shielded partition between 
the source and the door.

ExAMPLE 2

What is the door shielding required if a maze is provided for an HDR suite, with source to wall 
(facing the door) distance of 15 feet and maze length of 10 feet?

With the maze wall thickness of 18∙ of concrete, the transmitted dose incident at the door 
would be 2 mrem/h or less. The dose due to scatter off the wall facing the inside of the door can 
be calculated as follows.

Assuming average reflection coefficient (a) of 2 × 10−2/m2 for 192Ir (4) and the area of scatter at 
the facing wall to be 5 m2, the dose rate (H

#

s) at the inside of the door due to scattering would be

 H
#

s �
(10,000 mCi) (4.69 �  1,000 mrem cm2/mCi - h) (2 � 10�2 /m2)5 m2

(10 ft �  30.5 cm/ft)2 (15 ft �  30.5 cm/ft)2
 � 2.4 � 10�4 mrem/h

which is negligible. Thus, no shielding is required for the door if an appropriate maze is provided 
in an HDR suite.

ExAMPLE 3

Evaluate the shielding of an existing 6-MV linear accelerator for HDR use.
Transmitted dose for each existing barrier can be calculated using the inverse square law and 

TVL for 192Ir g rays, as discussed above. For example, if a secondary barrier for a 6-MV room is 
40∙of concrete and the minimum distance between the source and the area to be evaluated for pro-
tection is 10 feet, then the effective dose equivalent rate (H

#
) in the area can be calculated as follows:

 B � a 1
10

 b
40/5.8

� 1.27 � 10�7 

 H
#

�
(10,000 mCi) (4.69 �  1,000 mrem cm2/mCi - h) �  1.27 � 10 �7

(10 ft �  30.5 cm/ft)2
 

 � 6.4 � 10�5 mrem/h 

which is negligible. Similar calculations have shown that rooms designed with adequate shield-
ing for megavoltage teletherapy units are more than adequate for HDR shielding (5). Whether it 
is a dedicated HDR suite or an existing teletherapy vault, the shielding adequacy of the facility 
must be documented before applying for an HDR license. Since most institutions use existing 
teletherapy rooms to house HDR units, a shielding evaluation report must be submitted with the 
license application as required by the NRC.

C.2. Safety Features

Safety requirements for a dedicated HDR vault or an existing teletherapy room adopted for HDR 
are mandated by the NRC (2) or state. These include electrical interlock system that retracts the 
source when the door is opened and does not allow resumption of the treatment unless the door 
is closed and the interlock is reset; mechanism to ensure that only one device can be placed in 
operation at a given time if the HDR is installed in an existing teletherapy room; inaccessibility 
of console keys to unauthorized persons; a permanent radiation monitor capable of continuous 
monitoring of the source status; continuous viewing and intercom systems to allow for patient 
observation during treatment; and restricted area controls such as signs, locks, visible/audible 
alarms, and door warning lights indicating “Radiation On.”

23.3. LICENSING REQUIREMENTS 

Purchasers of HDR units must apply for a license or license amendment with the appropriate 
regulatory agency. In the United States, it is the NRC or the state if it is an Agreement State. The 
licensing requirements for LDR brachytherapy were discussed in Chapter 16, Section 16.10. 
Essential items included (a) the applicant’s qualifications (education, training, experience) and 
a description of the personnel training program (initial as well as periodic); (b) administra-
tive requirements: ALARA program, radiation safety officer, radiation safety committee, and a 
 written quality management program; and (c) technical requirements: calibration and survey 
instruments, leak testing and inventory of sources, conditions for patient release, posttreatment 
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survey of patients, and posting of radiation signs. If the applicant already has an LDR brachy-
therapy license, an amendment must be requested for the remote afterloading device by listing 
license conditions specific to the use of that device.

The information required specifically for HDR licensing is contained in the NRC document (2).
A typical license application includes the following information:

 1. Source description (radionuclide, manufacturer’s name and model number, maximum activ-
ity, maximum number of sources to be possessed at the facility at any given time, and the 
physical construction of the source)

 2. Manufacturer’s name and model of the HDR unit
 3. Intended use (cancer treatment in humans using interstitial, intracavitary, intraluminal 

brachytherapy, etc.)
 4. Authorized users (physicians) and authorized physicist(s), verifying that they meet educa-

tional and experience qualifications set forth in 10 CFR 35.690
 5. An outline of initial training of authorized users and device operators (didactic training plus 

a minimum of 8 hours of “hands-on” device operation training)
 6. Description of radiation detection and survey instruments to be used
 7. A floor plan of the facility, identifying room(s); doors; windows; conduits; density and thick-

ness of shielding materials of walls, floors, and ceiling; and distances to the adjacent inhabit-
able areas with indication of whether the areas are restricted or unrestricted

 8. Shielding calculations to show that the adjacent areas comply with the regulatory standards
 9. Area security and safety features (Section 23.2 C.2)
10. Calibration procedures and frequency, leak test procedures and frequency, and the qualifica-

tions of those performing these tests
11. Quality assurance program, including pretreatment or daily quality assurance procedures 

and periodic testing (e.g., monthly, quarterly, annually)
12. Training and frequency of retraining of individual operators (e.g., annually or every 2 years)
13. Training or certification of individuals performing source changes (normally vendor 

 representative)
14. Personnel radiation monitoring program
15. Emergency procedures, postings, and locations
16. Disposal arrangements of decayed sources (usually by return to vendor)
17. Operating procedures and manuals, their availability to personnel, and location
18. Inspection and servicing of HDR equipment at intervals not to exceed 1 year, by the manu-

facturer or a person licensed by the NRC/Agreement State; records of inspection and service 
to be maintained for the durations of the license for guidance

Note: Requirements of license application may change from time to time. The applicant should 
consult the most current NRC document.

A. HIGH-DOSE-RATE POLICIES AND PROCEDURES

As a condition for awarding an HDR license, the NRC requires a written procedure as it does for 
the LDR brachytherapy. General requirements of such a program were discussed in  Chapter 16, 
Section 16.10B. Written policies and procedures include general as well as specific tests to ensure 
safe application of the HDR procedure. The program is designed by the institution and must be 
submitted as part of the license application. A sample HDR program is described below.

A.1. Written Directive

A written directive (prescription) must be provided by the “authorized physician user” that 
includes the name and hospital number of the patient, the HDR source material, the dose per 
fraction, the number of fractions, the total dose, and the site of administration.

A.2. Patient Identification

The identity of the patient must be verified by two independent methods as the individual named 
in the written directive. This may be accomplished by asking the patient his or her name and 
confirming the name by comparison with the patient’s identification bracelet or hospital identi-
fication card.

A.3. Treatment Plan Verification

The “authorized physician” and the “authorized physicist” must check the treatment plan to 
ensure that (a) the plan parameters (e.g., source specification, source strength, source position, 
dose per fraction, total dose) are correct and in accordance with the written directive; (b) the 
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treatment parameters generated by the plan for input into the HDR device (e.g., channel num-
bers, source positions, dwell times) are correct; and (c) the dose distribution agrees with an 
independent (e.g., manual) spot check within reasonable limits (e.g., ±5%).

A.4. Pretreatment Safety Checks

Pretreatment safety checks of the HDR equipment must be performed on any day that the HDR 
procedure is scheduled. A sample is provided in Section 23.3B.

A.5. Treatment Delivery

Prior to the initiation of treatment, the “authorized operator” (authorized medical physicist, 
dosimetrist, or radiation therapist) must verify that the name of the patient, the dose, the site of 
administration, and the times for each dwell locations are in agreement with the written directive 
and the approved treatment plan.

A.6. Posttreatment Survey

Immediately after each treatment, a survey of the afterloading device and the patient must be per-
formed to ensure that the source has been returned to the fully shielded position. The survey will 
include connectors and applicator apparatus, the full length of the catheter guide tube, and the exter-
nal surface of the device to ensure that the source is fully retracted. The patient shall be surveyed over 
the body surface near the treatment site before removing the patient from the treatment room.

A.7. Source Replacement and Calibration Check

The vendor will conduct source replacement and perform source and performance checks fol-
lowing installation. A copy of this report will be on file. Calibration of the source will be per-
formed by the “authorized physicist” before the first patient treatment.

A.8. Recording

The operator administering the treatment will record and initial the treatment after completion. 
Following the treatment, he or she will assemble and file records of the prescription, patient 
identification, and treatment delivery, and posttreatment surveys. The records for each treatment 
along with a completed checklist will be kept on file. These records will be maintained in an 
auditable form for a minimum of 3 years.

A.9. Supervision

During all patient treatments, both the “authorized physician user” and the “authorized medi-
cal physicist” will be physically present. Physical presence, for this purpose, is defined as within 
audible range of normal human speech.

A.10. Medical Event

Any unintended deviation from the written directive will be identified and evaluated in terms of 
a “medical event.” Definitions of this term and the required actions are the same as for the LDR 
brachytherapy, discussed in Chapter 16.

A.11. Periodic Reviews

(a) Brachytherapy cases will be reviewed at intervals no greater than 12 months by an “autho-
rized physician” and/or an “authorized physicist.” A representative number of cases, cor-
responding to lot tolerance defective of 2%, using the acceptance sampling table of 10 CFR 
32.110, will undergo this review, which will consist of checking that the delivered radiation 
dose was in accordance with the written directive and plan of treatment.

If a recordable event or misadministration is uncovered during the periodic review, the 
number of cases to be reviewed will be expanded to include all cases for that calendar year.

(b) The HDR written procedures will be reviewed on an annual basis to determine the effective-
ness of the program and to identify actions to make the program more effective.

(c) A written summary of this annual review will be submitted to the radiation safety officer and 
the radiation safety committee for review and final approval.

(d) Any modification made to the NRC-approved written procedures will be reported to the 
 appropriate NRC regional office (or the state if governed by Agreement State) within 30 days 
after modification has been made. Ministerial changes authorized under 19 CFR 35 will not 
require the notification of the NRC.
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B. PRETREATMENT SAFETY CHECKS

The HDR pretreatment safety checks are performed before treatment on any day that the HDR 
procedure is to be carried out. A sample is provided below for an HDR unit installed in a 6-MV 
linear accelerator room.

 1. Verify that the double pole-double throw HDR door interlock switch is turned to the HDR 
position. Then verify that the 6-MV linac console cannot be activated. Activate the HDR 
console “on.”

 2. Check the radiation monitor in the treatment room for proper operation with a dedicated 
check source.

 3. Verify proper visualization by the cameras in the treatment room. The two-way audio com-
munication will be checked by one person in the room at the location of the patient and the 
other at the console.

 4. Turn on the HDR afterloader and position for test. Verify that all lights/status indicators are 
operational.

 5. Clear any personnel from the room, and close the treatment door. Verify that the door warn-
ing light is operational and console lights/status indicators are operational. Test console 
printer operation.

 6. Activate the HDR test run from console. Verify that the door warning light indicates “Radia-
tion On.” Verify that the door interlock terminates treatment by opening the door during the 
test run. Reclose the door and verify that the HDR unit cannot be turned on without reset-
ting the HDR activation button.

 7. If the door interlock malfunctions, the HDR unit will be locked in the “off” position and not 
used until the door interlock system is restored to proper operation.

 8. Check the mechanical integrity of all applicators, source guide tubes, and connectors to be 
used in this treatment by visual inspection and/or radiographics.

 9. Check the “Quick-Connect” sensor by placing an incorrectly seated catheter “Quick-Connect” 
with catheter into the HDR turret. Using the dummy wire, check that treatment is prevented.

10. Results of these tests will be recorded on the morning checklist.

C. HIGH-DOSE-RATE OPERATING PROCEDURES

The NRC requires HDR operating procedures to be submitted as part of the license application 
(item 17, Section 23.3). The procedures must be available to personnel at a suitable location. Depend-
ing on the particular device, the operating procedures are written to guide the operator step by step in 
the safe operation of the equipment and treatment delivery. The following is a generic sample, which 
may be adopted with appropriate modifications to suit the available equipment and personnel.

 1. The HDR unit will be stored in a storage space provided in the designated shielded room 
(e.g., 6-MV linear accelerator room). The storage area will be locked when the unit is unat-
tended. The door key will be available only to the authorized operator(s).

 2. Pretreatment safety checks will be performed on the day of the treatment (Section 23.3B).
 3. Only the patient under treatment will be in the treatment room during activation of the HDR 

unit for treatment. Patient identification will be verified by two independent means.
 4. The following pretreatment checks are to be performed before initiating HDR treatment:

a. Verify that the source activity and calibration date are correct on the printouts.
b. Verify the correct patient file name in the case of multiple patient files on the same disc.
c. Verify that the printout matches the one shown on the afterloader printout.
d. The planned dwell times should be verified before initiating treatment.
e. Ensure that in multiple-channel treatments each catheter is connected to the correct ma-

chine channel. Catheters should be marked and verified that the treatment plan and the 
afterloader match as far as which catheter is which.

f. Verify correctness of patient information on printouts.
g. Verify dwell positions with catheter measurements.
h. Ensure that all catheters are fully seated into the machine connectors, with the connector 

plunger fully extended.
i. Before positioning the active source into the patient treatment catheter, the dummy 

source wire will be run into each treatment catheter to verify that the catheter is not 
blocked or kinked. The HDR afterloader will not run the active source into the catheter 
if the dummy wire encounters resistance.

 5. For each catheter channel run, check the total source dwell time using a manual timer and 
verify that the manual timer measurement agrees with the total programmed dwell time.

82453_ch23_p475-489.indd   481 1/7/14   9:44 PM



482 Part II I Modern radiation therapy

 6. Immediately after each use of the HDR device, the physicist will ensure the source has been 
returned to the full-shielded position and will perform a survey of the device and the patient. 
The survey will include the patient, connectors, applicators, full length of guide tubes, and 
external surface of the device to ensure that the source is fully retracted.

 7. The posttreatment survey will be recorded on an appropriate survey form and the report 
maintained for a period of at least 3 years.

 8. If the radiation monitor or posttreatment patient survey indicated that the source is not fully 
retracted to a shielded position in the device, personnel (authorized physician and physicist) 
will immediately implement the applicable emergency procedures (posted at the HDR con-
sole and in the treatment room) (see Section 23.3D). If other emergencies occur during HDR 
treatment (e.g., electrical power loss, applicator dislodge, timer failure) authorized HDR 
personnel will immediately implement the applicable emergency procedure.

 9. No treatment procedure will be continued for which a decoupled or jammed source cannot be 
removed expeditiously from the patient and placed in the shielded container available in the 
room.

10. During all patient treatments using an HDR device, both the authorized physician and the 
medical physicist must be physically present. Physical presence, for this purpose, is defined as 
within audible range of normal human speech.

D. EMERGENCY PROCEDURES

One of the licensing requirements (item 15, Section 23.3) is the submission of emergency 
procedures, postings, and locations. The following emergency procedures are presented as 
samples (assuming a particular HDR unit, VariSource). Appropriate emergency equipment, for 
example, two pairs of long-handled forceps, shielded container, heavy-duty cable cutters, pair 
of long-handled scissors, portable survey meter, and stop watch or timer, must be available at 
all times.

D.1. Improper Source Retraction

If the room monitor or afterloader console indicates that the active source wire has failed to 
retract, proceed as follows:

(a) Enter the room with a portable survey meter and observe the emergency hand wheel. If the 
hand wheel is not turning, and radiation is present, turn the wheel clockwise through eight 
revolutions, or until the independent radiation monitor no longer detects radiation. If radia-
tion is still detected, proceed to procedure (b).

If the hand wheel is turning, and radiation is present, proceed to procedure (b).
(b) Remove all applicators/catheters from the patient without disconnection at any point and 

place them in the shielded container. The removal of applicators/catheters is accomplished 
by cutting any external sutures, physically removing the entire applicator/catheter apparatus, 
and placing it in the shielded container provided. Surgical tools for removal of the sutures are 
located in the HDR treatment room.

(c) In all cases above, remove the patient from the immediate area, survey the patient, and if it 
is safe to do so, evacuate the patient from the room and lock the room. Post a  warning sign: 
“This room must remain locked. HDR source exposed. Do not enter.”  Notify all emergency 
contacts listed below (e.g., radiation safety officer, vendor). Estimate and  record the addi-
tional dose to the patient. Also estimate and record any exposure to  hospital staff.

D.2. Electrical Power Loss

(a) In case of power loss during treatment, the afterloader unit has an uninterrupted power 
supply (UPS) that enables all systems to continue operation for up to 30 minutes. This will 
enable completion of any HDR treatment in progress at the time of alternating current (AC) 
power failure.

(b) If both AC power and the UPS system fail to operate, the HDR afterloader unit is equipped 
with an emergency backup source retract battery that will automatically retract the source 
into the storage position and, if a patient is being treated, will record the date and time at 
which the patient treatment is interrupted.

(c) If the AC power, UPS, and emergency backup source retract battery all fail at the same 
time, the operator must follow the emergency manual source retraction procedure (Section 
23.3D.1). For any of the above emergency occurrences the HDR operator must notify the 
emergency call list posted at the HDR console.
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D.3. Applicator Dislodging

In the event that the applicator dislodges from the patient during an HDR treatment, or a source 
guide tube becomes dislodged, the following emergency steps must be taken:

(a) Activate the HDR emergency off button at the control console.
(b) If the source fails to retract, follow emergency manual source retraction procedure 

( Section 23.3D.1).
(c) Immediately notify individuals on the emergency call list posted at the HDR console.

D.4. Timer Failure

In the event that the HDR treatment timer fails to operate or terminate the treatment, the fol-
lowing steps must be taken:

(a) Activate the HDR emergency off button at the control console.
(b) Stop the manual timer at the time that the emergency off button retracts source (this manual 

timer is started at the beginning of every HDR treatment).
(c) If this emergency off button fails to retract the source, follow the emergency manual source 

retraction procedure (Section 23.3D.1).
(d) Immediately call persons on the emergency call list posted at the HDR console.

23.4. HIGH-DOSE-RATE SOURCE CALIBRATION 

As discussed in Chapter 15, the strength of a brachytherapy source may be specified in terms of 
activity, exposure rate at a specified distance, equivalent mass of radium, apparent activity, or air 
kerma strength. The American Association of Physicists in Medicine (AAPM) recommends air kerma 
strength (Sk). In practice, Sk is determined from exposure rate (X

#
) measured in free air at a distance 

of 1 m from the source. The relationship between Sk and X
#
 has been derived in   Section 15.2.

If X
#
 is measured in R/h at a distance of 1 m, then Equation 15.6 gives

 Sk � 8.76�103X
#

 (m2 - mGy/h) (23.1)

The National Institute of Standards and Technology (NIST) has established air kerma (or expo-
sure) calibration standards for the LDR brachytherapy sources, for example, radium, 60Co, 137Cs, 
and 192Ir. The NIST calibrates a working standard of each source type and construction with 
spherical graphite thimble chambers of known volume using open-air geometry. Because the air 
volume in the chamber cavity is precisely known, and the chamber is irradiated under condi-
tions of electronic equilibrium, exposure rate can be measured in accordance with its definition 
(1 R = 2.58 × 10−4 C/kg air). For lower-energy LDR brachytherapy sources (e.g., 125I, 103Pd), 
the NIST has developed a wide-angle free-air ionization chamber that is capable of measuring 
radiation from a 2π area of the source (6). The NIST also uses a spherical re-entrant (well) 
chamber for calibrating brachytherapy sources. The calibration factors for these chambers are 
maintained by comparative measurements with a spherical thimble chamber used in open-air 
geometry or the wide-angle free-air chamber, depending on the source type.

Secondary calibration laboratories such as the Accredited Dosimetry Calibration Laboratories 
(ADCLs) provide calibration of re-entrant well ionization chambers for commonly used brachy-
therapy sources. They can also provide calibration of standard sources. The ADCL calibrations 
are “directly traceable” to the NIST because ADCLs possess reference class chambers or  standard 
sources that are calibrated by the NIST. For the users to have their source calibrations traceable 
to the NIST, they should get their well chamber calibrated by an ADCL or acquire an ADCL-
calibrated standard source of a given type and design to calibrate the well chamber. Unlike the 
LDR sources, the NIST has no standard, as of yet, for calibrating HDR sources. Goetsch et al. (7) 
have described a method of calibrating a thimble-type chamber for 192Ir HDR sources by inter-
polation of its response to 137Cs g rays and 250 kVp (medium filter) x-rays. To ensure electronic 
equilibrium, a wall plus cap thickness of 0.3 g/cm2 is recommended for all measurements. An 
open-air geometry is used at distances ranging from 10 to 40 cm from the source in a low-scatter  
environment. Because the thimble chamber bears an NIST exposure calibration for 137Cs and 
250 kVp x-rays, this interpolative method can be considered as directly traceable to the NIST.

A. RE-ENTRANT CHAMBER

Calibration of 192Ir HDR sources with a thimble chamber using open-air geometry is a time- 
consuming procedure and is not suitable for routine calibrations. The nuclear medicine  well-type 
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chamber (“dose calibrator”), which is commonly used for routine calibration of LDR sources 
(Section 15.2B), is also not suitable for calibrating HDR sources, because of its overly large sen-
sitive volume and, consequently, too high a sensitivity. A well-type re-entrant chamber of smaller 
volume has been designed specifically for 192Ir HDR sources (8).

The University of Wisconsin re-entrant ion chamber1 is filled with air and communicates to 
the outside air through a vent hole. The active volume of the chamber is approximately 245 cm3, 
which for HDR measurements is just large enough to give an optimum ionization current to be 
measured accurately with most clinical electrometers. A thin-walled aluminum tube is fitted on 
the axis of the chamber, which allows the insertion of the HDR source catheter until the end 
of it touches the bottom. The thickness of aluminum between the source and the ion-collecting 
volume of the chamber exceeds 0.3 g/cm2, as required for attaining electronic equilibrium with 
192Ir g rays. The bias voltage applied to the chamber is about 300 V, which gives ionic collection 
efficiency of better than 99.96% for measuring a 6.5-Ci 192Ir source.

The HDR-specific re-entrant chamber is calibrated by an ADCL using calibrated thimble 
chambers in an open-air geometry, as discussed previously. A yearly calibration of this cham-
ber by the ADCL is recommended. The constancy of its calibration may be checked routinely 
(e.g., before each use) by means of a strontium-90–yttrium-90 ophthalmic applicator, which 
can be positioned reproducibly at the top of the well when the central tube assembly is 
removed.

The ionization current reading of a re-entrant chamber is dependent on the position of the 
source in the well. If the source is positioned at the maximum reading point, the chamber response 
is typically constant within ±5 mm of the maximum reading position. For example, if a source 
catheter is inserted in the well chamber (all the way), the HDR source may be programmed to 
dwell at maximum reading positions to obtain multiple readings. The mean maximum reading 
may thus be determined to check the source strength.

The calibration factor for the chamber is given in terms of air kerma strength per unit read-
ing. Measurements can be of either charge or current. In the current mode of measurement,

 Sk = I × CT,P × Nel × NC × Aion × Pion (23.2)

where Sk is the air kerma strength of the source,  I is the current reading, CT,P is the correction for 
temperature and pressure, Nel is the electrometer calibration factor, NC is the chamber calibra-
tion factor, Aion is the ion recombination correction factor at the time of chamber calibration, 
and Pion is the ion recombination correction at the time of source calibration. In the integrate 
mode, charge can be measured for a given interval or dwell time. Equation 23.2 can be used 
to determine Sk, where I is the integrated charge measured per unit time and NC is the chamber 
calibration factor in terms of air kerma strength per unit charge. For a routine calibration of the 
HDR source, it is preferable to use the current mode of measurement because it is free of the 
source transit effect.

23.5. TREATMENT PLANNING 

A. SIMULATION

The HDR treatment-planning process starts with the patient preparation and placement 
of applicators, catheters, or needles, depending on the procedure. The physician places the 
implant devices in the treatment area, normally under local anesthesia, for example, gyne-
cologic applicators with palpation and visual inspection, prostate template with ultrasound, 
endobronchial tube with bronchoscopy guidance. The patient is then simulated using an 
 isocentric x-ray unit such as a C-arm or a simulator. Marker wires are inserted into the 
applicators all the way to the closed ends. Orthogonal radiographs are obtained to localize  
the applicators and the marker wires. These radiographs allow the radiation oncologist to 
plan the treatment segment and dwell locations in relation to the distal end of the applicator. 
Next, the total length of the catheter required for source travel is determined. This is accom-
plished by connecting the transfer guide tube to the applicator and passing a measurement 
wire through the catheter to the distal end. A measurement clip is attached to the wire at the 
point where it exits the free end of the guide tube. The wire is then removed and inserted 
into a calibration ruler until the measurement clip is at the zero end of the ruler. The catheter 
length is determined by reading the tip of the measurement wire within the catheter against 
the ruler graduation.

1 Commercially available at Standard Imaging, Middleton, Wisconsin.
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The simulation films are carefully labeled with patient name, date, catheter identification and 
length, magnification factor, and marker seeds consecutively from the distal end of each catheter. 
Regions of interest including anatomic structures where dose contribution is to be calculated are 
drawn on the films.

B. COMPUTER PLANNING

B.1. Orthogonal Radiography Based

The computer planning session starts with the input of patient and simulation data. Orthogonal 
films are scanned into the computer and the target volumes as well as organs at risk are outlined 
on the images. Selected dose specification points are marked and can be used to optimize dose 
distributions according to constraints.

Most optimization methods consist of obtaining desired doses at a number of points desig-
nated by the planner. The codes are written to search for dwell times to deliver the desired doses 
at the selected points as closely as possible. Several analytic techniques of optimization have 
been discussed in the literature including least squares minimization (9), linear programming 
(10), simulated annealing (11), and others (12,13). It should be realized that although these 
techniques are capable of meeting the specified dose constraints, not all result in the same dose 
distribution or the same set of dwell times.

Treatment plans are iteratively optimized and evaluated by viewing isodose curves in different 
planes. Because the applicators do not necessarily lie in planes parallel to those of the orthogonal 
films, it is important that appropriate planes of calculation are chosen for dose specification. For 
example, in a tandem and ovoid case, the frontal plane of calculation should be rotated to coincide 
with the plane that contains the length of the tandem (or the initial straight part of a curved tandem) 
and bisects the vaginal sources. In the lateral view, the plane of calculation should again include the 
length of the tandem, with the vaginal sources lying anterior and posterior to that plane.

After physician’s review and approval, the plan is printed out with all the input and output 
data including planned source positions and dwell times. A disc is prepared to export the plan 
to the HDR afterloader computer.

B.2. Three-Dimensional Image Based

Traditionally, computer treatment planning of brachytherapy has been based on orthogonal 
radiography. Although dose distribution is calculated in three dimensions and can be displayed 
in any plane, it cannot be viewed three-dimensionally relative to the patient anatomy. With 
the advent of three-dimensional (3-D) imaging by means of computed tomography, magnetic 
resonance, and ultrasound, it is now possible to perform full-fledged 3-D treatment planning of 
brachytherapy implants. Software has been developed that allows slice-by-slice delineation of 
targets, applicators, and organs at risk. The structures can be reconstructed three dimensionally 
and viewed in any plane with the overlaid isodose curves. Treatment plans can be evaluated by 
viewing isodose curves, isodose surfaces, or dose volume histograms.

Software for 3-D treatment planning of HDR implants is commercially available for all 
HDR delivery systems. Use of 3-D treatment planning has increased with the development 
of  CT-compatible HDR applicators, which are designed to remove the artifacts present using 
older, high Z applicator devices. MR-compatible applicators are also available for most HDR 
 applications.

C. DOSE COMPUTATION

Dose distribution around a linear 192Ir source used in HDR afterloaders can be calculated using 
a number of methods such as Sievert integral, TG-43 formalism, or Monte Carlo. As discussed in 
Chapter 15, the TG-43 formalism (14) has advantages over the Sievert integral approach in that 
the effects of various physical factors on dose distribution are considered separately and that the 
dosimetric quantities involved can be individually measured or calculated using Monte Carlo. 
TG-43 is especially suitable for sources of complex design or those in which filtration effects of 
the source or its encapsulation cannot be accurately modeled analytically.

Basic data for a number of commercial HDR sources have been measured or calculated using 
TG-43 and Monte Carlo (15–18). Along and away tables, dose rate constant, radial dose func-
tion, and anisotropy function for these sources have been published. However, a given HDR 
treatment-planning system may or may not incorporate these data. For example, some systems 
are based on the Sievert integral or even a point source approximation, ignoring oblique filtration 
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through the source or its anisotropy. The user of these systems must be aware of the accuracy 
limitations of such algorithms.

Even if a system uses the TG-43 formalism based on measured data or Monte Carlo, it 
may lack full implementation. For example, some TG-43–based systems use an average anisot-
ropy factor instead of the anisotropy function as a function of angle. Commercial HDR sources 
exhibit significant anisotropy along the axis (e.g., in the range of 35% to 60% depending on the 
source model) (16,18). It should be pointed out that even the LDR steel-clad 192Ir seed shows 
axial anisotropy of 19% to 23% (14).

Tables have been published that give dose rate distribution as a function of distance away and 
along the available HDR sources (16,18). These Monte Carlo data can be used as the basis of 
a dose computation algorithm or as quality assurance of treatment-planning systems for after-
loaders that use these sources. Alternatively, the TG-43 formula ( Equation 15.16) may be used 
with factors measured or calculated specifically for the given HDR source. These factors for the 
above-mentioned sources have been calculated using Monte Carlo codes (16,18).

D. PLAN VERIFICATION

Independent verification of a computer plan is an essential part of HDR quality assurance. Some 
of these checks consist of verifying the accuracy of input data such as dose prescription, cath-
eter lengths, dwell times, and current source strength. Others involve independent spot checks 
of dose calculation, manually or by a second computer program. Verification of the dose at the 
prescription point (or another suitable point) within ±5% is considered reasonable, considering 
the severe dose gradients encountered in brachytherapy.

A number of manual methods of checking HDR computer calculations have been discussed 
in the AAPM Task Group Report No. 59 (19). The reader is referred to these for review and pos-
sible adoption in the quality assurance program. One of the simplest methods consists of using 
inverse square law. The dose is calculated at the prescription point or at a point in its close vicin-
ity, provided the distance of the point of calculation from the dwell positions (center of source) 
is at least twice the active length of the source. As discussed in Section 15.3A.1, at these distances 
inverse square law can be assumed without significant loss of accuracy.

For a point source of 192Ir, the TG-43 formula (see Equation 15.16) reduces to

 D
#

 (r) � � Sk

g (r)

r2
 wan (23.3)

where D
#

 (r) is the dose rate at a distance r in the medium, Λ is the dose rate constant for the source, 
g(r) is the radial dose function, and fan is the average anisotropy factor. As a further approximation 
in a manual check,  g(r) and fan can each be equated to unity. Then Equation 23.3 simplifies to

 D
#

 (r) � � Sk /r2 (23.4)

In practice, r is measured from the center of the source at each dwell position. Dose rates calcu-
lated by Equation 23.4 at the various dwell positions are multiplied by the corresponding dwell 
times and summated to give the total dose.

In the use of Equation 23.4, care must be taken regarding units. If Sk is given in units of 
air kerma strength (U) (1 U = 1 cGy cm2/h in air), then Λ must be in terms of dose rate in the 
medium (water) per unit air kerma strength (cGy/h/U). If Sk is given in units of apparent activity 
(mCi), then Λ must be in units of cGy/h/mCi.

In order to assess agreement with the computer output, the value of Λ used in  Equation 23.4 
should be the same as used by the computer program. The following Λ values have been 
calculated for two of the commercially available HDR sources using Monte Carlo codes: 
VariSource (Varian Oncology Systems), Λ = 1.044 cGy/h/U (18); microSelectron (Nucletron),  
Λ = 1.115 cGy/h (19).

23.6. QUALITY ASSURANCE 

A quality assurance (QA) program is a set of policies and procedures to maintain the quality of 
patient care. Whereas the standards of quality are set collectively by the profession, a QA pro-
gram is designed to follow these standards as closely as possible and minimize the occurrence 
of treatment mistakes caused by equipment malfunction or human error. The design of such a 
program for HDR starts with the license application. The U.S. Nuclear Regulatory Commis-
sion requires the licensee to meet certain standards including personnel education and training, 
operating procedures, equipment safety checks, radiation monitoring, emergency procedures, 
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recording and maintenance of treatment data, and reporting of any misadministration. A policy 
and guidance directive for the HDR brachytherapy license has been published by the NRC (2), 
which provides a template for designing a quality management program acceptable to the NRC 
(or Agreement State). A summary review of the NRC requirements was presented earlier in 
 Section 23.3. It should be understood that all tests and procedures written in the license appli-
cation are legally binding and, therefore, represent minimum QA standards. These standards 
should be augmented by QA tests and procedures recommended by professional organizations, 
national or international.

The AAPM has published several documents on quality assurance in radiation therapy. For 
HDR, the reader is referred to TG-59 (19). Additional reports, TG-56 (20) and TG-40 (21), 
are also useful and should be consulted. It should be realized that because of the broad range 
of HDR afterloader designs, a universal set of QA tests has not been formulated. It is expected 
that each institution will design its own QA program, which addresses the characteristics of the 
specific equipment, NRC requirements, and treatment standards set for the program.

The AAPM recommends QA tests at three frequencies: daily, quarterly, and annually (20). 
Unless HDR treatments are given every day, it is sufficient to perform “daily QA” tests only on 
days when patients are treated. These tests are described in Section 23.3. The quarterly QA test 
essentially consists of source calibration and a more thorough review of equipment function. 
The quarterly interval coincides with the frequency with which HDR sources are replaced. The 
annual QA test is a comprehensive review of all equipment, procedures, and patient records, 
approaching the thoroughness of initial acceptance testing/commissioning of the system.

23.7. CLINICAL APPLICATIONS 

HDR brachytherapy can be used essentially for any cancer that is suitable for LDR brachy-
therapy. The most common uses of HDR are in the treatment of endobronchial obstruction by 
lung cancer, postoperative treatment of endometrial carcinoma (vaginal cuff irradiation), and 
localized prostate cancer. The use of HDR in the treatment of cervical carcinoma is not as com-
mon because clinically it is not expected to outperform the LDR treatment in terms of disease 
control or survival. However, HDR does offer theoretical advantages of better dose distribution 
for the target volume and greater sparing of the bladder and rectum than possible with the 
LDR. Although HDR is not yet a well-established procedure for treating cervix cancer, it has the 
potential to replace LDR for practical reasons if not clinical.

Figure 23.2 shows an example of HDR use in the treatment of endometrial cancer with 
familiar isodose distribution around ovoids. The shape of the isodose curves can be optimized by 

Figure 23.2. A:  anteroposterior view of ovoids in a simulator  radiograph. B: Lateral view of ovoids. (continued )
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Figure 23.3. Prostate gland high-
dose-rate implant shown in a transverse 
computed tomography slice.

Figure 23.2. continued.  
C: Isodose distribution shown in three 
orthogonal views.

adjusting dwell times as discussed earlier. Figure 23.3 is an example of an HDR prostate implant 
using ultrasound for guidance. Details of this procedure are discussed in Chapter 23. For further 
review of HDR clinical applications and treatment planning, the reader is referred to Stitt and 
Thomadsen (21) and Thomadsen (22).

• HDR is classified as a brachytherapy procedure with prescription dose rates of  
20 cGy/min or higher.

• Most HDR units contain a single 192Ir source: diameter 0.3 to 0.6 mm, length 3.5 to  
10 mm, and activity ~10 Ci.

• HDR is used for intracavitary as well as interstitial implants.

• The HDR unit must be housed in an adequately shielded room so that the public and 
occupational exposures do not exceed the NRC-approved limits.

K e Y  P O I N t S

(continued )
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• The NRC licensing requirements for HDR include:

•	 Written	procedures	concerning	all	aspects	of	the	treatment	(e.g.,	written		directive,	
patient identification, plan verification, pretreatment QA, treatment delivery, 
 posttreatment survey, source placement and calibration checks, recording of  treatment 
administered, treatment supervision, identification of a medical event, periodic QA, 
and annual reviews)

•	 Pretreatment	safety	checks

•	 HDR	operating	procedures

•	 Emergency	procedures

• The HDR source must be calibrated at each installation. This calibration must be trace-
able to the NIST.

• Commissioning and QA of the HDR unit and the treatment-planning system must meet 
the current standards of national guidelines and the NRC licensing requirements.

• HDR has the potential to replace LDR for practical reasons if not clinical.

K e Y  P O I N t S  ( c o n t i n u e d )
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24.1. INTRODUCTION 

Treatment options for carcinoma of the prostate include radical prostatectomy (e.g.,  nerve-sparing 
surgical procedure), external photon beam irradiation, and brachytherapy implantation. The 
selection of a particular procedure or a combination of procedures depends on established prog-
nostic factors such as stage and grade. In general, surgery is indicated if the tumor is confined to 
the prostate gland with no extension through the capsule or into the seminal vesicles. Implants 
are used for early-stage cancers, either alone or in conjunction with external beam radiation 
therapy. However, patients with extensive tumors (TNM stage T3 and T4) are not good candi-
dates for implantation.

Except as general information, clinical aspects of prostate gland cancer and its treatment are 
beyond the scope of this book. The reader is referred to a wealth of information on this subject 
in the medical literature. In this chapter, we will discuss the physical and technologic aspects of 
prostate gland implants using radioactive seeds and high-dose-rate (HDR) brachytherapy.

24.2. SEED IMPLANTS 

Two types of seed implants have been used for prostate gland: a temporary implant and a per-
manent implant. The temporary implants involve radioisotopes of relatively long half-life and 
sufficient dose rate to deliver the prescribed target dose in 3 to 4 days. The sources are removed 
at the end of that period. In the permanent implant, the radioisotope emits photons of low 
enough energy that the radiation from the patient poses no significant hazard to persons in the 
surrounding environment. The sources are left in the patient forever, and the prescribed dose is 
delivered during complete decay of the sources. Of these two types of seed implants, the perma-
nent implants are predominant and will be discussed in greater detail.

A. PERMANENT IMPLANTS

Permanent implants with iodine-125 or palladium-103 are used in the treatment of early-stage 
prostate cancer as the sole modality or in combination with external beam radiation therapy. 
The target volume for implantation in either case is the prostate gland itself, with minimal mar-
gins allowed to account for uncertainty of prostate localization.

Whitmore and Hilaris pioneered prostatic implantation with 125I seeds in the early 1970s at 
Memorial-Sloan Kettering Cancer Center. They used the retropubic approach, which entailed a 
major surgical procedure. The treatment results were disappointing and so, by the mid-1980s, 
the retropubic technique was abandoned.

The modern technique of implantation, which began in the 1980s, consists of a transperineal 
approach in which 125I or 103Pd seeds are inserted into the prostate gland with the guidance of 
transrectal ultrasonography and perineal template. The procedure is nonsurgical and performed 
on an outpatient basis. The implant is done in an approved operating room with the patient 
requiring a spinal anesthetic.

Prostate Implants: Technique,  
Dosimetry, and Treatment Planning

24
C H A P T E R
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A.1. Volume Study

Localization of the prostate by a series of transverse ultrasound images constitutes a volume 
study. The patient is placed in the dorsal lithotomy position and the transrectal ultrasound probe 
(5- to 6-MHz transducer) is securely anchored. The probe is moved precisely to obtain transverse 
images of the prostate gland from base to apex at 5-mm intervals. A grid is superimposed on 
each image to represent template coordinates. The prostate gland is visualized on each of the 
transverse images and the implantation target is drawn to encompass the prostate. The sagittal 
image is also obtained to measure the length of the gland from the base to the apex. This provides 
a double check of the number of transverse images and the number of seeds required for the 
central needle. Prior to the volume study, evaluation is made from computed tomography (CT) 
scans of the prostate gland size and the pubic arch in relation to the prostate. If the pubic arch is 
too narrow, it will prevent the needles from reaching the target. In the case of a large gland and 
significant pubic arch interference, the patient may need hormonal therapy for a few months to 
shrink the gland to allow for an adequate implant. Some radiation oncologists prefer hormonal 
therapy in most cases to reduce the gland size to minimize technical problems of implantation.

Figure 24.1. a sample of pretreatment plan with 125I seeds showing (A) seeds and isodose curves in four ultrasound 
cross sections of prostate gland and (continued)
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A.2. Treatment Planning

A treatment-planning system specifically designed for prostate gland implants allows the tar-
get outlines from the volume study to be digitized into the computer. The implant is planned 
with an interseed spacing of 1 cm (center to center) and a needle spacing of 1 cm. The com-
puter software allows the placement of seeds in the template grid in each of the ultrasound 
images. Individual seeds can be added or deleted iteratively to optimize isodose coverage of 
the target volume. Seed strength can be adjusted to deliver a prescribed minimum peripheral 
dose (MPD), which is the isodose surface just covering the prostate target volume. Before 
the availability of computer dosimetry, seed strength and the required number of seeds were 
determined by the method of dimension averaging used in conjunction with a precalculated 
nomogram (1). The modern computer programs allow the use of any seed strength as well as 
fine adjustment of this parameter to obtain the desired MPD. Typical seed strengths required 
are on the order of 0.3 mCi for 125I (MPD = 144 Gy) and 1.7 mCi for 103Pd (MPD = 125 Gy).

Based on the approved computer plan, a worksheet is prepared specifying the number of 
needles, seeds in each needle, and template coordinates. Figure 24.1 shows an example of preim-
plant treatment plan for 125I along with the dose volume histogram and statistics. In evaluating 
the preimplant plan, distribution of seeds and isodose curves are reviewed in each ultrasound 
cross section to assure adequate coverage of the target volume and sparing of normal tissue. 
Dose volume histograms for the target and the critical structures are useful to provide overall 
statistical evaluation of the treatment plan.

Critical structures or organs at risk in a prostate implant are the urethra, rectum, and bladder. 
Seeds should not be placed directly in or in close proximity of these structures because doses are 
extremely high at or very close to a brachytherapy source. These structures must be outlined in 
the plan so that they can be viewed in the isodose plans and DVHs. Careful planning is impor-
tant to avoid high doses to these structures.

Postimplant dosimetry may also be performed using CT scans to assess stability of the 
implant after swelling of the prostate gland has gone down. A major problem with permanent 
seed implants is the usual disagreement between the preimplant and postimplant dose distribu-
tions. Hot and cold spots can develop as a result of source movement with time (Fig. 24.2), 
leaving one to wonder if the prescribed dose was delivered to the target accurately with a pat-
tern of dose distribution as originally planned and that the critical structures were spared as 
intended.

Figure 24.1. continued. (B) dose volume histogram for target and normal tissue (rectum).
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Figure 24.2. a sample of posttreatment plan of the same patient as in Figure 24.1, showing (A) seeds and isodose 
curves in the four ultrasound cross sections of the prostate gland and (continued)

Another equally serious problem is that of source anisotropy. Because of the low g-ray energy 
emitted and the design of the source in which radiation is severely attenuated along the length 
of the seed, cold spots of greater than 50% (reduction in dose) exist at the ends (see Figs. 15.4 
and 15.6). This anisotropy in dose distribution, however, is more of a problem if the sources are 
aligned permanently end to end with each other along straight lines. A certain degree of random-
ness that naturally develops after implantation reduces the overall anisotropy effect in a prostate 
gland implant.

A.3. Implant Procedure

The implant procedure is carried out as an outpatient treatment in an operating room with the 
patient in the dorsal lithotomy position under spinal anesthesia. Figure 24.3 shows the implantation 
apparatus consisting of a transrectal ultrasound probe and a template to guide specifically designed 
sterile 18-gauge, 21-cm-long needles. The needles are preloaded with the planned number of seeds 
and spacers and placed in a needle holder at appropriate template coordinates. The needle-loading 
procedure is performed behind an L-shaped leaded glass barrier. Each needle is equipped with a 
plunger and the tip is sealed with bone wax to keep the seeds in place until implantation.
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The needles are inserted one at a time into the prostate using the ultrasound and template 
guidance. In each case, using sagittal images and distance measurements from the hub of the 
needle to the template, it is ascertained that the needle tip is at the correct plane and depth. After 
verifying the needle position, the needle is slowly withdrawn while the plunger is held stationary. 
This action results in the injection of the seeds and the spacers into the tissues along the track of 
the withdrawing needle. Each ultrasound image is carefully reviewed to assess the position of the 
seeds. Final verification of the implant is made with anteroposterior fluoroscopy. Extra seeds are 
available for implantation if cold spots are identified. Cystoscopy is performed at the conclusion 
of the procedure to retrieve any stray seeds in the bladder or the urethra.

For further technical details of the operative technique and implant procedure, the reader is 
referred to Grim et al. (2,3).

A.4. Radiation Protection

The American Association of Physicists in Medicine (AAPM) code of practice for brachyther-
apy (4) is a comprehensive document on the physics and quality assurance of brachytherapy 

Figure 24.2. continued. (B) dose volume histogram for target (prostate) and normal tissue (rectum).

Figure 24.3. Schematic 
 diagram showing ultrasound-
guided  transperineal template 
implant  procedure. (From Grim pD, 
Blasko JC, ragde h. Ultrasound-
guided  transperineal implantation 
of  iodine-125 and  palladium-103 
for the treatment of early-stage 
prostate  cancer. Atlas Urol Clin N Am. 
1994;2:113-125, with permission.)
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procedures. Before implementing a prostate implant program, one should consult this docu-
ment together with the relevant Nuclear Regulatory Commission (NRC) regulations. The basic 
requirement for releasing a permanent implant patient from the hospital is that the total expo-
sure to any other individual from the released patient does not exceed 0.5 rem over the life of the 
implant. This condition is easily met with a prostate implant using 125I or 103Pd seeds. Low-energy 
radiation is locally absorbed within the patient, posing little risk to surrounding organs or peo-
ple. However, patients are instructed at the time of discharge to observe certain precautions. 
For example, they are advised not to have prolonged physical contact with pregnant women or 
young children for a period of 2 months, to abstain from sexual activity for 2 weeks, and to use 
condoms during intercourse for the first few weeks in case a seed is discharged into the vagina.

During the implant procedure, a medical physicist or dosimetrist assisting in the  procedure 
also ensures that the total number of seeds is accounted for at all times. A thin-window  
GM (Geiger-Müller) tube or a scintillation counter should be available to locate any dropped or 
misplaced seed. Personnel are not allowed to leave the operating room without being surveyed 
to prevent accidental transport of any seed outside the room. At the conclusion of the procedure, 
the trash, the room, and the personnel are surveyed for any misplaced seed.

B. TEMPORARY IMPLANTS

Temporary prostate gland implants have almost exclusively used iridium-192. The treatment 
is given mainly as a boost to external beam therapy (5–7). Traditionally, these implants have 
been carried out at the time of laparotomy and pelvic-node sampling. The needles are implanted 
intraoperatively with the guidance of a transperineal template. Iridium seeds in plastic ribbons 
are afterloaded into the needles and left in place for about 3 days. Usually 10 to 15 needles 
are required for the implant. The patient is hospitalized and bed-bound for the duration of the 
implant, requiring analgesia.

Current refinements in the temporary implantation technique include ultrasound guidance, 
avoiding open laparotomy. However, patient hospitalization is still required with the attendant 
radioprotection problems for personnel administering postoperative care.

24.3. DOSIMETRY 

A. CALIBRATION

Brachytherapy sources are calibrated by the vendor before shipment and bear a calibration cer-
tificate with stated limits of uncertainty, usually 10%. Although vendor calibrations are, in most 
cases, traceable to the National Institute of Standards and Technology (NIST), the user is advised 
to check the calibration values of a sample of sources from the batch as a matter of quality 
assurance. Agreement within ±5% with the vendor calibration is acceptable, in which case the 
vendor values may be used for patient dose calculations. In the case of a larger disagreement, the 
user must resolve the difference with the vendor and if unsuccessful, use the in-house calibration, 
with full documentation of the procedure used.

The NIST uses large-volume ion chambers in a open-air geometry to calibrate 192Ir sources 
and free-air ionization chamber for 125I (8,9). The stated uncertainties in these calibrations are 
on the order of 2%. The NIST calibration techniques require considerable attention to detail and 
are not practical for routine use.

The most suitable method of routine calibration of brachytherapy sources is the well ioniza-
tion or reentrant chamber. As discussed in Section 15.2B, a nuclear medicine dose calibrator may 
be converted into a brachytherapy well chamber by placing a source-holding tube along the axis 
of the chamber. The chamber response, however, depends significantly on the energy of radia-
tion, source construction, and source position along the chamber axis. It is therefore essential 
that the well chamber bears a NIST-traceable calibration specifically for the type of source to be 
calibrated.

The well chamber calibration for given types of sources may be obtained from the accredited 
dose calibration laboratories (ADCLs), which maintain traceability with the NIST. Alternatively, 
the chamber may be calibrated in-house by using a standard source of the same type, which has 
been calibrated by an ADCL. The standard source should not only be the same radionuclide, but 
also have the same construction or model. In addition, the calibration geometry (source position 
along the chamber axis) should be the same for the standard source as for the source to be cali-
brated. If different source positions are intended, appropriate corrections should be determined 
as a function of source position.

82453_ch24_p490-499.indd   495 1/7/14   6:09 PM



496 part II I Modern radiation therapy

B. DOSE COMPUTATION

Dose distribution around 125I, 103Pd, or 192Ir is not isotropic. Analytical methods of dose calcula-
tions such as Sievert integral are not suitable for these sources because of complexity in source 
construction, filtration, and low energy of the emitted radiation. The AAPM Task Group 43 or 
simply TG-43 formalism (10) gets around this problem by parametrizing the dose distribution 
around a specific source type in terms of actual measurements or detailed Monte Carlo calcula-
tions. The general TG-43 equation (Equation 15.16) for the calibration of dose at a point P (r, u), 
which includes anisotropy effects, is as follows:

 D
#
(r,u)�Sk

G(r, u)
G(1,p/2)

 g(r)F(r, u) (24.1)

where D
#
(r,u) is the dose rate at point P in a medium (e.g., water), Λ is the dose rate constant, Sk 

is the air kerma strength of the source, G is the geometry factor, g is radial dose function, and F 
is the anisotropy function. These quantities are defined in Chapter 15.

In order to use Equation 24.1 rigorously for an implant, the seed orientation must be known 
and fixed. In prostate gland implants, although seeds are placed along straight lines with known 
coordinates, their postimplant orientation becomes somewhat randomized and variable with 
time. It is therefore acceptable to treat these seeds as point sources in a dose calculation formal-
ism. For a point source, Equation 24.1 reduces to

 D
#
(r) � �Sk

g(r)

r2
 �an(r) (24.2)

where �an(r) is the average anisotropy factor. Current values of Λ, g(r), and  �an(r) for prostate 
implant sources are provided by the AAPM Task Group TG-43U1 (11) (see Tables 15.4–15.7). 
A treatment-planning system for prostate gland implants usually has the reference data [Λ, g(r), 
and  �an(r)] stored for a number of commercially available seeds. It is the responsibility of the 
user to ensure that these data pertain to the type of sources to be implanted and represent cur-
rently accepted values (e.g., published in peer-reviewed literature).

B.1. Total Dose

As the sources decay with a half-life T1/2, the dose rate decreases exponentially with time t as

 D
#

� D
#

0e�0.693t / T1/2 (24.3)

where D
#
 is the dose rate (dD/dt) and D

#

0 is the initial dose rate as given by Equation 24.2. The 
cumulated dose Dc in time t is obtained by integrating Equation 24.3:

 Dc � D
#

0 (1.44T1/2)1 � e0.693t / T1/2 (24.4)

which is the same as Equation 15.28, since 1.44T1/2 is the average life (Tav). For a permanent 
implant, the total dose Dtotal is delivered after complete decay of the sources (i.e., >> T1/2).

In that case, Equation 24.4 reduces to

 Dtotal � 1.44D
#

0T 1/2 

or

 Dtotal � D
#

0 T av (24.5)

ExAMPLE 1

A prostate gland implant with 125I seeds delivered an initial dose rate of 0.07 Gy/h to the prostate 
gland. What will be the dose delivered (a) after 1 month and (b) after complete decay of the sources?

 Half - life of 125I �  59.4 days 

 Average life �  1.44 �  59.4 �  85.54 days 

 �  2,052.9 hours 

 D
#

0 � 0.07 Gy/h 

From Equation 24.4,

 Dc = 0.07 × 2,052.9 (1 – e−0.693 × 30/59.4) 

 = 42.44 Gy 
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From Equation 24.5,

 Dtotal = 0.07 × 2,052.9 = 143.7 Gy 

The initial minimum dose rate in a prostate gland implant is very low (e.g., approximately 
7 cGy/h) and approximately 30% of the prescribed dose is delivered in the first month.

ExAMPLE 2

Repeat Example 1 for a 103Pd implant with an initial dose rate of 0.21 Gy/h.

 Half - life of 103Pd �  16.97 days 

 Average life �  1.44 �  16.97 �  24.44 days 

 �  586.5 hours 

 D
#

0 � 0.21 Gy/h 

From Equation 24.4,

 Dc = 0.21 × 586.5 (1 – e−0.693 × 30/16.97) 

 = 87 Gy 

From Equation 24.5,

 Dtotal = 0.21 × 586.5 = 123.2 Gy 

For respective prescribed doses, the dose rate for a 103Pd implant is typically about three times 
that for an 125I implant. In the case of 103Pd, because of its shorter half-life, the bulk of the pre-
scribed dose (approximately 70%) is delivered in the first month.

24.4. HIGH-DOSE-RATE IMPLANTS 

Prostate cancer is a slowly progressive disease. Consequently, the superiority of one treatment tech-
nique over another cannot be established in a short time (e.g., 5 to 10 years). Although the results 
with seed implants are so far encouraging, caution is needed to interpret these results because of 
the relative short time of the studies and the many competing causes of failure in these patients. In 
addition, the clinical impact of dose inhomogeneity (caused by seed displacement and anisotropy) 
and extremely low dose rate (LDR) in a permanent implant is not well understood. However, 
the ability of brachytherapy to concentrate the dose in the tumor and spare surrounding normal 
tissues is well recognized. HDR brachytherapy has that advantage and, in addition, offers better 
control of dose homogeneity and dose conformity compared to LDR brachytherapy.

A. PROCEDURE

The HDR 192Ir brachytherapy for prostate cancer is an emerging technique (12). The implant 
procedure using transrectal guidance is similar to the LDR brachytherapy with 192Ir (13). The 
patient is placed in a lithotomy position and receives epidural anesthesia. A transrectal ultra-
sound probe is used to evaluate the prostate gland. Coronal and sagittal images allow the deter-
mination of prostate volume. A prostate gland template is sutured transperineally and HDR 
guide needles are implanted into the prostate gland with ultrasound guidance (Fig. 24.4A). Ten 
to 15 needles are usually required to cover the prostate gland. The bladder is filled with Hypaque 
and dummy source wires are loaded into the guide needles to obtain intraoperative x-ray local-
ization radiographs. The patient is sent to the recovery room and subsequently simulated to 
obtain orthogonal films for HDR treatment planning.

Treatment-planning algorithms for HDR have been discussed in Chapter 23. These programs 
are based on either orthogonal films or CT data. Dwell times of the source in each needle are 
calculated to provide optimized dose distribution. CT-based treatment planning provides full 
three-dimensional dose distributions including slice-by-slice isodose curves, isodose surfaces, 
and dose volume histograms.

After the treatment plan has been optimized and approved, the guide needles are connected 
to the HDR afterloader through adapters and transfer catheters (Fig. 24.4B,C). The treatment is 
delivered as planned. After conclusion of the treatment, the transfer catheters are disconnected 
from the adapters and the patient is sent to his or her room.

Although dose fractionation with HDR is not yet well established, the total dose typically 
ranges from 10 to 25 Gy (minimum isodose surface) given in three to four fractions. This dose is 
given in addition to the 45 Gy of external beam radiation therapy.
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A

C

B

Figure 24.4. prostate implant procedure using 
ultrasound-guided high-dose-rate (hDr) procedure 
showing (A) implant needles in place, (B) flexible 
adapters screwed into guide needles, and (C) flexible 
adapters connected to the hDr remote afterloaders. 
(From Syed aMN, puthawala aa, Barth N, et al. high 
dose rate brachytherapy treatment of the prostate: 
preliminary results. J Brachyther Int. 1997;13:315-331, 
with permission.)

• Permanent implants with iodine-125 or palladium-103 seeds are used in the treatment 
of early stage prostate cancer.

• The prostate implant procedure involves:

•	 Volume	study	using	a	transrectal	ultrasound	probe

•	 Pretreatment	planning	and	design	of	template	for	seed	placement

•	 Implantation	of	seeds	in	the	operating	room	using	ultrasound	probe	and	template	guidance

•	 Postimplant	dosimetry	using	CT	scans

• In general, seeds are planned for implantation with interseed spacing of 1 cm (center to 
center). Individual seeds are added or deleted to optimize isodose coverage of the target 
volume (prostate gland) while sparing the organs at risk (rectum and urethra).

• Isodose distribution as well as dose volume histograms for the target, rectum, and ure-
thra are the essential tools for treatment plan evaluation.

• The treatment-planning system must be formally commissioned by using appropriate 
source data and relevant protocols. Computer dosimetry should be checked by manual 
calculations using simulated implants.

• A random sample of seeds should be assayed to check the vendor-supplied calibration.

• A quality assurance program that meets national guidelines (e.g., AAPM protocol) and 
the mandated NRC requirements must be instituted and implemented.

K e Y  p O I N t S
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25.1. INTRODUCTION 

Since the development of drug-eluting stents (DES), intravascular brachytherapy (IVBT) is being 
phased out as a primary treatment for restenosis. We debated whether this topic should be 
included in this edition of the book. However, there have been reports in the recent literature that 
the use of IVBT after DES can further decrease the likelihood of restenosis. In view of this and 
the possibility that IVBT may be used in future studies, we have kept the topic in.

Coronary artery disease is most commonly treated using bypass surgery or percutaneous 
transluminal coronary angioplasty (PTCA). A major problem with PTCA, however, is the high 
incidence of restenosis and recurrence of artery blockage at the site of treatment. Restenosis is 
usually arbitrarily defined as a narrowing of the lumen by 50% or greater in diameter compared 
to the adjacent normal-appearing segments. Although the occurrence of restenosis is significantly 
reduced by the implantation of coronary stents, the restenosis rate following balloon angioplasty 
in randomized trials is 30% to 40% (1).

Most restenosis after angioplasty or stenting is caused by thrombosis or blood clotting at the 
PTCA site, which can be prevented partially by using anticlotting drugs. However, another pro-
cess, which begins within days after angioplasty, is the neointimal growth of tissues prompted by 
the wound-healing process following tissue injury by angioplasty. This component of restenosis 
cannot be prevented by anticoagulants or stents.

Intraluminal irradiation of coronary and peripheral arteries together with balloon angioplasty 
and/or stent implantation significantly lowers the rate of neointimal formation, thereby reducing 
the rate of restenosis to well below 10% (2). Radiation kills cells and inhibits the growth of neointi-
mal tissues in a manner similar to its effect on benign diseases such as keloids and heterotopic bone 
formation. Basic radiation biology and vascular pathology are discussed by several authors (3–5).

25.2. TREATMENT VOLUME 

A. ARTERIAL ANATOMY

The arteries carry blood from the heart to various parts of the body. The main artery, the aorta, 
is the largest blood vessel (2 to 3 cm in diameter) and carries blood from the left ventricle of the 
heart to the branching arteries and capillaries in all the body organs and tissues, including the 
heart muscle. The coronary arteries are blood vessels lying on the outer surface of the heart and 
the peripheral arteries supply blood to other organs and tissues. The luminal diameter of arteries 
ranges from 3 to 5 mm initially and tapers slowly through their path length. Within this range, 
the peripheral arteries tend to be of larger diameter than the coronary arteries. The minimum 
normal artery diameter required for angioplasty and stenting is approximately 3 mm.

The inside of the arteries is lined with a layer of cells called endothelium. Next to the endo-
thelium is the connective tissue layer, the intima, followed by layers of elastic membrane, smooth 
muscle cells, and elastic tissues. The outermost layer of the arteries is called adventitia, made up 
chiefly of collagenous fiber.

B. ANGIOPLASTY AND RESTENOSIS

The arteries can be partially blocked due to atherosclerosis or plaque formation. Reduction of 
their lumen diameter compromises the flow of blood and the delivery of oxygen to the body tis-
sues. As an alternative to a major surgical procedure such as bypass surgery, balloon angioplasty 
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is used to dilate the lumen diameter. This stretching action often ruptures the internal elastic 
lamina of the wall and causes fissures in the medial layers. The acute risk of the angioplasty 
procedure is thrombosis that can be controlled by drugs, as mentioned previously. The more 
protracted risk, however, is that of restenosis by neointimal hyperplasia. This process involves 
growth of new tissues in the cracks and crevices of the arterial wall caused by angioplastic injury. 
Although implantation of stent angioplasty reduces the overall rate of restenosis by approxi-
mately 50%, it does not prevent neointimal growth and may, in fact, stimulate the process.

C. TARGET VOLUME

Target volume for IVBT is confined to the region of angioplasty. Typically, it is 2 to 5 cm in length 
of artery and 0.5 to 2 mm in thickness of arterial wall. Occasionally, these dimensions may be 
exceeded depending on the location and extent of the disease. With 3 to 5 mm of luminal diame-
ter, the radial range of treatment may extend as far as to about 5 mm from the center of the artery.

Because of the severity of inverse square falloff of radiation at short distances, transluminal 
irradiation with IVBT produces highly conformal dose distribution, delivering a high dose to the 
arterial wall while sparing surrounding normal vessels or myocardium. Again, because of the pre-
dominance of the inverse square law effect, penetrating power of radiation, depending on energy 
and modality, is not critically important, except with regard to dose rate or duration of implant 
and radiation protection of personnel involved with the procedure. β-Particle sources, in general, 
give higher dose rates and provide greater radiation protection compared to the g-ray sources.

The depth of dose prescription for intracoronary irradiation is recommended by the Ameri-
can Association of Physicists in Medicine (AAPM) (6) to be 2 mm from the center of the source 
and for the peripheral arteries 2 mm beyond the average lumen radius. For each case, dose 
distribution in at least three planes perpendicular to the catheter and along its length should 
be determined. In addition, average, maximum, and minimum doses within the target volume 
should be reported (6).

25.3. IRRADIATION TECHNIQUES 

IVBT techniques may be classified into two categories: temporary implants (sealed sources or 
liquid-filled balloons) and permanent implants (radioactive stents). Each method has its advan-
tages and limitations, but the catheter-based sealed source is the preferred method because of its 
better control of dose delivery. A variety of β- and g-ray sources have been used for endovascular 
therapy, although the choice of one modality over the other is yet not clearly established. The 
pros and cons of a few sources and devices are discussed below.

A. RADIATION SOURCES

Typical dosimetric requirements of a temporary intravascular implant are (a) to deliver a target 
dose of 15 to 20 Gy to a 2- to 3-cm length of the arterial wall involved at a radial distance of 
about 2 mm from the source center, (b) to minimize the dose to tissues outside the region of 
angioplasty, and (c) to take as little time as possible for completion of the procedure, that is, 
provide target dose rates on the order of 5 Gy/min or greater. These requirements suggest the 
suitability of high-energy β sources such as strontium-90, yttrium-90, and phosphorus-32 or 
high-activity g sources such as iridium-192. The latter could be a high-dose-rate (HDR) after-
loading unit with the source dimensions small enough to allow IVBT.

The β sources have several advantages over g sources: higher specific activity, higher dose 
rate, longer half-life, and greater radiation safety for the patient as well as personnel. The major 
disadvantage of β sources, however, is the extremely rapid radial dose falloff within the target 
region; g sources such as 192Ir provide relatively more uniform target dose, governed primarily by 
the inverse square law falloff with distance, but require high activity to yield a reasonably high 
dose rate (≥5 Gy/min). Consequently, radiation protection problems with such sources become 
more significant. Although the HDR afterloaders using g sources could provide sufficiently high 
dose rate, they would require expensive shielding of the catheterization laboratories.

Table 25.1 contains a list of possible isotopes that have been or could be used for IVBT. The 
last column shows the activities required to obtain a dose rate of 5 Gy/min to a 2-cm length of 
a vessel at a radial distance of 2 mm from the source center. It is seen that the g sources, because 
of lower specific activity, require much higher activities than the β sources for a catheter-based 
intravascular procedure. On the other hand, a permanent radioactive stent using 48V requires 
only 1 μCi to produce the same dose rate.
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Although dose rate per unit-activity favors β emitters, radial dose distribution is better for 
the g sources, if it is assumed that the dose uniformity across the target volume is radiobiologi-
cally beneficial. This assumption has not been clinically validated but it seems logical, based on 
experience in conventional radiation therapy. Figure 25.1 compares radial dose distribution as 
a function of radial distance for some of the sources listed in Table 25.1. Nath and Liu (7) have 
studied radial dose function (g) for point sources of photons and electrons using Monte Carlo 
simulation. Their data show that from the point of view of adequate depth of penetration for 
IVBT, photon sources above 20 keV and electron sources above 1.0 MeV are acceptable.

B. RADIATION DELIVERY SYSTEMS

Irradiation of blood vessels to prevent restenosis following angioplasty has been carried out 
using external beam as well as brachytherapy. A number of catheter-based endovascular sys-
tems have become available commercially. Of these, the U.S. Food and Drug Administration has 
approved only a few for clinical use. A brief review of some of the available devices is presented 
below. For more detailed product information and specifications, the reader is referred to the 
respective company literature.

B.1. Novoste Beta-Cath

The Novoste Beta-Cath System1 uses β sources of 90Sr/90Y isotope. It is a manual afterloader 
device with a catheter-based delivery system. The system consists of two main components: (a) a 
transfer device for housing and hydraulic delivery of a radiation source train and (b) a delivery 
catheter to transport the source train.

The delivery catheter (Fig. 25.2) has three lumens. The first lumen is used for travel of the 
guidewire. The second lumen is for transport of the source train consisting of sealed cylindrical 
seeds of 90Sr/90Y. The source train is delivered to the distal end of the delivery catheter by apply-
ing manual hydraulic pressure through a syringe, which contains sterile water and is attached 
to the transfer device. The third lumen, which is also attached to the transfer device, is designed 

1www.novoste.com

TABLE 25.1  Possible Isotopes for Intraluminal Brachytherapy

Isotope Emission Maximum Energy (keV) Average Energy (keV) Half-Life Activity Required

Ir-192 g 612 375 74 d 1.0 Ci (37 GBq)

Iodine-125 X-ray 35 28 60 d 3.8 Ci (140.6 GBq)

palladium-103 X-ray 21 21 19 d 3.9 Ci (144.3 GBq)

phosphorus-32 β− 1,710 690 14 d 40.0 mCi (1,480 MBq)

Strontium/yttrium-90 β− 2,270 970 28 y 30.0 mCi (1,110 MBq)

tungsten/rhenium-188 β− 2,130 780 69 d 35.0 mCi (1,295 MBq)

Vanadium-48 β+ 690 230 16 d 1.0 μCi (37 Bq) stent

(From amols hI. physics and dosimetry of intravascular brachytherapy. In: thomadsen B, ed. Categorical Course in Brachytherapy Physics. Oak Brook, IL: 
radiological Society of North america; 1997, with permission.)

Figure 25.1. radial dose falloff with 
distance for a number of sources. Doses are 
normalized to 1 at a radial distance of 2 mm. 
(From amols hI, Zaider M, Weinberger J, et al. 
Dosimetric considerations for catheter-based  
β and g emitters in the therapy of neointimal 
hyperplasia in human coronary arteries. Int J 
Radiat Oncol Biol Phys. 1996;36:913-921, with 
permission.)
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to provide an opposite hydraulic pressure for returning the source train back into the storage 
position of the transfer device.

The major advantage of the Novoste system is its use of the 90Sr/90Y source, which is one of 
the highest-energy β emitters with a long half-life (28 years). Other advantages include high dose 
rate (treatment time approximately 5 minutes), patient and personnel safety, and simplicity of 
the handheld transfer device. The major disadvantage is the lack of a catheter-centering device, 
which could result in extreme dosimetric hot and cold spots within the target volume.

B.2. 𝛃-Emitting Liquid-Filled Balloon

An alternative to catheter-based wires and seeds is to inflate the balloon dilation catheter with 
β-emitting radioactive liquid. The advantages of a liquid-filled balloon are inherent source center-
ing and dose uniformity to the vessel wall. Several β-emitting isotopes such as 32P, 90Y, and 188Re, 
which can be obtained in a liquid radiopharmaceutical preparation, may be used in this technique.

The major disadvantages of liquid-filled balloons include (a) higher ratio of surface/adven-
titial dose compared to the catheter based g-source systems and (b) the possibility, although 
remote, of balloon rupture and consequently leakage of radioisotope within the patient. Of the 
radioisotopes mentioned previously, the rhenium-188 formulation is preferable because of the 
reduced radiation dose to organs such as colon and thyroid due to its rapid renal elimination in 
the event of balloon rupture. 188Re also has a favorable maximum β energy (2.13 MeV).

One of the liquid-filled balloon devices was developed at the Columbia University/Oak Ridge 
National Laboratory (8). The system uses a liquid preparation of 188Re (188Re-MAG3), which is 
obtained at high specific activities from a tungsten (188W) generator and delivered into a perfusion 
angiography balloon. A commercial system (RADIANT2) also uses a 188Re-filled balloon and is 
similar to conventional balloon PTCA (Fig. 25.3). It may be used before or after stent placement.

B.3. Radioactive Stents

Because permanent stents are frequently used in conjunction with balloon angioplasty, incorpo-
ration of radioactivity into the stent has been suggested to make it more effective in preventing 
restenosis (9–13). 32P,  90Y, and 48V are some of the suitable β-emitting isotopes for impregnation 
into the stent. The stent is rendered radioactive by activation in a cyclotron or by ion implanta-
tion with the radioisotope.

2Progressive Angioplasty Systems, Menlo Park, California.

Figure 25.2. Novoste Beta-Cath 3.5 System with source train and transfer device. (Courtesy of Novoste: www.novoste.com.)
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The advantage of a radioactive stent is primarily the combining of two procedures, stent-
ing and irradiation, into one. Proximity of the radioactive source with the vessel walls may 
be another advantage, although the gridded structure of the stent gives rise to greater dose 
inhomogeneity at the vessel surface than with a liquid-filled balloon or a catheter-based source. 
Figure 25.4 shows peaks and valleys of dose distribution for a 1.0-μCi 32P Palmaz-Schatz stent.3

The implantation technique of a radioactive stent is the same as that required for a  nonradioactive 
stent. Because of the very low activity (e.g., 0.5 to 5.0 μCi) of the β radioisotope, the radioactive 
stent procedure is the safest from the radiation protection point of view. However, the dosimetry is 
much more complicated than that of the catheter-based systems, as will be discussed later.

25.4. DOSIMETRY 

A. DOSE CALCULATION FORMALISMS

A.1. Catheter-Based G Emitters

The AAPM TG-43 formalism (13) is generally applicable to the problem of dose calculation for 
catheter-based intravascular systems. For a system using photon-emitting sources, the dose D at 
a point (r, u) is given by

 D(r, u) = SkΛ [G(r, u)/G(ro, uo)]g(r)F(r, u) (25.1)

3Isocent, Inc., Belmont, California.

A

B

Balloon
Inflation lumen

Injector
transfer
device

Inflation
device

Guidewire lumen

Radiation delivery catheter

Figure 25.3. A: Schematic of 
 raDIaNt radiation delivery system.  
B: paS raDIaNt isolated β-source 
balloon. Top: Inflated balloon. Bottom: 
Wrap balloon protective sheath. (From 
eigler N, Whiting JS, Makkar r, et al. 
Isolated liquid β-source balloon radiation 
delivery system (raDIaNt). In: Waksman 
r, Serruys pW, eds. Handbook of Vascular 
Brachytherapy. London: Martin Dunitz 
Ltd.; 1998:107-110, with permission.)

Figure 25.4. Calculated dose 
 distribution for a 1.0-μCi 32p 
 palmaz-Schatz stent, 15 mm in length. 
Dose to tissue is that given in 14.3 days 
after implant. (From Janicki C, Duggan 
DM, Coffey CW, et al. radiation dose 
from a  phosphorus-32 impregnated 
wire mesh vascular stent. Med Phys. 
1997;24:437-445, with permission.)
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where Sk is the air kerma strength, Λ is the dose rate constant, G is the geometry factor, g is the 
radial dose function, F is the anisotropy factor, and (ro, uo) are the polar coordinates of the refer-
ence point.

As discussed in Chapter 15, the reference distance ro in conventional brachytherapy is 1 cm. 
For IVBT, the AAPM (6) recommends ro = 2 mm. Equation (25.1) is therefore modified to incor-
porate this reference point specifically:

 D(r, u) = SkΛro
 [G(r, u)/G(ro, uo)]gro

(r)F(r, u) (25.2)

where Λro
 is the dose rate constant at a reference distance of ro and gro

 is the radial dose function 
normalized to the reference radial distance ro.

Depending on the source dimensions and the location of the point (r, u), the source may be 
considered as a line source or a point source. In the case of the point source, Equation 25.2 can 
be written as an approximation:

 D(r) � Sk�ro

ro
2

r2
 gro

(r)�an (25.3)

where Φan is the average anisotropy factor.
For a uniformly distributed line source, the geometry factor is given by

 G(r, u) = (u2 – u1)/L r sin u (25.4)

where L is the active length of the source.

A.2. Catheter-Based β Emitters

Because the quantity air kerma strength does not apply to β-emitting sources, the AAPM TG-60 
report recommends the following equation for the calculation of dose at a point (r, ) for the β 
sources:

 D(r, u) = D (ro, uo)[G(r, u)/(ro, uo)] g(r) F(r, u) (25.5)

where D(ro, uo) is the dose rate in water at the reference point (ro, uo). This quantity, D(ro, uo), may 
be determined by calibration of the β source at the reference point of ro = 2 mm and uo = p/2.

A.3. Radioactive Liquid-Filled Balloons

Amols et al. (14) have calculated dose at a point P(x′, y′, z′) from a radioactive liquid-filled 
balloon (Fig. 25.5) by numeric integration of a Monte Carlo–generated β-dose kernel over the 
volume of the balloon:

 D(P) � Lk(r�) # (A/V) # dV (25.6)

where D(P) is the dose rate (grays/sec) at point P, k(r) = dose kernel (grays per decay), r′(cm) = 
[(x′ – x)2 + (y′ – rsin u)2 + (z′– rcos u)2]½, A/V = activity per unit volume (becquerels/cm3), and 
dv = r.dr.du.dx. The integration limits are –L/2 < x < L/2, Ri < r < Ro and 0 < u < 2p. As 
seen in Figure 25.5, the central channel of the catheter contains a lumen of radius Ri to allow 
passage of the guidewire.

Figure 25.5. Geometry of dose 
calculation at a point P(x′, y′, z′) from a 
balloon catheter with outer diameter 
Ro, inner diameter Ri, and axial length 
L, uniformly filled with β-emitting 
 radioisotope. (From amols hI, reinstein 
Le, Weinberger J. Dosimetry of a 
radioactive coronary balloon dilution 
catheter for treatment of neointimal 
hyperplasia. Med Phys. 1996;23: 
1783-1788, with permission.)
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Using a 3-mm-diameter and 20-mm-long balloon filled with 90Y-chloride solution, Amols 
et al. (14) verified the calculated dose distribution by measurement with GafChromic film. The 
agreement between the measured and calculated radial dose distribution was ±6% at distances 
of 2.5 to 5.0 mm from the center of the catheter (or 1.0 to 3.5 mm from the surface of the 
 balloon). They used the kernel for 90Y, which had been calculated by Simpkin and Mackie (15).

The dose kernel is defined (15) as “the expectation value of the spatial distribution of the 
energy deposited in target volumes centered about a point radionuclide source per unit mass of 
the target volume per decay of the point source.” Dose kernels for a number of β emitters, 32P, 
67Cu, 90Y, 105Rh, 131I, 153Sm, and 188Re, have been calculated using the EGS4 Monte Carlo code 
(15). Some of these have potential use in IVBT with liquid-filled balloons.

A.4. Radioactive Stents

Dosimetric and radiobiologic characteristics of radioactive stents are complicated because of 
the gridded structure of the stent and the differences in dose rates delivered by stent versus an 
acute catheter-based irradiation. Dosimetric evaluation of clinical studies in animals by the 
AAPM task group (6) revealed “a confusing variety of different dose specifications in radioac-
tive stent implantation.” The analysis of a group of cases also showed that the dose delivered 
per unit-activity for the same radionuclide varied by almost a factor of four. Thus, the user 
must exercise caution in using stent activities and dosages specified in the clinical studies 
reported in the literature. The AAPM recommends (6) that “for each type of radioactive 
stent the three-dimensional dose distributions around stents of various lengths, diameters, 
and activities should be carefully determined by benchmark dosimetry studies before clinical 
implementation.”

The dosimetric calculations of radioactive stents have been investigated by a number of inves-
tigators (16–19). A stent is modeled theoretically as a cylindrical shell of water, immersed in 
water, with the radioisotope (a β emitter) uniformly distributed throughout the shell. The source 
is divided into infinitesimal elements of volume, each representing a point source. The dose 
distribution of a point source is represented by the dose-point-kernel function K(r

u
,r
u

�), which is 
defined as the dose at point r

u
 produced by a point source of unit activity located at r

u
�. The dose 

D(r
u
,t) at a point r

u
 outside the stent, accumulated over a time t, is calculated by convolution:

 D(r
u
,t) �LK(r

u
,r
u

�)a(r
u
,t)d3r

u
� (25.7)

where a(r
u
,t) is the activity volume density. The dose point kernel is derived from Monte Carlo 

simulation of electron transport in water (15).
For mathematical details of the above or similar algorithms, the reader is referred to Prestwich 

et al. (16) and Janicki et al. (18).

B. MEASUREMENT OF DOSE DISTRIBUTION

Dose distribution around IVBT sources is best measured by film dosimetry. Because of the high dose 
rate and steep dose gradients near the source, the film must have very thin emulsion, slow speed, 
and high resolution. Radiochromic films meet these requirements and are the detectors of choice for 
measuring dose distribution around brachytherapy sources in a contact geometry (see Chapter 8).

GafChromic film is tissue equivalent and has a linear sensitometric (optical density vs. dose) 
response and a large dynamic range (e.g., several grays to obtain an optical density between  
0.5 and 2.5). The film does not require processing after irradiation.

In dosimetric measurements, the film is sandwiched in a water-equivalent plastic phantom or 
wrapped around a cylindrical phantom, just like any film dosimetry arrangement. The exposed 
film is analyzed by a high-resolution scanning densitometer (spatial resolution on the order of 
0.1 mm). Optical density is converted to dose based on the predetermined sensitometric curve.

C. CALIBRATION

C.1. Catheter-Based G Sources

The strength of the g-emitter sources is determined by measurement of exposure rate in free 
space at 1 m using a free-air ionization chamber or a well-type ionization chamber, which bears 
calibration traceable to the National Institute of Standards and Technology (NIST) for a source 
of the same type. The air kerma strength, Sk, at distance / is given by

 Sk � x
#

/
(w/e)/2 (25.8)
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where x
#
/
 is the exposure rate at distance / and w/e is the average energy absorbed per unit 

charge of ionization in air, assuming energy loss due to bremsstrahlung in air to be negligible 
(see  Section 15.2A.5).

The calibration procedure of g-emitting seeds for conventional brachytherapy has been dis-
cussed in Chapters 15 and 23. In the case of intravascular sources, the AAPM (6) recommends 
that the dose rate in water at a distance of 2 mm from the center of the source must be specified. 
Equation 25.2 may be used to calculate dose rate at the reference point of (2 mm, p/2). However, 
at this point, the data for Λro and gro are not available. Amols et al. (20) have used extrapolated 
values of the line source functions given by the AAPM TG-43 (13) to calculate dose distribution 
at distances less than 1 cm. For 192Ir source (0.5 mm in diameter, 3 mm in length), they have 
compared calculated distributions with those measured with GafChromic film and shown an 
agreement of ±7% at distances of 1.5 to 5.0 mm. Thus, until TG-43 functions are available 
at distances less than 0.5 cm, the user may use the calculative or experimental methodology of 
Amols et al. to determine the dose rate at the reference point of (2 mm, p/2).

C.2. Catheter-Based β Sources

The strength of β sources for IVBT is specified in terms of dose rate in water at the refer-
ence point (ro, uo). Accordingly, the reference point for calibration of these sources should be  
ro = 2 mm and uo = p/2. Soares et al. (21) have described a method of calibrating β sources using 
an extrapolation ionization chamber that has a 1-mm-diameter collecting electrode (22). The 
absorbed dose rate at a depth close to 2 mm averaged over a 1-mm-diameter area is determined 
from measurements in a A150 plastic phantom. The absorbed dose to A150 plastic is converted 
to absorbed dose to water using an appropriate scaling factor and density corrections (21).

C.3. Radioactive Stents

Calibration of a radioactive stent is complicated by the fact that stents are shipped under sterile 
conditions in acrylic cylinders of wall thickness sufficient to absorb all the β particles. Activity 
measurements therefore need to be made without disturbing the sterile environment. Although 
the β particles are completely absorbed in the acrylic shield, bremsstrahlung x-rays escape. The 
intensity of these x-rays is proportional to the numbers of β particles emitted, thus making it 
possible to infer activity of the radioactive stent by external measurement of bremsstrahlung. 
This method of assaying stent activity has been discussed by Larson and Mohrbacher (23) and 
Coffey and Duggan (24).

Relative calibration procedures based on bremsstrahlung measurements are available using 
a well-type ionization chamber, an NaI(Tr) scintillation counter, or a liquid scintillation counter. 
However, standards are needed to first calibrate the instrument. The NIST offers a reference  
32P standard for activity analysis, and hopefully more will be forthcoming for users to calibrate 
their instruments through transfer techniques. Relative calibrations require reference standards 
of the same radionuclide and construction. Large errors can result if one compares sources of 
different geometries for relative calibrations.

25.5. QUALITY ASSURANCE 

A comprehensive quality assurance (QA) program should ensure accurate and safe delivery of 
IVBT. In addition, it should be designed to satisfy the relevant regulations of the Nuclear Regula-
tory Commission (NRC) or state if it is designated as an Agreement State. Although several QA 
reports have been published on the use of conventional brachytherapy (25,26), the report most 
pertinent to IVBT is the AAPM TG-60 (6). Recommendations of this report are summarized 
below:

 1. Document radiation source properties.
 2. Develop protocols for receipt of sources, acceptance testing, and commissioning procedures.
 3. Develop guidelines for storage, access, and inventory of sources.
 4. Check physical integrity of sealed source; perform leak testing and other essential pretreat-

ment QA procedures, depending on the source or device (e.g., remote afterloader).
 5. Verify source activity using in-house equipment such as dose calibrator, re-entrant chamber, etc.
 6. Develop methods to properly sterilize sources.
 7. Develop protocol for safe transportation of radioactive material.
 8. Develop protocol for safe disposal of sources after use.
 9. Ensure availability of ancillary equipment at the time of the procedure.
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10. Develop emergency procedures.
11. Develop roles and responsibilities of each individual involved with the procedure.
12. Develop a prescription form (written directive).
13. Develop dose calculation check/double-check procedures.
14. Verify correct choice of sources and treatment parameters for the patient in question.
15. Monitor radiation levels around patient and surrounding areas during treatment.
16. Perform posttreatment radiation survey of the patient and surrounding areas.
17. Provide radiation safety instructions to patients with permanent implants (e.g., radioactive 

stent) at the time of patient discharge.
18. Develop education and training program for personnel.

25.6. RECENT UPDATES 

A. DOSIMETRY

The AAPM Task Group No. 60 on IVBT was published in 1999. This report was updated in 
2007 to Task Group No. 149 (27). The new recommendations provide a consensus report on 
dose calculation formalism and dosimetry parameters for commonly used IVBT systems. The 
reader is referred to this document for implementing these updates.

B. DRUG-ELUTING STENTS

Implantation of DESs has shown promise to significantly reduce the incidence of restenosis 
(28,29). The eluting drug has antiproliferative properties that help in the prevention of  neointimal 
hyperplasia. However, restenosis can still occur with DESs, although at a reduced rate compared 
to the bare-metal stents. Torguson et al. (30) have shown that the use of IVBT after implantation 
of DESs can further decrease the likelihood of restenosis. Thus, IVBT has an important role in 
the prevention of restenosis with or without the DES.

• IVBT significantly lowers the rate of neointimal formation, thereby reducing the risk of 
restenosis.

• The target volume for IVBT is typically 2 to 5 cm in length of artery and 0.5 to 2 mm 
of arterial wall.

• The AAPM-recommended depth of dose prescription is 2 mm from the center of the 
source for intracoronary irradiation. For the peripheral arteries, it is 2 mm beyond the 
average lumen radius.

• High-dose-rate (e.g., 5 Gy/min or greater) β sources are preferable for IVBT over g 
sources.

• Catheter-based radiation delivery systems are preferable over β-emitting liquid-filled 
balloons or radioactive stents.

• The AAPM TG-43 formalism (with the TG-149 update) is suited for the catheter-based 
IVBT dose calculations. Different algorithms are required for liquid-filled balloons or 
radioactive stents.

• The AAPM protocol recommends the calibration of IVBT sources at a distance of  
2 mm from the center of the source.

• An IVBT QA program must be instituted and implemented in accordance with the 
national protocol guidelines (e.g., AAPM TG-60) and the mandatory requirements of 
the NRC license.

• Current trends favor DESs. However, IVBT still has a role in lowering the incidence of 
restenosis, with or without DESs.

K e Y  p O I N t S

82453_ch25_p500-509.indd   508 1/7/14   9:39 PM



Chapter 25 Intravascular Brachytherapy 509 

R e f e r e n c e s
 1. Fisherman DL, Leon MB, Bain DS. A randomized com-

parison of stent placement and balloon angioplasty in 
the treatment of coronary artery disease. N Engl J Med. 
1994;331:496-501.

 2. Waksman R. Radiation for prevention of restenosis: where 
are we? Int J Radiat Oncol Biol Phys. 1996;36:959-961.

 3. Hall EJ, Miller RC, Brenner DJ. The basic radiobiology 
of intravascular irradiation. In: Waksman R, ed. Vascular 
Brachytherapy. Armonk, NY: Futura; 1999.

 4. Fajardo LF, Berthrong M. Vascular lesions following radia-
tion. Pathol Annu. 1988;23:297-330.

 5. Reinhold HS, Fajardo LF, Hopewell JW. The vascular system. 
In: Altman KI, Lett JT, eds. Advances in Radiation  Biology, Vol 
14. Relative Radiation Sensitivities of Human Organ Systems, 
Part II. San Diego: Academic Press; 1990:177-226.

 6. Nath R, Amols H, Coffey C, et al. Intravascular brachyther-
apy physics: report of the AAPM Radiation Therapy Com-
mittee Task Group No. 60. Med Phys. 1999;26119-152.

 7. Nath R, Liu L. On the depth of penetration of photons 
and electrons for intravascular brachytherapy. Med Phys. 
1997;24:1358(abst.).

 8. Weinburger J, Schiff PB, Trichter F, et al. Results of the 
Columbia Safety and Feasibility (CURE) trial of liquid iso-
topes for coronary vascular brachytherapy. Circulation. 
1999;100(suppl 1):1-75.

 9. Fischell TA, Kharma BK, Fischell DR, et al. Low-dose beta 
particle emission from ‘stent’ wire results in complete, 
 localized inhibition of smooth muscle cell proliferation. Cir-
culation. 1994;90:2956-2963.

10. Laird JR, Carter AJ, Kuffs WM, et al. Inhibition of neointi-
mal proliferation with a beta particle emitting stent. Circula-
tion. 1996;93:529-536.

11. Hehrleim C, Stintz M, Kinscherf R, et al. Pure β-particle 
emitting stents inhibit neointimal formation in rabbits. Cir-
culation. 1996;93:641-645.

12. Carter AJ, Laird JR. Experimental results with endovascular 
irradiation via a radioactive stent. Int J Radiat Oncol Biol 
Phys. 1996;36:797-803.

13. Nath R, Anderson L, Luxton G, et al. Dosimetry of inter-
stitial brachytherapy sources: recommendations of the 
AAPM Radiation Therapy Task Group No. 43. Med Phys. 
1995;22:209-234.

14. Amols HI, Reinstein LE, Weinberger J. Dosimetry of a 
 radioactive coronary balloon dilution catheter for treatment 
of neointimal hyperplasia. Med Phys. 1996;23:1783-1788.

15. Simpkin DJ, Mackie TR. EGS4 Monte Carlo determination 
of the beta dose kernel in water. Med Phys. 1990;17:179-186.

16. Prestwich WV, Kennet TJ, Kus FW. The dose distribution 
produced by a 32P-coated stent. Med Phys. 1995;22:313-320.

17. Prestwich WV. Analytic representation of the dose from a 
32P-coated stent. Med Phys. 1996;23:9-13.

18. Janicki C, Duggan DM, Coffey CW, et al. Radiation dose 
from a 32P impregnated Palmaz-Schatz wire mesh vascular 
stent. Med Phys. 1997;24:437-445.

19. Duggan DM, Coffey CW, Levit S. Dose distribution for a 
32P impregnated coronary stent: comparison of theoretical 
calculations and measurements with radiochromic film. Int 
J Radiat Oncol Biol Phys. 1998;40:713-720.

20. Amols HI, Zaider M, Weinberger J, et al. Dosimetric con-
siderations for catheter-based beta and gamma emitters in 
the therapy of neointimal hyperplasia in human coronary 
arteries. Int J Radiat Oncol Biol Phys. 1996;36:913-921.

21. Soares CG, Halpern DG, Wang CK. Calibration and charac-
terization of beta-particle sources for intravascular brachy-
therapy. Med Phys. 1998;25:339-346.

22. Soares CG. Calibration of ophthalmic applicators at NIST—
a revised approach. Med Phys. 1991;18:787-193.

23. Larson IL, Mohrbacher DA. Analysis of P-32 labeled solu-
tions using integrated bremsstrahlung radiation. Radioact 
Radiochem. 1992;3:4-7.

24. Coffey C, Duggan D. Dosimetric consideration and dose 
measurement analysis of a P-32 radioisotope stent. In: 
Waksman R, King S, Crocker IA, et al., eds. Vascular Brachy-
therapy. The Netherlands: Nucletron; 1996:207-216.

25. Kutcher GJ, Coia J, Gillin M, et al. Comprehensive QA 
for radiation oncology: report of AAPM Radiation Ther-
apy Committee Task Group No. 40. Med Phys. 1994;21: 
581-618.

26. Nath R, Anderson LL, Meli JA, et al. Code of practice for 
brachytherapy physics: AAPM Radiation Therapy Commit-
tee Task Group No. 56. Med Phys. 1997;24:1557-1598.

27. Chiu-Tsao S, Schaart DR, Soares CG, et al. Dose calculation 
formalism and consensus dosimetry parameters for intra-
vascular brachytherapy dosimetry: recommendations of the 
AAPM Therapy Physics Committee Task Group No. 149. 
Med Phys. 2007;34:4126-4157.

28. Schampaert E, Cohen EA, Schlüter, et al. The Canadian study 
of the sirolimus-eluting stent in the treatment of patients with 
de novo lesions in small native coronary  arteries (C-SIRIUS). 
J Am Coll Cardiol. 2004;43:1110-1115.

29. Morice MC, Serruys PW, Barragan P, et al. Long-term 
clinical outcomes with sirolimus-eluting coronary stents: 
five year results of the RAVEL trial. J Am Coll Cardiol. 
2007;50:1299-1304.

30. Torguson R, Sabate M, Deible R, et al. Intravascular 
brachytherapy versus drug-eluting stents for the treatment 
of patients with drug-eluting restenosis. Am J Cardiol. 
2006;98:1340-1344.

82453_ch25_p500-509.indd   509 1/7/14   9:39 PM



510

26.1. INTRODUCTION 

Broadly, image-guided radiation therapy (IGRT) may be defined as a radiation therapy proce-
dure that uses image guidance at various stages of its process: patient data acquisition, treatment 
planning, treatment simulation, patient setup, and target localization before and during treat-
ment. In the present context, we will use the term IGRT to signify radiotherapy that uses image 
guidance procedures for target localization before and during treatment. These procedures use 
imaging technology to identify and correct problems arising from inter- and intrafractional vari-
ations in patient setup and anatomy, including shapes and volumes of treatment target, organs 
at risk, and surrounding normal tissues. In that context, we will describe a number of image 
guidance technologies and methods that are available to implement IGRT.

26.2. IGRT IMAGE GUIDANCE TECHNOLOGIES 

As the planning target volumes (PTVs) are made increasingly conformal such as in three-
dimensional conformal radiotherapy (3-D CRT) and intensity-modulated radiation therapy 
(IMRT), the accuracy requirements of PTV localization and its dosimetric coverage during 
each treatment become increasingly stringent. These requirements have propelled advances in 
the area of dynamic targeting of PTV and visualization of surrounding anatomy before and 
during treatments. Imaging systems have been developed that are accessible in the treatment 
room or mounted directly on the linear accelerator. Some of these IGRT-enabling technologies 
and methods are discussed below.

A. PORTAL AND RADIOGRAPHIC IMAGERS

Modern accelerators (e.g., Varian’s TrueBeam and Elekta’s Versa HD) are equipped with two kinds 
of imaging systems: (a) kilovoltage x-ray imager in which a conventional x-ray tube is mounted 
on the gantry with an opposing flat-panel image detector and (b) megavoltage (MV) electronic 
portal imaging device (EPID) with its own flat-panel image detector. The flat-panel image detector 
in both cases is a matrix of 256 × 256 solid state detectors consisting of amorphous silicon (a-Si) 
photodiodes. Operational principles of these imaging devices were discussed in Chapter 12.

Although the kilovoltage (kV) images have better contrast than the MV images of the EPIDs, 
neither of them is of sufficiently good quality to visualize soft-tissue targets in their entirety. 
However, kV imagers are quite useful in determining the planned target position in relation to 
the bony landmarks and/or radio-opaque markers (fiducials) implanted in the target tissues. In 
addition, the kV imager can be used in both the radiographic and fluoroscopy modes to check 
patient setup before each treatment or track the movement of fiducial markers due to respiratory 
motion. The MV imager can provide portal verification before each treatment as well as on-line 
monitoring of target position during treatment delivery.

B. IN-ROOM COMPUTED TOMOGRAPHY SCANNER

The kV imaging systems in the radiographic mode provide two-dimensional (2-D) images that 
are marred by stacked anatomies and therefore do not have the resolution of a computed tomog-
raphy (CT) scanner. An in-room CT scanner makes it possible to have the capability of obtain-
ing CT images before each treatment. An in-room CT scanner is a conventional CT scanner on 
rails that is housed in the treatment room and shares the couch with the accelerator (Fig. 26.1). 

Image-Guided Radiation Therapy26
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In order to acquire a pretreatment CT, the couch is rotated into alignment with the CT scan-
ner. The CT scanner on rails is then moved in the axial direction relative to the patient. After 
acquiring CT scan data, the couch is rotated back into alignment with the accelerator gantry for 
treatment. Thus, neither the couch nor the patient is moved relative to the treatment isocenter 
in this process.

The advantage of the in-room CT scanner is that it provides high-resolution 3-D volumetric 
data of patient anatomy in the treatment coordinates. This information is useful not only in 
target localization prior to treatment, but also in reconstructing dose distribution, which may 
be compared to the reference treatment plan before each treatment or periodically during the 
course of radiotherapy. Frequent comparisons of these isodose plans enable one to make setup 
corrections or modify treatment parameters to minimize variations between the planned and the 
actual treatment. This procedure falls into the category of what is called the image-guided adap-
tive radiation therapy (IGART).

C. KILOVOLTAGE CONE-BEAM CT

The on-board kV imaging system is capable of radiography, fluoroscopy, and cone-beam computed 
tomography (CBCT). The x-ray tube is mounted on a retractable arm at 90 degrees with respect to 
the central axis of the linear accelerator beam. Image is generated by the flat panel area detectors 
mounted opposite the x-ray tube. The kilovoltage cone-beam computed tomography (kVCBCT) 
involves acquiring planar projection images from multiple directions as the gantry is rotated 
through 180 degrees or more. Three-dimensional volumetric images are reconstructed from these 
multiple radiographs by the computer, which uses a filtered back-projection algorithm (1).

Ordinarily, the quality of uncorrected reconstructed images would suffer from poor contrast, 
misregistration, and artifacts, due to problems involving gravity-induced flex in the support arm 
of the x-ray tube and detector, slight movements of the accelerator gantry during rotation, and 
the combined effects of beam hardening and x-ray scatter. Corrections on the order of 2 mm 
are required to compensate for the gravity-induced flex of the support arm and gantry (2). 
Beam hardening and x-ray scatter cause inaccuracy of CT numbers, contrast reduction, and cup-
ping artifacts.1 These effects are minimized by algorithmic corrections to the computer software 
(3–5). The scatter effects can also be minimized by using antiscatter grids, although these result 
in increased dose to the patient.

By using various corrective measures to offset the effects of flex motions, beam hardening, 
and scatter, it is possible to achieve cone-beam images with good contrast and submillimeter spa-
tial resolution. Typical resolution employed in the clinical implementation of kVCBCT is about 
1 mm voxel size at isocenter. Also, because low-kV x-rays are used in kVCBCT, the images show 

1 An artifact in CT images caused by reduction in reconstructed attenuation coefficients due to beam hardening 
(as near the center of a large object) or by scattered radiation.

Figure 26.1. Siemen’s CtVision consisting of a primus linear accelerator and a modified SOMOtOM diagnostic 
computed tomograph scanner that travels on two parallel rails in the treatment room. (photograph from www.siemens.
com/medical.)
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reasonably good soft-tissue contrast, which is helpful in verifying or delineating gross tumor 
volume (GTV).

Currently, kVCBCT technology is offered by both Varian and Elekta. Figure 26.2 shows pic-
tures of Varian’s TrueBeam and Elekta’s Versa HD, both equipped with kVCBCT systems.

D. MEGAVOLTAGE CONE-BEAM CT

Megavoltage cone-beam CT (MVCBCT) is made possible by the use of a traditional EPID with 
the a-Si flat-panel detector. The x-ray source in this case is the megavoltage therapy beam of 
the accelerator. Planar projection images are acquired from multiple directions as the x-ray 
source and the detector rotate about the patient. As in the kVCBCT, 3-D volumetric images are 
reconstructed by the computer using a filtered back-projection algorithm.

Although the soft-tissue contrast is reduced in the MVCBCT, the images are still good enough 
for 3-D localization of target position in relation to the bony anatomy and fiducial markers, if 
implanted in the tumor. The potential advantages of MVCBCT over kVCBCT are as follows:

 1. There is less susceptibility to imaging artifacts due to metallic objects such as hip implants, 
dental fillings, and surgical clips.

 2. There is no need for extrapolating attenuation coefficients from diagnostic (kV) beams to the 
therapeutic beam. CT numbers in MVCBCT correlate directly with electron density.

 3. The known dose distribution characteristics of the therapeutic beam allow more accurate 
calculation of imaging dose in the MVCBCT acquisition process.

 4. Implementation of MVCBCT does not require extensive modification of a linear accelerator 
that is already equipped with an EPID.

The above advantages, however, should not overshadow the following distinct advantages of 
kVCBCT over MVCBCT:

 1. Better contrast and spatial resolution
 2. Better soft-tissue visibility at much lower doses
 3. Compatibility of kVCBCT images with the reference treatment plan images for patient setup 

verification and correction
 4. Combination of radiography, fluoroscopy, and CBCT capabilities from the same source and 

detector, which provides great flexibility in implementing the goals of IGRT

E. HELICAL TOMOTHERAPY

Helical tomotherapy is an IMRT delivery technique that combines features of a linear accelera-
tor and a helical CT scanner (Chapter 20). The linear accelerator (e.g., 6-MV x-ray beam) is 
mounted on a CT-like gantry and rotates through a full circle (see Fig. 20.7). Simultaneous with 

a B

Figure 26.2. A: Varian’s trueBeam accelerator. (Courtesy of Varian Oncology Systems, palo alto, Ca.) B: elekta’s Versa hD unit. (Courtesy of elekta 
Inc., Sweden.) Both accelerators are equipped with kilovoltage imaging systems capable of two-dimensional radiography, fluoroscopy, and cone-beam 
computed tomography modes.
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the gantry rotation, the treatment couch is translated slowly through the doughnut aperture, 
thus creating a helical motion of the beam with respect to the patient. A computer-controlled 
multileaf collimator (MLC; a long narrow slit with multiple leaves) provides the required inten-
sity modulation of the beam. The problem of interslice match lines is minimized because of the 
continuous helical motion of the beam around the longitudinal axis of the patient.

The concept of helical tomotherapy was originally proposed by Mackie et al. (6,7) and further 
developed at the University of Wisconsin (8,9). A commercial tomotherapy unit (HI-ART) is man-
ufactured by TomoTherapy, Inc. (Madison, WI). It can deliver IMRT as well as generate CT images 
from the same megavoltage x-ray beam as it uses for therapy. That makes helical tomotherapy a 
unique device capable of delivering both the IMRT and IGRT in the same treatment geometry.

Helical tomotherapy is analogous to conventional helical CT scanning, where the gantry and 
the couch are in motion simultaneously. The HI-ART’s CT detector is an arc-shaped detector, 
consisting of 738-channel xenon ion chambers. The source to detector distance is 145 cm and 
the source to axis distance is 85 cm. A field of view (FOV), which is defined by the width of the 
multileaf collimator, is 40 cm as projected at the isocenter.

Because tomotherapy images are reconstructed from the same megavoltage x-ray beam as used 
for actual treatment, they are called MVCT images. Meeks et al. (10) have reported on the MVCT 
performance characteristics for a HI-ART II tomotherapy unit. Their findings show that, compared 
to the diagnostic CT images, the noise level in MVCT images is high and the low-contrast resolu-
tion is poor. However, in spite of the poor image quality, these relatively low-dose MVCT images 
(typical scan dose in the range of 1 to 2 cGy) provide sufficient contrast for verifying the patient’s 
position at the time of treatment. In addition, these images are less susceptible to imaging artifacts 
caused by high-atomic-number objects such as surgical clips, hip implants, or dental fillings.

Because of the predominance of Compton interactions in the megavoltage range of x-ray 
energies, the MVCT values are linear with respect to the electron density of the imaged material. 
Langen et al. (11) have shown that the MVCT numbers are reliable for accurately calculating 
dose distributions from the MVCT images. In addition, the daily image set may be manually or 
automatically registered to the treatment-planning image set in order to make adjustments, if 
needed, to the original treatment plan (12).

F. ULTRASOUND

Principles of ultrasonic imaging were discussed in Chapter 12. It is a noninvasive, nonradio-
graphic real-time imaging technique for localizing soft-tissue structures and tumors, primarily 
in the abdomen, pelvis, and breast. In IGRT, transabdominal ultrasound systems have been 
widely used for localizing prostate (13,14). One such system is the Best-NOMOS (Pittsburgh, 
PA) B-mode Acquisition and Targeting (BAT) system. BAT provides a rapid means of localizing 
prostate before each treatment and making corrections for interfraction variation of prostate 
position. Clinical issues in the daily use of this system are discussed in the literature (15,16).

The basic problem with the ultrasound-guided procedures for localizing prostate is the poor 
image quality. For most observers, ultrasound images have an unfamiliar appearance and are 
often difficult to interpret. Because of this large inter- and intrauser variability of interpretation, 
larger planning margins have been recommended (17,18).

Another problem of ultrasound imaging for the prostate is the anatomic distortions caused 
by the transducer pressure on the abdomen (19). Too much of this pressure could induce a shift 
in the prostate of as much as 10 mm.

Ordinarily, ultrasound scans generate 2-D images. Their interpretation to visualize 3-D 
anatomy is difficult and is highly dependent on the skill and expertise of the operator. Three- 
dimensional ultrasound imaging has been developed to overcome this limitation. One such 
 system is an optically guided 3-D Ultrasound Target Localization system, SonArray, manufac-
tured by Varian Medical Systems (Palo Alto, CA). In this system, 3-D ultrasound data sets are 
generated through optical tracking of free-hand–acquired 2-D ultrasound images. The operator 
manipulates the ultrasound probe over the anatomic region of interest to obtain 2-D images, 
which are automatically transferred to a computer through a video link. The position and angu-
lation of the ultrasound probe are tracked by an array of four infrared light-emitting diodes 
(IRLEDs). By coupling the ultrasound probe position determined by IRLEDs with the images 
acquired, a 3-D ultrasound image volume is reconstructed.

A 3-D ultrasound system is definitely an improvement over the traditional 2-D ultrasound 
systems. However, the basic limitations of the ultrasonic imaging, namely the image quality and 
the anatomic distortions caused by the transducer pressure, remain. In addition, it is imperative 
that careful commissioning and quality assurance procedures are followed in the clinical use of 
these systems (20–22).
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26.3. MANAGEMENT OF RESPIRATORY MOTION 

Respiratory motion affects all tumor sites in the thorax, abdomen, and pelvis. Tumors in the 
lung, liver, pancreas, esophagus, breast, kidneys, prostate, and other neighboring sites are known 
to move due to respiration. Although tumor displacement varies depending on the site and 
organ location, it is most prevalent and prominent in lung cancers. Studies have shown that 
lung tumors can move several centimeters in any direction during irradiation. However, the 
lung tumor motion is independent of tumor size, tumor location, and pulmonary function (23). 
These and other observations reported in the literature suggest that the tumor motion in lung or 
other sites cannot be predicted with any degree of accuracy and, therefore, should be assessed 
individually (24). That means that a real-time tumor-tracking or -gating process is required to 
manage target motion in radiotherapy.

Management issues of respiratory motion in radiation oncology are discussed at length by 
the American Association of Physicists in Medicine (AAPM) Task Group 76 (24). The following 
recommendations are taken from that report:

 1. Respiratory management techniques should be considered if (a) the range of motion is 
greater than 5 mm in any direction and (b) significant normal tissue sparing can be gained 
through the use of a respiratory management technique.

 2. If a method of motion measurement is available, an assessment of tumor mobility in three 
dimensions is essential for treatment planning and delivery of radiation therapy in lung cancer.

 3. If the magnitude of motion is not significant (<5 mm in any direction), the extra effort of 
using respiratory management is unwarranted.

 4. If a patient-specific tumor motion measurement is made, this information should be used in 
designing PTV margins in treatment planning. In the absence of a respiratory management 
device, the entire range of motion should be considered in establishing the PTV margins.

 5. Before deciding on respiratory management, assessment should be made if an individual 
patient can tolerate the respiratory management technique.

 6. Due to the complexity of the management of the respiratory motion problem, it is essential 
that the relevant personnel (radiation oncologist, physicist, dosimetrist, and therapist) be 
well trained in the procedure and be available for participation, assistance, and/or consulta-
tion, as needed.

 7. Quality assurance has a crucial role in all aspects of radiation therapy. Institutions should 
develop and implement quality assurance (QA) procedures as recommended by the AAPM 
Task Group 40 (25) for the radiotherapy equipment and Task Group 76 (24) specifically for 
the techniques used in the management of respiratory motion.

Intrafraction motion and its management are an important component of image-guided radio-
therapy. Basic principles of some of the methodologies that have been developed for real-time 
tumor tracking and respiratory management are discussed below. It is indeed an evolving field 
and it is expected that some of these methodologies will be modified, refined, or discarded as the 
field develops.

A. FOUR-DIMENSIONAL COMPUTED TOMOGRAPHY

Four-dimensional (4-D) CT is the process of acquiring CT scans synchronously with the patient’s 
respiratory phases. The 4-D images (the fourth dimension being time) are reconstructed from 
scans acquired at each respiratory phase of the breathing cycle. Respiration signals are acquired 
during CT scanning using surrogate signals such as the motion of the abdominal surface, inter-
nal anatomy, or volume of air measured by spirometry during inhalation and exhalation cycles. 
Typically the breathing cycle is divided into ten respiratory phases and multiple CT volumes are 
taken at each phase. A 4-D CT data set may involve as many as 1,500 CT slices. Details of the 
4-D CT methodology are described in the literature (26–29).

One commonly used method of acquiring 4-D CT images is to use a reference signal from 
 up-and-down motion of the surface where the motion could be correlated with the target motion. 
An example of such a system is the Varian Real-time Position Management (RPM) Gating System 
(Varian Oncology Systems, Palo Alto, CA). It is a computer-controlled video-based system in which a 
box with infrared (IR) reflectors is placed on the patient’s surface and the motion of the box is tracked 
by an IR camera. The RPM system can be interfaced with a CT or positron emission tomography 
(PET)/CT scanner for 4-D CT imaging. These images are used to design an individualized treatment 
plan in which radiation is administered at the optimum moments of the breathing cycle.

There are two modes of 4-D CT data acquisition: prospective gating and retrospective gating. 
In the prospective gating, the images are collected only at one phase of the respiratory cycle such 
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as at the end of inspiration or expiration. In the retrospective gating, the scan data for each axial 
slice are acquired at all phases of respiration and the correlation or registration of the CT images 
with the respiratory phases is conducted after the data have been acquired.

In gated radiotherapy, the computer synchronizes the beam with the respiratory cycles and 
switches the beam on only at the selected times of respiration. The gating thresholds are set when 
the target is in the desired portion of the respiration cycle, including inspiration and expiration. 
The gating system turns the treatment beam on and off in accordance with the programmed 
gating thresholds.

B. REAL-TIME TUMOR TRACKING

The main objective of real-time tumor tracking is to detect the respiratory motion and dynami-
cally reposition the radiation beam in order to follow the tumor’s changing position. Because 
of the difficulty of detecting the tumor itself, surrogate markers (external fiducials on the skin 
surface or internal fiducials implanted directly into the tumor) are used in most cases. In order 
for the method to work, the time delay between the detection of motion and the corrective action 
should be short (on the order of 100 milliseconds).

B.1. Fluoroscopy-Based Tracking Systems

Most commercially available tracking systems use fluoroscopy to detect metal fiducials implanted 
into the tumor. Fiducials are continually imaged during irradiation and the treatment beam is 
turned on or off depending on whether the detected image of the fiducial is within or outside the 
predefined gating window. Some of these systems are mounted on the accelerator gantry, while 
others are installed in the room. A few of these systems are discussed below as examples.

Hokkaido University flUoroscopic system. A dual-view fluoroscopy for tumor tracking has been 
developed at the University of Hokkaido (30–32). The imaging system consists of two diagnostic 
x-ray tubes that can rotate on a circular track embedded in the floor. The opposing x-ray detec-
tor for each tube rotates synchronously on a track mounted in the ceiling. During irradiation, 
the two imaging systems continuously track radio-opaque fiducials implanted in the tumor. The 
image data from the two fluoroscopic views are combined to construct trajectories of tumor 
motion in three dimensions. Pretreatment imaging is used to define a gating window. During 
irradiation, the beam is turned on when the image of the fiducial is within the window and 
turned off when it is outside the window.

exactrac/novalis Body system. This commercially available system was developed by Brain-
Lab AG (Heimstetten, Germany) (Fig. 26.3). It is a room-mounted system that provides IGRT  

Figure 26.3. Novalis Body System (BrainLab aG, hermstetten, Germany).
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capabilities for the delivery of stereotactic radiosurgery or stereotactic radiotherapy. Two 
real-time imaging systems are used: optical and fluoroscopy based. In the optical system, IR- 
reflecting markers are placed on marked spots on the patient’s surface or on the immobilization 
device. Two IR cameras mounted in the ceiling detect the position of the IR markers. Based on 
the location of the markers, in comparison with the stored reference information, the system 
automatically steers the treatment couch to match the planned treatment isocenter with the linac 
isocenter. An additional visual feedback of the patient’s position is provided by a video camera. 
Internal target localization and alignment are provided by a stereoscopic x-ray imaging device. 
This device consists of two x-ray tubes placed in holes in the floor and two opposing a-Si detec-
tors mounted in the ceiling. The system is configured so that the beam axes of both tubes meet 
at the linac isocenter. The x-ray imaging system is fully integrated into the IR tracking system so 
that the two systems can work together in monitoring target position. Target alignment is based 
on implanted fiducials or internal bony landmarks.

The ExacTrac system is capable of providing adaptive gating of the treatment beam using a 
six-dimensional (6-D) robotic couch. The patient positioning parameters are six-dimensional: 
three translations and three rotations about the three orthogonal axes (x, y, z). Evaluation of the 
patient position is performed with a 6-D fusion program, which uses internal bony structures 
visible in the fluoroscopy images to define the patient position. For a detailed description of the 
ExacTrac/Novalis Body system and its clinical use, the reader is referred to references (33–35).

cyBerknife. The CyberKnife (Accuray Inc., Sunnyvale, CA) is an image-guided frameless 
 stereotactic radiosurgery system for treating cranial or extracranial lesions (Fig. 26.4). It is used for 
either single-fraction radiosurgery or hypofractionated radiotherapy (two to five fractions). The 
system consists of an orthogonal pair of x-ray cameras coupled to a small X-band2 linear accelera-
tor mounted on a robotic arm. Using a higher microwave frequency in the X-band for accelerating 
electrons reduces the size and weight of the accelerator substantially. As a result, the CyberKnife 
linear accelerator is small, lightweight (~120 kg), and yet generates a 6-MV x-ray beam.

2 A range of microwave frequencies from 8 to 12 GHz. Linear accelerators for conventional radiotherapy 
operate with microwaves in the S-band (2 to 4 GHz).

A B

Figure 26.4. A: the CyberKnife radiosurgery system (accuray Inc., Sunnyvale, Ca). (picture from http://en.wikipedia 
.org/wiki/Image:CyberKnifeSchematic2.gif.) B: the CyberKnife showing linear accelerator mounted on a six-axis robotic 
manipulator. (From Gerszten pC, Burton Sa, Ozhassoglu C. CyberKnife radiosurgery for spinal neoplasms. Prog Neurol 
Surg. 2007;20:340-358.)

82453_ch26_p510-523.indd   516 1/7/14   6:14 PM

http://en.wikipedia


Chapter 26 Image-Guided radiation therapy 517 

The imaging system in CyberKnife consists of two diagnostic x-ray tubes mounted orthogo-
nally (90 degrees offset) in the ceiling and two opposing a-Si flat-panel detectors. The system is 
capable of acquiring and processing multiple images for patient setup as well as for tracking tar-
get motion during treatment. The target location is confirmed in relationship to skeletal structure 
by comparing real-time radiographic images with the reference treatment-planning CT images. 
The robotic arm has six degrees of freedom (Fig. 26.4B) and is capable of maneuvering and 
pointing the linac beam almost anywhere in space. After sensing any target motion, the robotic 
arm moves the beam to the newly detected target position for alignment.

Treatment beams in CyberKnife are not restricted to isocentric geometry. They can be directed 
independently, without a fixed isocenter. Also, they can be arranged in complex overlapping pat-
terns in order to produce conformal dose distributions for tumors of irregularly shaped volumes.

Considerable experience has since been accumulated for its use in the radiosurgery treatment 
of lesions in the brain, spine, pancreas, and lung. The reader is referred to references (36–39) for 
operational details and clinical use of the system.

B.2. Electromagnetic Field Tracking

One limitation of fluoroscopy-based tracking systems is the potential for excessive radiation 
exposure. A novel tumor-tracking system has been devised that does not involve the use of 
ionizing radiation. It is based on real-time localization of electromagnetic transponders (bea-
cons) implanted into the tumor. These transponders are tiny (1.8 × 8.6 mm2) oscillating cir-
cuits. When excited by an electromagnetic field, they emit a unique resonant frequency signal 
that can be detected by a magnetic array positioned close to the patient. The magnetic array 
contains both the source coils to generate signals to excite the transponders and the sensor 
coils to receive the unique frequency signals returned by the responders. The position of the 
magnetic array relative to the linear accelerator is measured by the IR cameras. The system 
is fast enough to track tumor motion during the breathing cycle. Phantom studies by Balter 
et al. (40) have demonstrated submillimeter accuracy in tracking moving objects. Initial clini-
cal use of the system in localizing the prostate gland in patients receiving external beam radio-
therapy was reported by Willoughby et al. (41). Based on multi-institutional investigational 
studies in the use of the system for prostate cancer, a commercial device, the Calypso 4-D 
Localization System (Fig. 26.5) (Calypso Medical Technologies, Inc., Seattle, WA), received 
its FDA approval in 2006.

Figure 26.5. electromagnetic field tracking system, Calypso 4-D Localization System (Calypso Medical technologies, 
Inc., Seattle, Wa).
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Figure 26.6. a schematic of magnetic resonance imaging–guided real-time volumetric tracking system (renaissance 
System, Viewray, Inc., Gainesville, FL).

B.3. Magnetic Resonance Imaging–Guided Radiation Therapy

A novel system that integrates magnetic resonance imaging (MRI)–based real-time volumetric 
tracking with a treatment delivery system has been devised (Renaissance System, ViewRay, Inc., 
Gainesville, FL) (Fig. 26.6). The system is specifically designed for MRI-guided IMRT, using a 
low-field open MRI unit for real-time imaging and three cobalt-60 sources, each equipped with 
computer-controlled MLCs, for delivering g-ray IMRT. Dynamic images are acquired to track 
patients’ 3-D anatomy while the treatment beam is on. Because of the MRI providing superior 
soft-tissue contrast and involving no ionizing radiation for imaging, this technology is ideally 
suited for real-time volumetric tracking of soft-tissue targets.

26.4. MANAGEMENT OF IMAGING DOSE 

One problem with IGRT is the potential for excessive dose to the patient as a result of various 
radiographic imaging procedures used for patient positioning, target localization, and real-time 
tumor tracking. The AAPM Task Group 75 (42) has analyzed the problem of imaging dose for a 
number of IGRT procedures. The reader is referred to the cited reference for an in-depth study of 
this problem. In the words of the Task Group 75: “The introduction of more intensive imaging 
procedures for IGRT now obligates the clinician to evaluate therapeutic and imaging dose in a 
more balanced manner.” In other words, there is a need to balance imaging dose with improve-
ments in the delivery of therapeutic dose.

A. SPECIFICATION OF IMAGING DOSE

Imaging dose is more difficult to specify and characterize radiobiologically than the therapeutic 
dose. This problem arises from the fact that the dose distribution in imaging procedures involv-
ing kilovoltage x-rays is dependent on too many variables (e.g., type of imaging modality, beam 
quality, technique, and duration and frequency of the procedures used). For example, in the pla-
nar imaging procedures the maximum dose occurs at the skin surface and the dose falls off rap-
idly with depth. In the axial imaging, such as CT, the dose is distributed more uniformly through 
the imaged volume. In addition, the magnitude and the distribution of dose in either procedure 
depend on the technique used and the duration and the number of procedures employed for a 
given patient. As a result, it is difficult to sum the doses from various imaging sources in a radio-
biologically consistent manner.

Because of the above-noted problems, imaging doses are specified in different quantities and 
units than those commonly used for therapeutic doses. The following dosimetric quantities are 
recommended by the Task Group 75 (42), which are also consistent with the earlier recommen-
dations (43,44) for diagnostic imaging procedures:
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 1. Planar kilovoltage imaging: entrance skin dose or air kerma, in units of mGy. For kV beams, 
air kerma and absorbed dose are essentially the same. When they refer to entrance dose, that 
means dose in free air (i.e., without scatter).

 2. Kilovoltage CT: air kerma on the axis of rotation in mGy, with or without scatter. A special 
quantity, called computed tomography dose index (CTDI), has been defined for specifying 
CT doses. It represents the total dose (with or without scatter) deposited at a point within a 
single slice during a complete scan. Mathematically,

 CTDI � (1/h)1��

�
D(z)dz  (26.1)

  where D(z) is the dose at a position z along the axis of rotation and h is the nominal slice 
 thickness.

     Equation 26.1 is theoretical. A measured quantity, CTDI100, is more practical and is given by

 CTDI100� (1/h)150
�50 Kair(z)dz  (26.2)

  where Kair is the air kerma. This is obtained with an ion chamber that integrates the dose in 
a single slice during an axial scan over a length of 100 mm.

     If the measured values of CTDI100 in the above equation include scatter contributions 
from the phantom, we obtain CTDIw. If CTDI100 is measured at the center in free air (without 
the phantom), then we get the axial dose in air or CTDIair. The CTDIair thus defined is com-
parable to entrance air kerma.

 3. Dose area product: The concept of dose area product has been introduced in imaging dosim-
etry to take into account the effect of integral dose. For example, skin damage is related not 
only to the magnitude of the skin dose, but also to the extent of skin area exposed to that 
dose. The dose area product (DAP) is defined as the product of dose and area exposed in 
planar imaging.

 4. Dose length product: For axial imaging (e.g., CT), the integral dose is expressed as the dose 
length product (DLP)—the product of dose and the axial length imaged.

 5. Effective dose: Because of the problems of specifying and characterizing doses from differ-
ent imaging modalities, the quantity, effective dose, is considered more relevant than just the 
dose. Effective dose is an expression of integral dose, which may be related to the stochastic 
risk associated with the dose received by the patient. It is therefore recommended that doses 
to patients received from different modalities be compared and summed only in units of 
“effective dose.”

Effective dose is mathematically defined as

 E � �T wT HT  (26.3)

where HT is the average organ dose to tissue T for a given imaging procedure and wT is the 
weighting factor representing relative sensitivities of the organs. The unit of effective dose is 
millisievert (mSv).

Equation 26.3 is difficult to implement in its rigorous form. A more practical approach is to 
multiply the delivered imaging dose (air kerma, entrance skin dose, CTDI, or absorbed dose) by 
conversion factors that have been calculated for various imaging modalities and other relevant 
factors such as the patient’s age and sex and the anatomic region imaged. Thus, the practical 
form of Equation 26.3 is

 E = D · F (26.4)

where D is the imaging dose in mGy and F is the conversion factor in units of mSv/mGy.
The problem, however, still exists of summing effective doses from imaging and therapy. Com-

putation of effective dose in patients undergoing radiation therapy has rarely been attempted. It 
is therefore impractical at the present time to compare or combine effective doses from imaging 
and therapeutic procedures. The AAPM Task Group 75 (42) considers this to be an important 
issue in IGRT. It states: “Because this comparison appears to be of great interest to the radiation 
therapy community, we consider that theoretical and/or empirical estimates of effective dose 
from the therapy beam during treatment should be made.”

B. EXAMPLES OF IMAGING DOSE DATA

Tables 26.1 and 26.2 summarize entrance doses per image for the CyberKnife and the BrainLab 
Novalis IGRT systems, respectively. Table 26.3 shows the entrance air kerma doses from the 
Hokkaido fluoroscopic tracking system. These data represent approximate measured values and 
are presented here as examples.

As mentioned earlier, the doses from different beam qualities and imaging modalities should 
only be compared and summed in terms of effective doses. A practical method of converting 
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TABLE 26.2         Measured Planar Radiographic Entrance Dose Levels for the BrainLab  Novalis  
Image-Guided Radiosurgery System (from the Henry Ford Hospital)

Site kV mA ms mAs mGy

Cranium and C-spine 120 125 100 12.5 0.335

Body 140 125 125 15 0.551

(From Murphy MJ, Balter J, Balter S, et al. the management of imaging dose during image-guided radiotherapy: 
report of the aapM task Group 75. Med Phys. 2007;34:4041-4063.)

Air Kerma @ Patient (mGy)

kV mA Ms @ Isocenter
5 cm from 
Isocenter

30 cm from 
Isocenter

 60 80 2 1.11 1.14 1.38

4 2.07 2.15 2.60

 80 80 2 2.45 2.54 3.07

4 4.28 4.44 5.37

100 80 2 4.35 4.51 5.46

4 7.41 7.68 9.30

120 80 2 6.69 6.94 8.39

4 10.90 11.30 13.67

(From Murphy MJ, Balter J, Balter S, et al. the management of imaging dose during image-guided radiotherapy: 
report of the aapM task Group 75. Med Phys. 2007;34:4041-4063.)

TABLE 26.3        Entrance Air Kerma at the Patient from the Hokkaido Fluoroscopic  
Tracking System for an Exposure Period of 60 Seconds at 30 Image 
Frames per Second

TABLE 26.1         Measured Planar Radiographic Entrance Dose Levels per Image for the 
Cyberknife Image-Guided Radiosurgery System

Site kV mA ms mAs mGy

Cranium and C-spine 105–125 100 100 10 0.25

t-spine 120–125 100–150 100–125 10–20 0.25–0.50

L-spine 120–125 100–200 100–150 10–30 0.25–0.75

Sacrum 120–125 100–300 100–300 10–90 0.25–2.00

Synchrony 120–125 100–300 50–75 5–22.5 0.10–0.50

(From Murphy MJ, Balter J, Balter S, et al. the management of imaging dose during image-guided radiotherapy: 
report of the aapM task Group 75. Med Phys. 2007;34:4041-4063.) (Data provided by accuray, Inc., Sunnyvale, Ca.)

measured doses to effective doses is to multiply them with the relevant effective dose conversion 
factors. Examples of effective doses in portal radiography and cone-beam CT are provided in 
Tables 26.4 and 26.5.

C. EVALUATION OF RISK

As discussed in Chapter 16, harmful effects of ionizing radiation are classified into two general 
categories: stochastic effects and nonstochastic or deterministic effects. Whereas no threshold 
dose can be predicted for stochastic effects, it is possible to set threshold limits for nonsto-
chastic effects. The National Cancer Institute has published an advisory on the risks associated 
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with interventional fluoroscopy that may be relevant to some of the IGRT procedures (42,45). 
Table 26.6 gives approximate threshold levels at which skin and eye injuries at various degrees 
of severance can occur. These estimates are based on observations involving a wide range of 
imaging scenarios. However, it should be recognized that the imaging scenarios in IGRT may 
be quite different and, in addition, it is not yet feasible to accurately compare imaging versus 
therapy doses.

Port View Gender Effective Dose E (mSv/MU)

ap pelvis Male 0.34

Female 0.52

Lat pelvis Male 0.32

Female 0.7

ap chest Male 1.74

Female 1.8

Lat chest Male 2.56

Female 2.23

Lat neck N.a. 0.12

ap, anteroposterior; Lat, lateral; N.a., not applicable; SSD, source to surface distance.
(Data from Waddington Sp, McKensie aL. assessment of effective dose from concomitant exposures required in verifi-
cation of the target volume in radiotherapy. Br J Radiol. 2004;77:557-561.)

TABLE 26.4          Effective Dose E from 6-MV Portal Images 18 cm  15.6 cm Taken at  
SSD  88 cm

TABLE 26.5        Dose from the Elekta XVI Kilovoltage Cone-Beam Computed Tomography

Parameter Head Chest

Mean dose at center (mGy) 29 16

Mean skin dose (mGy) 30 23

effective dose (mSv) 3.0 8.1

Conversion factor (mSv/mGy-cm2) 6.0 × 10−5 16.0 × 10−5

(Data from Islam MK, purdie tG, Norrlinger BD, et al. patient dose from kilovoltage cone beam computed tomography 
imaging in radiation therapy. Med Phys. 2006;33:1573-1582.)

Effects Threshold Time of Onset

early transient erythema 2,000 mGy 2–24 h

temporary epilation 3,000 mGy 1.5 wk

Main erythema 6,000 mGy 3 wk

permanent epilation 7,000 mGy 3 wk

Dermal necrosis 15,000 mGy >52 wk

eye lens opacity (detectable) >1,000 mGy >5 y

Cataract (debilitating) >5,000 mGy >5 y

(Data from National Institute of health. Interventional Fluoroscopy: Reducing Radiation Risks for Patients and Staff. NIh 
publication 05-5286. Washington, DC: National Institute of health; 2005.)

TABLE 26.6    Skin Injury Risks Associated with Image-Guided Interventional  
Procedures
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• Image guidance technologies used in IGRT include accelerator-mounted kV imagers as 
well as imaging equipment accessible in the treatment room.

• On-board kV images can be used in both the radiographic and fluoroscopic modes to 
check patient setup before each treatment and track motion of anatomy or implanted 
fiducial markers during treatment.

• Kilovoltage imagers have better soft-tissue contrast than the megavoltage imagers. 
However, the MV images are free from streaking artifacts caused by metallic objects 
and bear direct correlation between CT numbers and electron density of tissues—a 
feature that is helpful in dosimetry.

• The MV imagers are also useful in portal verification before and during treatment,  
using images of internal bony anatomy.

• Comparison of kVCBCT and MVCBCT shows that each has its own advantages and 
disadvantages. However, the two modalities are often complementary.

• Helical tomotherapy is an IMRT delivery technique that combines features of a linear 
accelerator and a helical CT scanner.

• Basic problems with the use of ultrasound for IGRT are (a) poor image quality and 
(b) anatomic distortions caused by the transducer pressure on the patient surface.

• Management of respiratory motion in IGRT is an evolving field. Noteworthy develop-
ments include 4-D CT and real-time tumor-tracking systems such as fluoroscopy-based 
systems, the ExacTrac/Novalis Body system, CyberKnife, electromagnetic field tracking, 
and MRI-guided radiation therapy.

• Excessive dose from intensive imaging procedures is a serious problem in IGRT. 
There is a need to evaluate stochastic as well as nonstochastic risks involved in all the 
 imaging procedures used in radiation therapy. Imaging doses must be balanced with 
demonstrable improvements in the delivery of therapeutic dose.
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27.1. BASIC PHYSICS 

A. NATURE OF THE PARTICLE

According to the Big Bang Theory, hydrogen was the first element to form in the universe 
(∼100 seconds after the creation of the universe about 13.7 billion years ago). Proton is the 
nucleus of the hydrogen atom. It carries a unit positive charge (1.6 × 10−19 C) and has a mass 
of 1.6 × 10−27 kg (∼1,840 times the mass of electron).

Proton has long been considered as a fundamental particle of nature—an indivisible elemen-
tary constituent of matter. However, according to the current theory of fundamental particles—
the Standard Model—proton has a substructure (see Chapter 1). It consists of three quarks 
(two up and one down) held together by gluons. Proton is the most stable particle (half-life of 
>1032 years) and decays into a neutron, a positron, and a neutrino.

The existence of proton was first demonstrated by Ernest Rutherford in 1919. E. O. Lawrence 
built the first cyclotron in 1930 and Robert Wilson at Harvard University made the first pro-
posal in 1946 that accelerated protons should be considered for radiation therapy. Tobias and 
his colleagues at Lawrence Berkeley Laboratory first treated patients with protons in 1955. As of 
2012, about 37 facilities worldwide are using proton beams for radiotherapy.

B. INTERACTIONS

As protons travel through a medium, they interact with atomic electrons and atomic nuclei of 
the medium through Coulomb force. Rare collisions with atomic nuclei causing nuclear reac-
tions are also possible.

Interactions mediated by Coulomb force are (a) inelastic collisions with atomic electrons in 
which protons lose part of their kinetic energy to produce ionization and excitation of atoms, 
thereby resulting in absorbed dose; bremsstrahlung interactions with nuclei are possible but 
negligible; and (b) elastic scattering without loss of energy. Nuclear scattering is the main con-
tributor to multiple Coulomb scattering of protons.

Compared to the electron beams, the proton beams (because of having heavier charged par-
ticles) scatter through much smaller angles. As a result, proton beams have a sharper lateral 
distribution than the electron or photon beams.

Mass stopping power (energy loss per unit path length in g/cm2) for protons is greater in low-
atomic-number (Z) materials than in high-Z materials. Therefore, on a per g/cm2 basis, low-Z materi-
als are more effective in slowing down protons. On the other hand, high-Z materials scatter protons 
through larger angles than the low-Z materials. Thus, if we want to scatter a beam with minimum loss 
of energy (principle of scattering foils), we should use high-Z materials, and if we want to decrease 
proton energy with minimum scattering, we should use low-Z materials. Accordingly, through a 
combination of high-Z and low-Z materials, we can control scattering and reduction in beam energy.

Head-on collisions with nuclei to produce nuclear reactions are also possible but rare. The 
products of such collisions are excited nuclei, secondary protons, neutrons, and, in some cases, 
α particles. A proton beam passing through soft tissues, for example, produces short-lived radio-
isotopes 11C, 13N, and 15O, which are positron emitters.

C. BRAGG PEAK

The average rate of energy loss of a particle per unit path length in a medium is called the 
stopping power. The linear stopping power (–dE/dx) is measured in units of MeV/cm. It is also 
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referred to as the linear energy transfer (LET) of the particle. LET is usually expressed as keV/μm 
in water. These basic parameters, namely stopping power and LET, are closely related to dose 
deposition in a medium and with the biologic effectiveness of radiation. Proton stopping powers 
for various materials, calculated as a function of proton energy, are given in International Com-
mission on Radiation Units and Measurements (ICRU) Report 49 (1).

The rate of energy loss due to ionization and excitation caused by a charged particle traveling 
in a medium is proportional to the square of the particle charge and inversely proportional to 
the square of its velocity. As the particle loses energy, it slows down and the rate of energy loss 
per unit path length increases. As the particle velocity approaches zero near the end of its range, 
the rate of energy loss becomes maximum.

The depth dose distribution follows the rate of energy loss in the medium. For a mono-
energetic proton beam, there is a slow increase in dose with depth initially, followed by a sharp 
increase near the end of range. This sharp increase or peak in dose deposition at the end of 
particle range is called the Bragg peak (Fig. 27.1).

As seen in Figure 27.1, the Bragg peak of a monoenergetic proton beam is too narrow to 
cover the extent of most target volumes. In order to provide wider depth coverage, the Bragg 
peak can be spread out by superposition of several beams of different energies (Fig. 27.2). 
These beams are called the spread-out Bragg peak (SOBP) beams. The SOBP beams are gener-
ated by employing a monoenergetic beam of sufficiently high energy and range to cover the 
distal end of the target volume and adding beams of decreasing energy and intensity to cover 
the proximal portion.

It should be noted in Figures 27.1 and 27.2 that just after the Bragg peak or SOBP, the 
depth–dose curve drops off sharply to zero dose value, although with a slight decrease in slope. 
This slight decrease in slope is caused by energy-loss straggling of the particles near the end of 
their range (1).

27.2. RADIOBIOLOGY 

Relative biologic effectiveness (RBE) of any radiation is the ratio of the dose of 250-kVp x-rays 
to produce a specified biologic effect to the dose of the given radiation to produce the same 
effect. The specified biologic effect may consist of cell killing, tissue damage, mutations, or any 
other biologic endpoint. The reference radiation for RBE comparison is sometimes chosen to 
be cobalt-60 g rays or megavoltage x-rays for which the RBE has been determined to be about  
0.85 ± 0.05 (relative to 250-kVp x-rays).

No modulation
1.1

1.0

0.9

0.8

0.7

0.6

0.5

0.4

0.3

0.2

0.1

0.0
0 50 100 150

Depth (mm)

R
el

at
iv

e 
do

se

200 250 300 350

Figure 27.1. Central axis depth dose distribution for an unmodulated 250-MeV proton beam, showing a narrow 
Bragg peak. (Data from synchrotron at Loma Linda University, Ca. From Miller DW. a review of proton beam radiation 
therapy. Med Phys. 1995;22:1943-1954.)
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Although the RBE depends on the type and quality of radiation, dose fractionation, and the 
biologic endpoint, the factor of critical importance related to RBE is the LET. The greater the LET, 
the greater is the RBE. Because charged particles, in general, have greater LET than the megavolt-
age x-rays, the RBE of charged particles is greater than or equal to 1.0. Neutrons also have RBE 
greater than 1.0, because of the higher LET caused by their interactions involving recoil protons. 
Figure 27.3 shows typical cell survival curves for high LET charged particles or neutrons and 
x-rays. It is seen that the slope of the survival curve is greater for the higher LET radiations, thus 
giving rise to higher RBE.

Because the LET of charged particles increases as the particles slow down near the end of 
their range, so does their RBE. Thus, the RBE of charged particles is greatest in the region of 
their Bragg peak.

Extensive radiobiologic studies have been carried out to determine the RBE of protons for 
various irradiation conditions and biologic endpoints. For a review of these studies, the reader 
is referred to Gerweck and Paganetti (2). Although the LET, and therefore the RBE, of a clinical 
proton beam continuously increases with depth (as its energy decreases), a single rounded-off 
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Figure 27.2. Central axis depth dose distribution for a combination of unmodulated 250-MeV and 4-, 6-, and 10-cm 
range-modulated proton beams. (Data from synchrotron at Loma Linda University, Ca. From Miller DW. a review of 
proton beam radiation therapy. Med Phys. 1995;22:1943-1954.)
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Figure 27.3. Comparison of typical  
cell survival curves for low linear energy 
transfer (Let) x-rays and high Let radiation 
such as heavy charged particles and  
neutrons. (From Gerweck L, paganetti h. 
radiobiology of charged particles. In:  
Delaney tF, Kooy hM, eds. Proton and 
Charged Particle Radiotherapy.  
philadelphia, pa: Lippincott Williams & 
Wilkins; 2008:8-18.)
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value of RBE has been adopted. Most treatment facilities use an RBE of 1.1 for protons rela-
tive to cobalt-60 or megavoltage x-ray beams in their dose prescriptions for all proton energies, 
dose levels, tissues, and regions covered by SOBP. This universal RBE factor of 1.1 has been 
adopted for practical reasons—to bring clinical response to proton and photon beams into 
rough agreement.

27.3. PROTON ACCELERATORS 

Protons can be accelerated to high energies by using (a) a linear accelerator, (b) a cyclotron, or 
(c) a synchrotron. However, the suitability of any type of these accelerators for medical use is 
dictated by clinical requirements such as high enough beam intensity to deliver a treatment in a 
short time (e.g., 2 to 3 minutes) and high enough energy to deliver SOBP beams for any depth 
tumor (e.g., 160 to 250 MeV).

Conventional linear accelerators are not suitable for accelerating protons or heavier charged 
particles to high energies required for radiotherapy. The electric field strength in the accelerator 
structure is not sufficient to build a compact machine for proton beam therapy. A linear accel-
erator would require a large amount of space to generate proton beams in the clinically useful 
range of energies. Therefore, cyclotrons and synchrotrons are currently the main accelerators for 
proton beam therapy, although new technologies involving high-gradient electrostatic accelera-
tors and laser-plasma particle accelerators are on the horizon.

Cyclotrons and synchrotrons are suitable for use in clinical facilities because they produce 
proton beams of sufficiently high energy and intensity for radiotherapy. However, they differ in 
several aspects of beam specification and space requirements. For example, cyclotrons produce 
high-intensity beams but have limited energy variability and are quite heavy (∼150 to 200 tons). 
Synchrotrons are relatively low in weight and produce proton beams of variable energy. Also, the 
beam current in synchrotrons is lower than in the cyclotrons.

A. CYCLOTRON

As discussed in Chapter 4, a cyclotron may be visualized as a short metallic cylinder divided 
into two sections, usually referred to as dees (for their resemblance to the letter D). The dees are 
highly evacuated and subjected to a constant strength magnetic field applied perpendicular to the 
plane of the dees. A square wave of electric field is applied across the gap between the two dees. 
Protons are injected at the center of the cyclotron and accelerated each time they cross the gap. 
The polarity of the electric field is switched at the exact time the beam re-enters the gap from 
the opposite direction. The constant magnetic field confines the beam in ever-increasing orbits 
within the dees until the maximum energy is achieved and extracted. The schematic of cyclotron 
operation is shown in Figure 4.12.

In a classic cyclotron, the frequency of the electric field is constant, since the rotational 
period of the proton is independent of its energy. However, as the protons approach the speed 
of light, they become relativistic which changes their rotational period. This effect is accounted 
for in isochronous cyclotrons and synchrocyclotrons. In isochronous cyclotrons, the magnetic 
field increases with radius in order to maintain a constant cyclotron frequency with energy. An 
example of a commercial 250 MeV isochronous cyclotron offered by Varian Medical Systems 
for proton therapy is shown in Figure 27.4.

Figure 27.4. proton therapy  
cyclotron offered by Varian. (Image 
courtesy of Varian Medical Systems, Inc., 
palo alto, Ca.)
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Alternatively, it is possible to vary the frequency with time so that the proton’s orbital motion 
is still resonant with the cyclical electric field. This type of cyclotron is called a synchrocyclo-
tron. Synchrocyclotrons are more compact and are used in single-room gantry systems such as 
Mevion’s S250 (Mevion, Littleton, MA) or IBA’s Proteus One units (IBA Ltd., Louvain-la-Neuve, 
Belgium). Because the frequency varies with time, the output from synchrocyclotrons is cyclical 
which results in lower dose rates than that from isochronous cyclotrons.

A cyclotron used in radiotherapy is a fixed-energy machine, designed to generate proton 
beams of a maximum energy of about 250 MeV (range ∼38 cm in water). This energy would be 
sufficient to treat tumors at any depth by modulating the range and intensity of the beam with 
energy degraders. The energy degraders consist of plastic materials of variable thickness and 
widths to appropriately reduce the range of protons as well as achieve differential weighting of 
the shifted Bragg peaks in order to create SOBP beams suitable for treating tumors at any depth. 
For example, in the IBA cyclotron, the energy degrader consists of a variable-thickness polycar-
bonate wheel located in the beam line. It is rotated into position to insert appropriate degrader 
thickness in the beam to reduce the proton range down to the desired depth.

B. SYNCHROTRON

In the synchrotron, a proton beam of 3 to 7 MeV, typically from a linear accelerator, is injected 
and circulated in a narrow vacuum tube ring by the action of magnets located along the cir-
cular path of the beam (Fig. 27.5A). The proton beam is accelerated repeatedly through the 
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Figure 27.5. A: Schematic diagram illustrating the principle of proton acceleration in a synchrotron. protons are 
accelerated in the radiofrequency cavity powered by a sinusoidal voltage. B: Synchrotron manufactured by hitachi, Ltd., 
Japan. (From Flanz J. particle accelerators. In: Delaney tF, Kooy hM, eds. Proton and Charged Particle Radiotherapy. philadel-
phia, pa: Lippincott Williams & Wilkins; 2008:27-32.)
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 radiofrequency (RF) cavity (or cavities), powered by a sinusoidal voltage with a frequency that 
matches the frequency of the circulating protons. Protons are kept within the tube ring by the 
bending action of the magnets. The strength of the magnetic field and the RF frequency are 
increased in synchrony with the increase in beam energy, hence the name synchrotron. When the 
beam reaches the desired energy, it is extracted. A commercial unit, manufactured by Hitachi 
Corporation, is shown in Figure 27.5B.

Synchrotrons have a distinct advantage over cyclotrons in that they accelerate the charged 
particles to precise energies needed for therapy. In other words, the synchrotron is operated 
to produce the SOBP beams at any desired depth without the use of energy degraders. The 
cyclotron, on the other hand, operates at a fixed maximum energy and requires energy degrad-
ers to treat more superficial tumors and to create SOBP beams at any depth. Energy degraders 
are problematic in several respects: They produce greater neutron contamination, require more 
shielding around the beam-generating equipment, and show higher posttreatment radioactivity 
from the metal collimators in the energy-degrading system.

27.4. BEAM DELIVERY SYSTEMS 

A single accelerator can provide proton beam in several treatment rooms (Fig. 27.6). Beam trans-
port to a particular room is controlled by bending magnets, which can be selectively energized 
to switch the beam to the desired room. An electronic safety system is provided to ensure that 
the beam is switched to only one room at a time and only when the designated room is ready 
to receive the beam. There is very little loss of beam intensity in the transport system—usually 
less than 5%.

The particle beam diameter is as small as possible during transport. Just before the patient 
enters the treatment room, the beam is spread out to its required field cross section in the treat-
ment head—the nozzle. This beam spreading is done in two ways: (a) passive scattering, in which 
the beam is scattered using thin sheets of high-atomic-number materials (e.g., lead, to provide 
maximum scattering and minimum energy loss); or (b) scanning, in which magnets are used to 
scan the beam over the volume to be treated. Although most accelerators currently use passive 
systems, there is a trend toward scanning to spread the beam.

A. PASSIVE BEAM SPREADING

Using a high-atomic-number scattering foil is the simplest method of spreading a proton beam to 
a useful field size. The scattered beam follows approximately a Gaussian distribution of  intensity, 

Figure 27.6. Schematic of proton beams from cyclotron transported to various rooms. (Courtesy of Varian Medical 
Systems, Inc., palo alto, Ca.)
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which is then collimated (trimmed) to provide a lateral profile within about 5% uniformity in 
the central area (excluding the penumbral region). Dual scattering foils are required to obtain 
large treatment fields of acceptable uniformity—within 5%. The first foil of uniform thickness 
spreads the beam to a large size and the second foil of differentially varied thickness modulates 
the beam intensity profile into a uniform distribution.

Passive systems require custom blocking to shape the field. The field outline, obtained from 
data files generated by the treatment-planning system, are digitized to design field apertures 
from the custom blocking equipment (e.g., casting Cerrobend blocks into Styrofoam molds or 
machining shielding material directly). Since field apertures are placed close to the patient sur-
face (to reduce penumbra), they tend to be large and too heavy for manual lifting.

Because the dose falloff beyond the Bragg peak is very sharp, the beam stopping distribution 
needs to be tailored to the dose in depth to make the isodose surface conform to the distal shape 
of the target volume. In passive beam spreading systems, range compensators of low-atomic-
number materials (e.g., plastics or wax) are used to compensate simultaneously for external 
patient surface irregularity, internal tissue heterogeneity, and the shape of the distal planning 
target volume (PTV) surfaces. In the design of these compensators, allowance is also made for 
alignment errors, patient and internal organ motion, and uncertainties in the localization of the 
PTV and organs at risk (3).

Passive beam spreading systems also include range modulators to spread the Bragg peak in 
depth over the PTV thickness in the direction of the beam. The range modulator is a propeller-
shaped wheel that rotates to insert successively thicker layers of plastic into the beam, thereby 
providing a differential pullback of the Bragg peak. By controlling the thickness of each layer 
and the duration of its insertion in the beam, an SOBP is obtained to cover the PTV.

B. PENCIL BEAM SCANNING

One problem with passive beam spreading is the interdependence of range and field size. In order 
to obtain uniform fields of acceptable uniformity, the scattering foil thickness has to be increased, 
which in turn results in the degradation of beam energy or the loss of treatment range. The problem 
can be eliminated by pencil beam scanning. For example, uniform fields can be produced without 
loss of range by magnetically scanning a narrow beam of protons. The Paul Scherrer Institute in 
Switzerland was the first to implement beam scanning with protons. In this system, the tissue region 
of interest is divided into a three-dimensional grid of volume elements (voxels). The scanning sys-
tem delivers specific doses at the grid points by placing the Bragg peaks within the voxels. Fields 
of any size and shape can be generated by pencil beam scanning, thus obviating the need for a 
custom-designed field aperture for every treatment portal. Because pencil beams of any energy and 
intensity are available, range compensators are also not required. Thus, the pencil beam scanning 
system allows computer-controlled delivery of dose as a function of beam intensity, field size, depth, 
beam position, and direction. An optimization process is used to calculate weights of thousands of 
individual pencil beams to generate a single treatment port. Optimally weighted Bragg peaks are 
thus distributed three-dimensionally to deliver a uniform dose to the target volume.

Beam scanning with protons is ideally suited for intensity-modulated proton therapy (IMPT). 
As in the case of photon intensity-modulated radiation therapy (IMRT), multiple ports are used 
in IMPT. Each port is designed with inhomogeneous proton fluence distribution so that when 
all the fields are combined, a homogeneous dose is delivered to the target volume. Clinical 
implementation of fully automated IMPT at the Paul Scherrer Institute is discussed by Lomax 
et al. (4). A three-field IMPT plan used in the treatment of a patient with a head and neck tumor 
is shown in Figure 27.7 as an example.

Pencil beam scanning is a precise and efficient mode of proton beam delivery for both the 
conventional and IMPT techniques. The major advantage is that no field-specific hardware 
( scattering foils, field apertures, and physical range compensators) is required and sequential 
fields are automatically delivered without entering the treatment room. The disadvantage is that 
pencil beam scanning for both the conventional and IMPT techniques has a higher sensitivity to 
organ motion than the passive methods of beam scattering. In other words, intensity modula-
tion is temporally not synchronized with organ motion during beam delivery. It should also be 
mentioned that the photon IMRT suffers from the same problem.

Limitations of pencil beam scanning have been discussed by several investigators (5–7). Some 
of the strategies to counteract the organ motion problem include (a) “repainting” the dose mul-
tiple times over the organ motion period in order to achieve a statistical averaging effect on 
the dose distribution; (b) increasing the scanning speed and thereby increasing the number of 
repaintings over the target volume, which further reduces the motion error through a greater 
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degree of randomization and better averaging statistics; (c) synchronizing beam delivery with the 
patient’s breathing cycle; and (d) tumor tracking during treatment. The problem of intrafraction 
organ motion is common to both photon and proton IMRT. It needs further investigation before 
appropriate solutions are found for either modality.

For a more in-depth review of proton beam delivery systems and IMPT, the reader is referred 
to references (8–10).

27.5. DOSIMETRY 

A. ABSORBED DOSE CALIBRATION

A number of protocols for the absorbed dose calibration of proton beams have been proposed 
(11–14). The most current of these is the International Atomic Energy Agency (IAEA) Report 
398 (14). Section 10 of this report provides a Code of Practice for the calibration of proton 
beams in the energy range of 50 to 250 MeV. Only highlights of this protocol are presented 
below. For details and protocol implementation, the reader is referred to the original document.

A.1. Formalism

The general formalism for the determination of absorbed dose to water for proton beams is the 
same as for the photon and electron beams (see Section 8.7, Chapter 8). Calibration is performed 
with an ionization chamber (plane parallel or cylindrical) in a water phantom. The chamber is 
calibrated by the reference calibration laboratory [National Institute of Standards and Technology 
(NIST) or Accredited Dose Calibration Laboratory (ADCL)] in terms of absorbed dose to water in 
a 60Co g-ray beam. This reference calibration is based on absolute dosimetry using a calorimeter.

The absorbed dose to water Dw,Q in water irradiated by a proton beam of quality zref and in 
the absence of the chamber1 is given by

 Dw,Q � MQND,w,Q0

kQ,Q0

 (27.1)

where MQ is the reading of the dosimeter at zref under reference conditions given in Table 27.1, 
corrected for temperature and pressure, electrometer calibration, polarity effect, and ion 

1 “In the absence of the chamber” means that the any perturbation caused by the presence of the chamber has 
been fully corrected.

Figure 27.7. an example of an intensity-modulated proton therapy (IMpt) treatment plan for a tumor in the head 
and neck region. three fields with nonhomogeneous fluences are delivered to obtain a conformal dose distribution for 
the planning target volume located between two critical structures, the esophagus and the spinal cord. (From pedroni e. 
pencil beam scanning. In: Delaney tF, Kooy hM, eds. Proton and Charged Particle Radiotherapy. philadelphia, pa: Lippincott 
Williams & Wilkins; 2008:40-49.)
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 recombination;  ND,w,Q0
 is the ion chamber calibration factor (absorbed dose to water/dosimeter 

 reading) for the reference beam of quality Q0 (
60Co); and kQ,Q0

 is the chamber-specific quality 
factor that corrects chamber response for differences between the reference beam quality Q0 and 
the quality Q of the given beam.

A.2. Beam Quality Index

The IAEA protocol specifies proton beam quality by the effective energy, defined as the energy 
of a monoenergetic proton beam that has the same residual range Res as that of the given clinical 
proton beam. The effective energy is close to the maximum energy in the proton energy spectrum 
at the reference depth.

The residual range Res is obtained from the measured depth–dose curve. Figure 27.8 shows a 
typical depth dose distribution of a clinical proton beam with an SOBP. The reference depth zref 
is at the midpoint of the SOBP. The practical range Rp is defined as the depth at which the dose 
beyond the Bragg peak or SOBP falls to 10% of its maximum value (15). The residual range Res 
is determined from the measurement of Rp and zref:

 Res = Rp – zref (27.2)

The reference conditions for the determination of Res are given in Table 27.1.

A.3. Quality Correction Factor, kQ,Q0

The beam quality factor kQ,Q0 
is defined as the ratio of calibration factors for the given ion chamber 

in terms of absorbed dose to water irradiated by beams of quality Q and Q0:

 kQ,Q0

�
ND,w,Q

ND,w,Q0 

 �
Dw,Q /MQ

Dw,Q /MQ0 

 (27.3)

Ideally, kQ,Q0
 should be obtained by direct measurement of the absorbed dose at the beam  

qualities Q and Q0. However, at present there are no primary standards of absorbed dose to water  
available for proton beams. Thus, kQ,Q

0
 values have been calculated using the following equa-

tion with 60Co g radiation as the reference quality for Q0 (16,17):

 kQ,Q0
�

(Sw,air)Q(Wair)QPQ

(Sw,air)Q0

(Wair)Q0

PQ0 

 (27.4)

TABLE 27.1        Reference Conditions for the Determination of Absorbed Dose in Proton 
Beams

Influence Quantity
Reference Value or Reference 
 Characteristics

phantom material Water

Chamber type For Rres ≥ 0.5 g/cm2, cylindrical and plane parallel

For Rres ≤ 0.5 g/cm2, plane parallel

Measurement depth zref Middle of the SOBpa

reference point of the chamber For plane-parallel chambers, on the inner surface of 
the window at its center

For cylindrical chambers, on the central axis at the 
center of the cavity volume

position of the reference point of the chamber For plane-parallel and cylindrical chambers, at the 
point of measurement depth zref

SSD Clinical treatment distance

Field size at the phantom surface 10 cm × 10 cm, or that used for normalization of the 
output factors whichever is larger. For small field 
applications (i.e., eye treatments). 10 cm × 10 cm or 
the largest field clinically available

a the reference depth can be chosen in the “plateau region”, at a depth of 3 g/cm2, for clinical applications with a 
monoenergetic proton beam (e.g., for plateau irradiations).
(From Iaea. Absorbed Dose Determination in External Beam Radiotherapy. technical report Series No. 398. Vienna: 
 International atomic energy agency; 2000.)
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where Sw,air is the Spencer-Attix water/air stopping power ratio, Wair is the mean energy required 
to create an electron–ion pair in air, and P is the chamber perturbation factor (accounting for 
air cavity, displacement factor, chamber wall, and central electrode). For a detailed review of the 
parameters of the above equation and their values, the reader is referred to references (15–17). 
The currently accepted values of Wair/e for protons and photons (or electrons) are 34.23 J/C and 
33.97 J/C, respectively.

When the reference beam quality Q0 is the 60Co g radiation, the factor kQ,Q0 is referred to 
simply as kQ. Values of kQ as a function of Res calculated by Equation 27.4 for a variety of cylin-
drical and plane-parallel ionization chambers are given in Table 31 of the IAEA protocol (15). 
The user should refer to these values when implementing the calibration protocol. Reference 
conditions for the determination of absorbed dose in accordance with the IAEA protocol are 
given in Table 27.1.

B. DOSE DISTRIBUTIONS

Besides absorbed dose calibration under reference conditions, clinical dosimetry (e.g., accep-
tance testing, commissioning, treatment planning, and monitor unit calculations) requires many 
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Figure 27.8. A: percent depth dose distribution for an unmodulated 235-MeV proton beam. B: percent depth dose 
distribution for a modulated proton beam, illustrating reference depth zref, residual range Res, and the practical range Rp. 
(From International atomic energy agency. Absorbed Dose Determination in External Beam Radiotherapy. technical report 
Series No. 398. Vienna: International atomic energy agency; 2000.)
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other measurements under nonreference conditions. Typically, these include check of  equipment 
performance specifications, beam alignment, beam energies, central axis depth dose distribu-
tions, transverse beam profiles, isodose distributions, and output factors. These measurements 
should be made for a sufficient number of energies, field sizes, and source to surface distances 
so that clinical dosimetry can be performed and applied to all possible radiotherapy treatments.

A variety of instruments are available for measuring relative dose distributions in proton 
fields: ion chambers, thermoluminescent dosimeters, silicon diodes, radiographic films, radio-
chromic films, and diamond detectors. However, not all the detectors have the same accuracy 
or precision and, in general, require appropriate corrections and care in their use to provide 
dosimetry with acceptable accuracy. The use of a particular detector is dictated by the irradiation 
conditions and the dosimetry objectives.

Plane-parallel ion chambers are ideally suited for measuring central axis depth dose distri-
butions because perturbation factors for this type of chamber can be assumed to be unity. The 
chamber readings, however, should be multiplied by the stopping power ratio Sw,air as a func-
tion of depth in order to convert depth ionization to depth dose. Values of stopping powers for 
proton beams in various materials including water and air are given in ICRU Report 49 (1). For 
small field sizes (smaller than twice the cavity diameter of the plane-parallel chamber), a detector 
with better spatial resolution (e.g., mini chamber, silicon diode, or diamond) should be used. In 
either case, the readings should be multiplied by the appropriate stopping power ratios (water to 
air, water to silicon, or water to graphite, depending on the detector). As a check on the accuracy 
of a particular detector system, the depth dose distribution measured by it should first be verified 
by comparison with a plane-parallel chamber using a large field (e.g., 10 × 10 cm2).

When transverse beam profiles (Fig. 27.9) are measured at a constant depth, all the detectors 
listed above give similar results provided the profile across the active volume is the same for each 
detector. Output factors [dose per monitor unit (MU)] should be measured at the reference depth 
with ion chambers except for small fields in which the beam profile is not constant across the active 
volume. A higher-resolution detector such as radiographic or radiochromic film may be preferable 
for such fields. The output factor is determined by the ratio of the detector response per monitor 
unit for the given field to that for the reference field (e.g., 10 × 10 cm2) at the reference depth.

27.6. TREATMENT PLANNING 

A. PRINCIPLES

Basic principles of radiotherapy treatment planning for protons are essentially the same as for 
photons and electrons. These include acquisition of three-dimensional imaging data set, delinea-
tion of target volumes and organs at risk, setting up of one or more beams, selection of beam 
angles and energies, design of field apertures, optimization of treatment parameters through 
iterative or inverse planning, display of isodose distributions and dose volume histograms 
(DVHs), and so on, depending on the complexity of a given case. The planning system output 
for the selected plan includes the necessary treatment parameters to implement the plan (e.g., 
beam coordinates, angles, energies, patient setup parameters, isodose curves, DVHs, and  digitally 
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reconstructed radiographs). In the case of protons, additional data are provided for the construc-
tion of range compensators and other devices, depending on the type of accelerator and the 
beam delivery system.

Because of the very sharp dose dropoff at the end of the beam range and laterally at the field 
edges and uncertainties in the computed tomography–based water-equivalent depths, calculated 
beam ranges, patient setup, target localization, and target motion assume greater importance 
for protons than for photons. So a major part of the treatment-planning process for protons 
consists of taking into account these uncertainties. For example, dose distributions are often 
computed at both the upper and the lower end of these uncertainties. Also, corrective techniques, 
such as “smearing” the range compensator, may be used to counteract the effects of some of the 
uncertainties (18,19). The smearing procedure consists of adjusting the compensator dimen-
sions within the smearing distance, based on the geometric and target motion uncertainties, and 
thereby shifting its range profile to ensure target volume coverage during treatment (even at the 
expense of target volume conformality). The need and complexity of this procedure require that 
the proton beam treatment-planning systems must incorporate a smearing algorithm and pro-
vide details for the fabrication of the “smeared” range compensator. A combination of suitable 
margins around the clinical target volume (CTV) and range smearing is essential to ensure target 
volume coverage at each treatment session.

B. TREATMENT BEAM PARAMETERS

As discussed earlier, the proton beam is monoenergetic as it enters the treatment head or nozzle. 
The Bragg peak of such a beam, called the pristine peak, is very narrow in depth and is not 
clinically useful. The nozzle is equipped with a range modulation system that creates an SOBP 
by combining pristine peaks of reduced ranges and intensity (Fig. 27.10). Modulation of the 
proton beam in range and intensity is accomplished by a rotating modulation wheel (also called 
“propeller”). The wheel consists of varying thicknesses of plastic (e.g., polystyrene) with vary-
ing angular widths. The thickness is constant in a given segment but successively increases from 
one segment to the other. Whereas the water-equivalent range of the pristine peak is reduced 
by an amount equal to the water-equivalent thickness of the plastic in a segment, its intensity 
is reduced because of the increasing width of the segment (i.e., increasing beam-on time at 
that range position). As the wheel rotates, the combination of pristine peaks with successively 
reduced range and intensity creates the desired SOBP (Fig. 27.10).

A modern nozzle consists of many components for creating and monitoring a clinically use-
ful beam (e.g., rotating range-modulator wheel, range-shifter plates to bring the SOBP dose 
distribution to the desired location in the patient, scattering filters to spread and flatten the beam 
in the lateral dimensions, dose-monitoring ion chambers, and an assembly to mount patient-
specific field aperture and range compensator). These nozzle components are not standard and 
may vary between different accelerators.

Figure 27.10. Spread-out Bragg 
peak (SOBp) depth dose distribution, 
showing modulation width (distance 
between the distal and proximal 90% 
dose values) indicated by the vertical 
dashed lines. SOBp range is the depth of 
the distal 90% dose position. (From Kooy 
hM, trofimov a, engelsman M, et al. 
treatment planning. In: Delaney tF, Kooy 
hM, eds. Protons and Charged Particle 
Radiotherapy. philadelphia, pa: Lippincott 
Williams & Wilkins; 2008:70-107.)
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The SOBP is specified by its modulation width, measured as the width between the distal and 
proximal 90% dose values relative to the maximum dose (indicated by vertical dashed lines in 
Fig. 27.10), and its range, measured at the distal 90% dose position. SOBP beam parameters are 
generated by the treatment-planning system for each treatment field. Lateral dimensions of the 
SOBP beam are shaped by a field aperture (corresponding to beam’s-eye-view projection of the 
field to cover the target), typically constructed from brass with equivalent wall thickness exceed-
ing the maximum possible SOBP range by 2 cm. Thus, all the treatment beam parameters for 
each field, namely, beam energy, SOBP range and modulation, range compensator, field aperture, 
and dose, are designed by the treatment-planning system.

C. DOSE CALCULATION ALGORITHMS

Several dose calculation algorithms for proton beam treatment planning have been developed. 
Based on the basic formalisms used, they fall into three major categories: (a) pencil beam, 
(b)  convolution/superposition, and (c) Monte Carlo. Some of these algorithms have been 
adopted by the commercial treatment-planning systems (e.g., XiO by CMS, Inc., St. Louis, MO; 
and Eclipse by Varian Medical Systems, Inc., Palo Alto, CA).

The pencil beam (PB) algorithm involves the calculation of dose distribution in infinitesimally 
narrow beams. The given field is divided into a fine grid and the pencil beams are positioned on 
the grid along ray lines emanating from the virtual source position defining the beam geometry 
(Fig. 14.52). Particles suffer energy degradation through inelastic collisions as well as lateral 
displacements through multiple elastic scattering, as discussed in Section 27.1B. As a result of 
the elastic scattering interactions, the pencil beam dose distribution gradually expands in lateral 
dimensions as it traverses the medium until the particles have lost all their kinetic energy through 
inelastic collisions. The pencil beam algorithm calculates the dose distribution in individual pen-
cil beams, taking into account all the interactions and the medium heterogeneities. The dose at 
any point in the patient is calculated by summing the dose contribution of all the pencils to the 
point of interest.

A number of PB algorithms (20–22) have been developed based on Molière’s theory of mul-
tiple scattering (23,24). Molière’s theory involves a mathematical formalism for the angular 
distribution of proton fluence as a pencil beam of high-energy protons penetrates a medium. The 
angular distribution is described by a Gaussian function characteristic of multiple small-angle 
scattering (primarily by nuclei). Terms for large-angle scattering and other corrections are also 
included. Hanson et al. (25) and Deasy (22) have used “best fit” functions to represent Molière 
angular distribution by a single Gaussian term.

The use of a Gaussian function to calculate lateral spread of proton fluence in a pencil beam 
is analogous to the pencil beam algorithm used for electrons (Chapter 14, Section 14.9). The 
computer implementation for protons almost parallels the PB algorithm of Hogstrom et al. (26) 
for electrons. The Gaussian distribution of proton fluence in a pencil is converted to dose distri-
bution by multiplying the fluence by a measured or Monte Carlo calculated broad-beam central 
axis depth–dose curve. For details of the PB algorithm for protons, based on Molière’s theory of 
lateral deflections, the reader is referred to Deasy (22).

The convolution/superposition algorithm for photons was discussed in Chapter 19, 
 Section 19.3. Petti (20,27) has described an analogous algorithm for protons in which dose at 
any point is determined by summing the dose from pencil beam kernels, placed on the calcula-
tion grid. The PB kernel is precalculated in a water phantom using a Monte Carlo code. Hetero-
geneity corrections are made by scaling the kernel dose distribution by electron density in the 
convolution integral. It should be mentioned that the physics of particle scattering in heteroge-
neous media is not modeled in this algorithm. Therefore, the radial spread of particle fluence 
may not be accurately predicted in very dense or high-atomic-number materials.

The Monte Carlo method is certainly the gold standard, but it is much slower than the ana-
lytical methods used for routine treatment planning. However, it is a valuable tool for testing the 
accuracy of these more practical algorithms. For further information on Monte Carlo codes for 
proton treatment planning, the reader is referred to references (28–30).

D. CLINICAL APPLICATIONS

Proton beam therapy has been used to treat almost all tumors that are traditionally treated with 
x-rays and electrons (e.g., tumors of the brain, spine, head and neck, breast, and lung; gastro-
intestinal malignancies; and prostate and gynecologic cancers). Because of the ability to obtain 
a high degree of conformity of dose distribution to the target volume with practically no exit 
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dose to the normal tissues, the proton radiotherapy is an excellent option for tumors in close 
proximity of critical structures such as tumors of the brain, eye, and spine. Also, protons give 
significantly less integral dose than photons and, therefore, should be a preferred modality in 
the treatment of pediatric tumors where there is always a concern for a possible development 
of secondary malignancies during the lifetime of the patient. For the same reasons, namely dose 
conformity and less integral dose, lung tumors are good candidates for proton therapy provided 
the respiratory tumor motion is properly managed.

Steepness of the distal dose gradient of the SOBP beam is an attractive feature of protons, 
but in clinical practice this advantage is not fully realized. The accuracy of localizing the distal 
dose gradient is marred by several uncertainties: subjective element in target delineation, varia-
tions in patient setup, patient and internal organ movements during treatment, and accuracy 
limitations of the dose calculation algorithms. Therefore, adequate margins have to be added 
to the target volume to counteract the effects of these uncertainties. In addition to the margins, 
multiple isocentric beams are used to statistically minimize the uncertainties of adequate target 
coverage. Sparing of critical normal structures is limited by the same kind of uncertainties as in 
the dosimetric coverage of target volume.

Although single and multiple static beams are often used in proton therapy, there is a trend 
toward adopting IMPT. Proton dose distributions can be optimized by the use of IMPT, achiev-
ing dose conformity comparable to IMRT but with much less integral dose. However, as dis-
cussed earlier, IMPT is very sensitive to target motion. Therefore, in cases where target motion is 
a problem, image guidance is essential to track target motion and ensure target coverage during 
each treatment.

In the above discussion, we have only briefly touched upon various facets of treatment plan-
ning. For a comprehensive discussion of the physical and clinical aspects of proton radiotherapy, 
the reader is referred to the book by Delaney and Kooy (31) and the cited references.

27.7. QUALITY ASSURANCE 

Quality assurance (QA) is one of the most important components of radiation oncology. Essen-
tially, it is a set of policies and procedures adopted by the institution to maintain quality of 
patient care in accordance with the national and international standards—standards that are set 
collectively by the radiation oncology profession.

As discussed in Chapter 17, there are several components that comprise a radiation oncol-
ogy QA program: a qualified team, consisting of radiation oncologists, medical physicists, 
dosimetrists, radiation therapists, nurses, and other essential support personnel; state-of-the-art 
equipment; QA protocols to check performance and accuracy of equipment on a daily, weekly, 
monthly, and annual basis; policies and procedures to minimize errors in treatments; and a peri-
odic review (at least annually) of the QA program.

Model QA programs for radiation oncology have been recommended by professional organi-
zations (Chapter 17). However, the QA programs designed specifically for proton radiotherapy 
are scarce in the literature. A relatively few publications have addressed this topic in some detail 
(32,33). That means the users have the responsibility of designing and implementing their own 
QA programs until national or international protocols are available. Although a QA program 
is an elaborate set of policies and procedures, the following procedures represent some of the 
elements specific to proton radiotherapy and are listed as examples:

 1. Automatic procedures to ensure correct beam energy being transported in the treatment 
nozzle and subjected to correct beam modulation to create the desired SOBP

 2. For a pencil beam scanning system, QA procedures to monitor scanning patterns determined 
by the treatment-planning system

 3. QA procedures to monitor the functionality of various interlocks related to beam delivery 
and patient safety

 4. Daily check of monitor unit calibration
 5. Verification of each treatment portal and monitor units
 6. Verification of correct installation of auxiliary equipment and patient-specific treatment aids
 7. Checking of patient setup and positioning systems
 8. QA of treatment-planning system and imaging devices

The above items highlight only a few of the essential QA procedures. Table 27.2 is a more detailed 
list by Maughan and Farr (33). The user is advised to develop their own QA program, incorpo-
rating the most current national/international protocols and reviewing them at least annually.
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TABLE 27.2     Routine Quality Assurance Table for Proton Therapy

Frequency Procedure

Daily Dosimetry and beam delivery

proton beam output check for a defined operating condition to verify correct operation of beam monitoring system 
and monitor unit calibration

For a scattered beam verification of the integrity of scatterers, alignment of scatterers and beam penetration

Checks of Bragg peak width and lateral beam profile including flatness and symmetry, for scattered beam,  
uniform scanned (beam) and pencil beam scanning

Back-up monitor constancy

Mechanical

Localization lasers

Snout alignment

Beamline inspection

Distance indicator (ODI)

Modulator wheel interlocks (barcodes etc.)

Beam delivery system interlocks

Safety

Door interlocks

audiovisual patient monitors

treatment room area radiation monitors

Function of motion stops on all moving systems (gantry, patient position, etc.)

Weekly Dosimetry and beam delivery

For a randomly selected patient, compare calculated planned dose at selected points to measured dose points in a 
phantom

respiratory gating equipment

Mechanical

Gantry/collimator angle indicators

Imaging equipment

alignment of x-ray imaging devices relative to beam axis and/or isocenter (orthogonal imaging, cone beam Ct, etc.)

Quality of images

Monthly Dosimetry

Verify integrity of modulator system

Mechanical

Light/radiation field congruence

Field size indicators (MLC)

Jaw symmetry

Cross-hair centering

patient positioner readouts and tolerances

For gantry determine isocenter location and check tolerances

Coincidence of collimator, gantry, and couch axes at isocenter

Safety

emergency off switches

annually Dosimetry and beam delivery

extensive recalibration of output under a wide variety of operating conditions

Checks of modulators, range shifters, or energy selection systems as appropriate

Lateral profile flatness and symmetry as a function of gantry angle

Check location of virtual source

primary MU linearity check

Check beam monitors for saturation conditions

Measure dose per MU for primary and backup channels as a function of gantry angle

(continued)
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• Currently the proton accelerators for use in radiotherapy are cyclotrons and synchro-
trons. Cyclotrons operate at a fixed energy, which can be modulated by the use of 
energy degraders to create SOBP (spread-out Bragg peak) at any depth. Synchrotrons 
produce beams of variable energy and can generate any desired energy without the use 
of energy degraders.

• New technologies are being considered to reduce the size of the accelerator and/or 
improve its performance and reliability for clinical use. Two examples are high-gradient 
electrostatic accelerators and laser-plasma particle accelerators.

• High-energy protons interact with matter by (a) inelastic collisions (with loss of energy) 
and (b) elastic collisions or scattering (without loss of energy). Inelastic collisions 
consist of predominantly ionization and excitation of atoms, some nuclear reactions, 
and very little (almost negligible) bremsstrahlung. Elastic scattering is predominantly 
through Coulomb interactions with atomic nuclei.

• Stopping power (energy loss per unit path length or dE/dx) for protons is inversely 
related to the square of their velocity.

• Protons deliver maximum dose near the end of their range, thus giving rise to what is 
called the Bragg peak.

• Pristine proton beams are modulated in energy and intensity to create SOBP beams for 
the treatment of tumor at any depth.

• RBE depends on LET which increases with decrease in proton energy and is greatest at 
the Bragg peak. However, a universal RBE of 1.1 for proton beams has been adopted 
for practical reasons.

• Beam delivery systems to produce uniform fields of any size vary between different acce-
lerators and are mainly of two types: passive beam spreading and pencil beam scanning.

• The current protocol for the absorbed dose calibration of proton beams is the IAEA 
Report 398.

• Dose calculation algorithms for treatment planning are model based: pencil beam and 
convolution/superposition. Monte Carlo codes are also available but are too slow for 
routine treatment planning.

• Proton beam radiotherapy has been used to treat almost all kinds of tumors that are 
traditionally treated with x-rays and electrons. Most useful applications are in the 
treatment of tumors in close vicinity of critical normal structures (e.g., tumors of the 
brain, eye, and spine).

• IMPT gives dose conformity comparable to IMRT but with much less integral dose.

• QA programs should be developed based on national/international protocols as well as 
institutional policies and procedures for effective and safe use of radiation therapy.

K e Y  p O I N t S

Frequency Procedure

Check dose per MU against standard laboratory or other institution using independent standard (e.g., ion chamber or tLD)

Mechanical

patient position tolerances including table sag

Safety

Calibrate area radiation monitors throughout facility

Comprehensive test of all accelerator, beam line, gantry, and nozzle safety systems

Imaging equipment

X-ray kVp, ma, timer, and magnification

Ct unit hU calibration

Full check of all simulation devices Ct, pet/Ct. MrI

(From Maughan rL, Farr JB. Quality assurance for proton therapy. In: Delaney tF, Kooy hM, eds. Proton and Charged Particle Therapy. philadelphia, pa: 
Lippincott Williams & Wilkins, 2008:50-56.)

TABLE 27.2     Routine Quality Assurance Table for Proton Therapy (continued)
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TABLE A.2  Ratios of Mass Stopping Powers and Mass Energy Absorption Coefficients for Cobalt-60  Raysa

Appendix

TABLE A.1  Ratios of Average, Restricted Stopping Powers for Photon Beams, Δ ∙ 10 keV

Nominal 
Accelerating 
Potential (MV)

(L�/r)med
air  

Water Polystyrene Acrylic Graphite A-150 C-552 Bakelite Nylon

2 1.135 1.114 1.104 1.015 1.154 1.003 1.084 1.146
60Co 1.134 1.113 1.103 1.012 1.151 1.000 1.081 1.142

4 1.131 1.108 1.099 1.007 1.146 0.996 1.075 1.136

6 1.127 1.103 1.093 1.002 1.141 0.992 1.070 1.129

8 1.121 1.097 1.088 0.995 1.135 0.987 1.063 1.120

10 1.117 1.094 1.085 0.992 1.130 0.983 1.060 1.114

15 1.106 1.083 1.074 0.982 1.119 0.972 1.051 1.097

20 1.096 1.074 1.065 0.977 1.109 0.963 1.042 1.087

25 1.093 1.071 1.062 0.968 1.106 0.960 1.038 1.084

35 1.084 1.062 1.053 0.958 1.098 0.952 1.027 1.074

45 1.071 1.048 1.041 0.939 1.087 0.942 1.006 1.061

Data from Cunningham JR, Schulz RJ. Published in Task Group 21, Radiation Therapy Committee, American Association of Physicists in Medicine.  
A protocol for the determination of absorbed dose from high-energy photon and electron beams. Med Phys. 1983;10:741, with permission.

Chamber Wall or Buildup Cap (L�/r)air
wall (Δ = 10 keV) (m� en/r)wall

air

Polystyrene 1.112 0.928

Acrylic 1.103 0.925

Graphite 1.010 0.999

Water 1.133 0.899

A-150 1.145 0.906

Nylon 1.141 0.910

C-552 1.000 1.000

Bakelite 1.080 0.945
a These data apply to ion chambers exposed in air.
From Johns HE, Cunningham JR. The Physics of Radiology. 4th ed. Springfield, IL: Charles C Thomas; 1983, with permission.
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Appendix 545 

TABLE A.6  Ratios of Mean Mass Energy Absorption Coefficients, a
m� en
r  b

air

med

, for Various Materials

Nominal  
Accelerating 

Potential (MV)

(m� en/r)air
med

Water Polystyrene Acrylic Graphite A-150 C-552 Bakelite Nylon

2 1.111 1.072 1.078 0.992 1.100 1.000 1.051 1.090
60Co-6 1.111 1.072 1.078 0.997 1.099 1.000 1.055 1.092

8 1.109 1.068 1.075 0.997 1.092 0.998 1.052 1.090

10 1.108 1.066 1.072 0.995 1.089 0.997 1.049 1.087

15 1.105 1.053 1.063 0.986 1.078 0.995 1.039 1.075

20 1.094 1.038 1.051 0.975 1.065 0.992 1.027 1.061

25 1.092 1.032 1.047 0.971 1.060 0.991 1.022 1.055

35 1.085 1.016 1.034 0.960 1.044 0.989 1.009 1.039

45 1.074 0.980 1.009 0.937 1.010 0.983 0.982 1.000

The data are applicable to ionization measurements made in phantom.
From Johns HE, Cunning JR. The Physics of Radiology. 4th ed. Springfield, IL: Charles C Thomas; 1983. Table published in Task Group 21, Radiation 
Therapy Committee, American Association of Physicists in Medicine. A protocol for the determination of absorbed dose from high-energy photon 
and electron beams. Med Phys. 1983;10:741, with permission.
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546 Appendix

Photon  
Energy (eV)

Air, Dry Z− = 7.78  
R = 1.205 kg/m3 (STP)  

3.006 × 1026 e/kg

Water Z− = 7.51  
R = 1,000 kg/m3  

3.343 × 1026 e/kg

Muscle Z− =  7.64  
R = 1,040 kg/m3  

3.312 × 1026 e/kg

M/R Men/R M/R Men/R M/R Men/R

1.0 + 03 3.606 + 02 3.599 + 02 4.078 + 02 4.065 + 02 3.719 + 02 3.709 + 02

1.5 + 03 1.191 + 02 1.188 + 02 1.376 + 02 1.372 + 02 1.251 + 02 1.247 + 02

2.0 + 03 5.279 + 01 5.262 + 01 6.173 + 01 6.152 + 01 5.594 + 01 5.574 + 01

3.0 + 03 1.625 + 01 1.614 + 01 1.929 + 01 1.917 + 01 1.812 + 01 1.796 + 01

4.0 + 03 7.788 + 00 7.636 + 00 8.278 + 00 8.191 + 00 8.127 + 00 7.992 + 00

5.0 + 03 4.027 + 00 3.931 + 00 4.258 + 00 4.188 + 00 4.206 + 00 4.116 + 00

6.0 + 03 2.341 + 00 2.270 + 00 2.464 + 00 2.405 + 00 2.446 + 00 2.377 + 00

8.0 + 03 9.921 – 01 9.446 – 01 1.037 + 00 9.915 – 01 1.037 + 00 9.888 – 01

1.0 + 04 5.120 – 01 4.742 – 01 5.329 – 01 4.944 – 01 5.356 – 01 4.964 – 01

1.5 + 04 1.614 – 01 1.334 – 01 1.673 – 01 1.374 – 01 1.693 – 01 1.396 – 01

2.0 + 04 7.779 – 02 5.389 – 02 8.096 – 02 5.503 – 02 8.205 – 02 5.638 – 02

3.0 + 04 3.538 – 02 1.537 – 02 3.756 – 02 1.557 – 02 3.783 – 02 1.610 – 02

4.0 + 04 2.485 – 02 6.833 – 03 2.683 – 02 6.947 – 03 2.685 – 02 7.192 – 03

5.0 + 04 2.080 – 02 4.098 – 03 2.269 – 02 4.223 – 03 2.262 – 02 4.349 – 03

6.0 + 04 1.875 – 02 3.041 – 03 2.059 – 02 3.190 – 03 2.048 – 02 3.258 – 03

8.0 + 04 1.662 – 02 2.407 – 03 1.837 – 02 2.597 – 03 1.823 – 02 2.615 – 03

1.0 + 05 1.541 – 02 2.325 – 03 1.707 – 02 2.546 – 03 1.693 – 02 2.544 – 03

1.5 + 05 1.356 – 02 2.496 – 03 1.505 – 02 2.764 – 03 1.492 – 02 2.745 – 03

2.0 + 05 1.233 – 02 2.672 – 03 1.370 – 02 2.967 – 03 1.358 – 02 2.942 – 03

3.0 + 05 1.067 – 02 2.872 – 03 1.186 – 02 3.192 – 03 1.176 – 02 3.164 – 03

4.0 + 05 9.549 – 03 2.949 – 03 1.061 – 02 3.279 – 03 1.052 – 02 3.249 – 03

5.0 + 05 8.712 – 03 2.966 – 03 9.687 – 03 3.299 – 03 9.598 – 03 3.269 – 03

6.0 + 05 8.055 – 03 2.953 – 03 8.956 – 03 3.284 – 03 8.874 – 03 3.254 – 03

8.0 + 05 7.074 – 03 2.882 – 03 7.865 – 03 3.206 – 03 7.793 – 03 3.177 – 03

1.0 + 06 6.358 – 03 2.789 – 03 7.072 – 03 3.103 – 03 7.007 – 03 3.074 – 03

1.5 + 06 5.175 – 03 2.547 – 03 5.754 – 03 2.833 – 03 5.701 – 03 2.808 – 03

2.0 + 06 4.447 – 03 2.345 – 03 4.942 – 03 2.608 – 03 4.896 – 03 2.584 – 03

3.0 + 06 3.581 – 03 2.057 – 03 3.969 – 03 2.281 – 03 3.931 – 03 2.259 – 03

4.0 + 06 3.079 – 03 1.870 – 03 3.403 – 03 2.066 – 03 3.369 – 03 2.045 – 03

5.0 + 06 2.751 – 03 1.740 – 03 3.031 – 03 1.915 – 03 3.000 – 03 1.895 – 03

6.0 + 06 2.522 – 03 1.647 – 03 2.770 – 03 1.806 – 03 2.741 – 03 1.786 – 03

8.0 + 06 2.225 – 03 1.525 – 03 2.429 – 03 1.658 – 03 2.401 – 03 1.639 – 03

1.0 + 07 2.045 – 03 1.450 – 03 2.219 – 03 1.566 – 03 2.192 – 03 1.547 – 03

1.5 + 07 1.810 – 03 1.353 – 03 1.941 – 03 1.441 – 03 1.915 – 03 1.421 – 03

2.0 + 07 1.705 – 03 1.311 – 03 1.813 – 03 1.382 – 03 1.786 – 03 1.361 – 03

TABLE A.7   Photon Mass Attenuation Coefficients, M/R, and Mass Energy Absorption Coefficients, Men/R,  
in m2/kg for Energies 1 keV to 20 MeV (Multiply m2/kg by 10 to Convert to cm2/g)

(continued)
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Appendix 547 

TABLE A.7   Photon Mass Attenuation Coefficients, M/R, and Mass Energy Absorption Coefficients, Men/R,  
in m2/kg for Energies 1 keV to 20 MeV (Multiply m2/kg by 10 to Convert to cm2/g)  (continued)

Photon  
Energy (eV)

Adipose Tissue Z− = 6.47  
R = 950 kg/m3  

3.346 × 1026 e/kg

Bone (Cortical) Z− = 13.54  
R = 1,920 kg/m3  

3.099 × 1026 e/kg

Polystyrene (C8H8) Z− =  5.74  
R = 1,046 kg/m3  

3.238 × 1026 e/kg

M/R Men/R M/R Men/R M/R Men/R

1.0 + 03 2.628 + 02 2.623 + 02 3.781 + 02 3.772 + 02 2.040 + 02 2.038 + 02

1.5 + 03 8.622 + 01 8.601 + 01 1.295 + 02 1.291 + 02 6.462 + 01 6.450 + 01

2.0 + 03 3.800 + 01 3.787 + 01 5.869 + 01 5.846 + 01 2.792 + 01 2.783 + 01

3.0 + 03 1.188 + 01 1.178 + 01 2.958 + 01 2.897 + 01 8.338 + 00 8.271 + 00

4.0 + 03 5.054 + 00 4.983 + 00 1.331 + 01 1.303 + 01 3.489 + 00 3.435 + 00

5.0 + 03 2.587 + 00 2.531 + 00 1.917 + 01 1.757 + 01 1.767 + 00 1.721 + 00

6.0 + 03 1.494 + 00 1.446 + 00 1.171 + 01 1.085 + 01 1.013 + 00 9.730 – 01

8.0 + 03 6.300 – 01 5.917 – 01 5.323 + 00 4.987 + 00 4.252 – 01 3.915 – 01

1.0 + 04 3.268 – 01 2.935 – 01 2.851 + 00 2.680 + 00 2.219 – 01 1.918 – 01

1.5 + 04 1.083 – 01 8.103 – 02 9.032 – 01 8.388 – 01 7.738 – 02 5.200 – 02

2.0 + 04 5.677 – 02 3.251 – 02 4.001 – 01 3.601 – 01 4.363 – 02 2.075 – 02

3.0 + 04 3.063 – 02 9.495 – 03 1.331 – 01 1.070 – 01 2.640 – 02 6.246 – 03

4.0 + 04 2.396 – 02 4.575 – 03 6.655 – 02 4.507 – 02 2.183 – 02 3.264 – 03

5.0 + 04 2.123 – 02 3.085 – 03 4.242 – 02 2.336 – 02 1.986 – 02 2.421 – 03

6.0 + 04 1.974 – 02 2.567 – 03 3.148 – 02 1.400 – 02 1.870 – 02 2.172 – 03

8.0 + 04 1.800 – 02 2.358 – 03 2.229 – 02 6.896 – 03 1.725 – 02 2.160 – 03

1.0 + 05 1.688 – 02 2.433 – 03 1.855 – 02 4.585 – 03 1.624 – 02 2.296 – 03

1.5 + 05 1.500 – 02 2.737 – 03 1.480 – 02 3.183 – 03 1.448 – 02 2.632 – 03

2.0 + 05 1.368 – 02 2.959 – 03 1.309 – 02 3.003 – 03 1.322 – 02 2.857 – 03

3.0 + 05 1.187 – 02 3.194 – 03 1.113 – 02 3.032 – 03 1.147 – 02 3.088 – 03

4.0 + 05 1.062 – 02 3.283 – 03 9.908 – 03 3.069 – 03 1.027 – 02 3.175 – 03

5.0 + 05 9.696 – 03 3.304 – 03 9.022 – 03 3.073 – 03 9.379 – 03 3.196 – 03

6.0 + 05 8.965 – 03 3.289 – 03 8.332 – 03 3.052 – 03 8.672 – 03 3.182 – 03

8.0 + 05 7.873 – 03 3.211 – 03 7.308 – 03 2.973 – 03 7.615 – 03 3.106 – 03

1.0 + 06 7.078 – 03 3.108 – 03 6.566 – 03 2.875 – 03 6.847 – 03 3.006 – 03

1.5 + 06 5.760 – 03 2.839 – 03 5.346 – 03 2.623 – 03 5.573 – 03 2.747 – 03

2.0 + 06 4.940 – 03 2.610 – 03 4.607 – 03 2.421 – 03 4.777 – 03 2.524 – 03

3.0 + 06 3.955 – 03 2.275 – 03 3.745 – 03 2.145 – 03 3.822 – 03 2.199 – 03

4.0 + 06 3.377 – 03 2.050 – 03 3.257 – 03 1.975 – 03 3.261 – 03 1.979 – 03

5.0 + 06 2.995 – 03 1.891 – 03 2.946 – 03 1.864 – 03 2.889 – 03 1.824 – 03

6.0 + 06 2.725 – 03 1.773 – 03 2.734 – 03 1.788 – 03 2.626 – 03 1.708 – 03

8.0 + 06 2.368 – 03 1.612 – 03 2.467 – 03 1.695 – 03 2.278 – 03 1.550 – 03

1.0 + 07 2.145 – 03 1.509 – 03 2.314 – 03 1.644 – 03 2.060 – 03 1.448 – 03

1.5 + 07 1.843 – 03 1.365 – 03 2.132 – 03 1.587 – 03 1.763 – 03 1.305 – 03

2.0 + 07 1.698 – 03 1.293 – 03 2.068 – 03 1.568 – 03 1.620 – 03 1.232 – 03

(continued)
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Photon  
Energy (eV)

Lucite (C5H8O2) 
 Z− = 6.56  

R = 1,190 kg/m3  
3.248 × 1026 e/kg

Lithium Fluoride (LiF)  
Z− = 8.31  

R = 2,635 kg/m3  
2.786 × 1026 e/kg

Carbon  Z− = 6  
R = 2,265 kg/m3  

3.008 × 1026 e/kg

M/R Men/R M/R Men/R M/R Men/R

1.0 + 03 2.794 + 02 2.788 + 02 4.200 + 02 4.175 + 02 2.211 + 02 2.209 + 02

1.5 + 03 9.153 + 01 9.131 + 01 1.467 + 02 1.460 + 02 7.002 + 01 6.990 + 01

2.0 + 03 4.037 + 01 4.024 + 01 6.698 + 01 6.667 + 01 3.026 + 01 3.016 + 01

3.0 + 03 1.236 + 01 1.228 + 01 2.135 + 01 2.121 + 01 9.033 + 00 8.963 + 00

4.0 + 03 5.247 + 00 5.181 + 00 9.282 + 00 9.188 + 00 3.778 + 00 3.723 + 00

5.0 + 03 2.681 + 00 2.627 + 00 4.815 + 00 4.742 + 00 1.912 + 00 1.866 + 00

6.0 + 03 1.545 + 00 1.498 + 00 2.802 + 00 2.742 + 00 1.095 + 00 1.054 + 00

8.0 + 03 6.494 – 01 6.114 – 01 1.187 + 00 1.142 + 00 4.576 – 01 4.242 – 01

1.0 + 04 3.357 – 01 3.026 – 01 6.101 – 01 5.733 – 01 2.373 – 01 2.078 – 01

1.5 + 04 1.101 – 01 8.324 – 02 1.884 – 01 1.612 – 01 8.071 – 02 5.627 – 02

2.0 + 04 5.714 – 02 3.328 – 02 8.792 – 02 6.494 – 02 4.420 – 02 2.238 – 02

3.0 + 04 3.032 – 02 9.645 – 03 3.727 – 02 1.826 – 02 2.562 – 02 6.614 – 03

4.0 + 04 2.350 – 02 4.599 – 03 2.486 – 02 7.890 – 03 2.076 – 02 3.343 – 03

5.0 + 04 2.074 – 02 3.067 – 03 2.020 – 02 4.541 – 03 1.871 – 02 2.397 – 03

6.0 + 04 1.924 – 02 2.530 – 03 1.791 – 02 3.223 – 03 1.753 – 02 2.098 – 03

8.0 + 04 1.751 – 02 2.302 – 03 1.563 – 02 2.385 – 03 1.610 – 02 2.037 – 03

1.0 + 05 1.641 – 02 2.368 – 03 1.441 – 02 2.229 – 03 1.514 – 02 2.147 – 03

1.5 + 05 1.456 – 02 2.657 – 03 1.260 – 02 2.332 – 03 1.347 – 02 2.449 – 03

2.0 + 05 1.328 – 02 2.872 – 03 1.145 – 02 2.484 – 03 1.229 – 02 2.655 – 03

3.0 + 05 1.152 – 02 3.099 – 03 9.899 – 03 2.663 – 03 1.066 – 02 2.870 – 03

4.0 + 05 1.031 – 02 3.185 – 03 8.853 – 03 2.734 – 03 9.546 – 03 2.950 – 03

5.0 + 05 9.410 – 03 3.206 – 03 8.076 – 03 2.749 – 03 8.715 – 03 2.969 – 03

6.0 + 05 8.701 – 03 3.191 – 03 7.467 – 03 2.736 – 03 8.058 – 03 2.956 – 03

8.0 + 05 7.641 – 03 3.116 – 03 6.557 – 03 2.671 – 03 7.076 – 03 2.885 – 03

1.0 + 06 6.870 – 03 3.015 – 03 5.894 – 03 2.585 – 03 6.361 – 03 2.792 – 03

1.5 + 06 5.591 – 03 2.755 – 03 4.798 – 03 2.361 – 03 5.179 – 03 2.551 – 03

2.0 + 06 4.796 – 03 2.533 – 03 4.122 – 03 2.173 – 03 4.442 – 03 2.345 – 03

3.0 + 06 3.844 – 03 2.210 – 03 3.321 – 03 1.907 – 03 3.562 – 03 2.048 – 03

4.0 + 06 3.286 – 03 1.995 – 03 2.857 – 03 1.733 – 03 3.047 – 03 1.849 – 03

5.0 + 06 2.919 – 03 1.843 – 03 2.554 – 03 1.614 – 03 2.708 – 03 1.710 – 03

6.0 + 06 2.659 – 03 1.731 – 03 2.343 – 03 1.528 – 03 2.469 – 03 1.607 – 03

8.0 + 06 2.317 – 03 1.579 – 03 2.069 – 03 1.414 – 03 2.154 – 03 1.468 – 03

1.0 + 07 2.105 – 03 1.482 – 03 1.903 – 03 1.345 – 03 1.959 – 03 1.380 – 03

1.5 + 07 1.820 – 03 1.348 – 03 1.687 – 03 1.253 – 03 1.698 – 03 1.258 – 03

2.0 + 07 1.684 – 03 1.282 – 03 1.592 – 03 1.211 – 03 1.575 – 03 1.198 – 03

TABLE A.7   Photon Mass Attenuation Coefficients, M/R, and Mass Energy Absorption Coefficients, Men/R,  
in m2/kg for Energies 1 keV to 20 MeV (Multiply m2/kg by 10 to Convert to cm2/g)  (continued)
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Photon  
Energy (eV)

Aluminum  Z− = 13  
R = 2,699 kg/m3  

2.902 × 1026 e/kg

Copper  Z− = 29  
R = 8,960 kg/m3  

2.749 × 1026 e/kg

Lead  Z− = 82  
R = 11,350 kg/m3  
2.383 × 1026 e/kg

M/R Men/R M/R Men/R M/R Men/R

1.0 + 03 1.185 + 02 1.183 + 02 1.057 + 03 1.049 + 03 5.210 + 02 5.197 + 02

1.5 + 03 4.022 + 01 4.001 + 01 4.418 + 02 4.393 + 02 2.356 + 02 2.344 + 02

2.0 + 03 2.263 + 02 2.204 + 02 2.154 + 02 2.142 + 02 1.285 + 02 1.274 + 02

3.0 + 03 7.880 + 01 7.732 + 01 7.488 + 01 7.430 + 01 1.965 + 02 1.913 + 02

4.0 + 03 3.605 + 01 3.545 + 01 3.473 + 01 3.432 + 01 1.251 + 02 1.221 + 02

5.0 + 03 1.934 + 01 1.902 + 01 1.899 + 01 1.866 + 01 7.304 + 01 7.124 + 01

6.0 + 03 1.153 + 01 1.133 + 01 1.156 + 01 1.128 + 01 4.672 + 01 4.546 + 01

8.0 + 03 5.033 + 00 4.918 + 00 5.255 + 00 5.054 + 00 2.287 + 01 2.207 + 01

1.0 + 04 2.623 + 00 2.543 + 00 2.159 + 01 1.484 + 01 1.306 + 01 1.247 + 01

1.5 + 04 7.955 – 01 7.487 – 01 7.405 + 00 5.788 + 00 1.116 + 01 9.100 + 00

2.0 + 04 3.441 – 01 3.094 – 01 3.379 + 00 2.788 + 00 8.636 + 00 6.899 + 00

3.0 + 04 1.128 – 01 8.778 – 02 1.092 + 00 9.349 – 01 3.032 + 00 2.536 + 00

4.0 + 04 5.685 – 02 3.601 – 02 4.862 – 01 4.163 – 01 1.436 + 00 1.211 + 00

5.0 + 04 3.681 – 02 1.840 – 02 2.613 – 01 2.192 – 01 8.041 – 01 6.740 – 01

6.0 + 04 2.778 – 02 1.099 – 02 1.593 – 01 1.290 – 01 5.021 – 01 4.149 – 01

8.0 + 04 2.018 – 02 5.511 – 03 7.630 – 02 5.581 – 02 2.419 – 01 1.916 – 01

1.0 + 05 1.704 – 02 3.794 – 03 4.584 – 02 2.949 – 02 5.549 – 01 1.976 – 01

1.5 + 05 1.378 – 02 2.827 – 03 2.217 – 02 1.027 – 02 2.014 – 01 1.056 – 01

2.0 + 05 1.223 – 02 2.745 – 03 1.559 – 02 5.781 – 03 9.985 – 02 5.870 – 02

3.0 + 05 1.042 – 02 2.816 – 03 1.119 – 02 3.617 – 03 4.031 – 02 2.455 – 02

4.0 + 05 9.276 – 03 2.862 – 03 9.413 – 03 3.121 – 03 2.323 – 02 1.370 – 02

5.0 + 05 8.445 – 03 2.868 – 03 8.362 – 03 2.933 – 03 1.614 – 02 9.128 – 03

6.0 + 05 7.802 – 03 2.851 – 03 7.625 – 03 2.826 – 03 1.248 – 02 6.819 – 03

8.0 + 05 6.841 – 03 2.778 – 03 6.605 – 03 2.681 – 03 8.870 – 03 4.644 – 03

1.0 + 06 6.146 – 03 2.686 – 03 5.901 – 03 2.562 – 03 7.102 – 03 3.654 – 03

1.5 + 06 5.006 – 03 2.451 – 03 4.803 – 03 2.316 – 03 5.222 – 03 2.640 – 03

2.0 + 06 4.324 – 03 2.266 – 03 4.205 – 03 2.160 – 03 4.606 – 03 2.360 – 03

3.0 + 06 3.541 – 03 2.024 – 03 3.599 – 03 2.023 – 03 4.234 – 03 2.322 – 03

4.0 + 06 3.106 – 03 1.882 – 03 3.318 – 03 1.989 – 03 4.197 – 03 2.449 – 03

5.0 + 06 2.836 – 03 1.795 – 03 3.177 – 03 1.998 – 03 4.272 – 03 2.600 – 03

6.0 + 06 2.655 – 03 1.739 – 03 3.108 – 03 2.027 – 03 4.391 – 03 2.744 – 03

8.0 + 06 2.437 – 03 1.678 – 03 3.074 – 03 2.100 – 03 4.675 – 03 2.989 – 03

1.0 + 07 2.318 – 03 1.650 – 03 3.103 – 03 2.174 – 03 4.972 – 03 3.181 – 03

1.5 + 07 2.195 – 03 1.631 – 03 3.247 – 03 2.309 – 03 5.658 – 03 3.478 – 03

2.0 + 07 2.168 – 03 1.633 – 03 3.408 – 03 2.387 – 03 6.206 – 03 3.595 – 03

The numbers following + or – refer to the power of 10 (e.g., 3.617 + 02 should be read as 3.617 × 102).
Data from Hubbell JH, Seltzer SM. Tables of X-Ray Mass Attenuation Coefficients and Mass Energy-Absorption Coefficients (Version 1.4) [Online].  
Gaithersburg, MD: National Institute of Standards and Technology; 2004. Available: http://physics.nist.gov/xaamdi [2013, June 21].

TABLE A.7   Photon Mass Attenuation Coefficients, M/R, and Mass Energy Absorption Coefficients, Men/R,  
in m2/kg for Energies 1 keV to 20 MeV (Multiply m2/kg by 10 to Convert to cm2/g)  (continued)
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550 Appendix

TABLE A.8  Collision Mass Stopping Powers, S/ρ, in MeV cm2/g, for Electrons in Various Materials

Electron Energy  
(MeV) Carbon Air Water Muscle Fat

0.0100 2.014E + 01 1.975E + 01 2.256E + 01 2.237E + 01 2.347E + 01

0.0125 1.694E + 01 1.663E + 01 1.897E + 01 1.881E + 01 1.971E + 01

0.0150 1.471E + 01 1.445E + 01 1.647E + 01 1.633E + 01 1.709E + 01

0.0175 1.305E + 01 1.283E + 01 1.461E + 01 1.449E + 01 1.515E + 01

0.0200 1.177E + 01 1.157E + 01 1.317E + 01 1.306E + 01 1.365E + 01

0.0250 9.911E + 00 9.753E + 00 1.109E + 01 1.100E + 01 1.148E + 01

0.0300 8.624E + 00 8.492E + 00 9.653E + 00 9.571E + 01 9.984E + 00

0.0350 7.677E + 00 7.563E + 00 8.592E + 00 8.519E + 00 8.881E + 00

0.0400 6.948E + 00 6.848E + 00 7.777E + 00 7.711E + 00 8.034E + 00

0.0450 6.370E + 00 6.281E + 00 7.130E + 00 7.069E + 00 7.362E + 00

0.0500 5.899E + 00 5.819E + 00 6.603E + 00 6.547E + 00 6.816E + 00

0.0550 5.508E + 00 5.435E + 00 6.166E + 00 6.113E + 00 6.362E + 00

0.0600 5.177E + 00 5.111E + 00 5.797E + 00 5.747E + 00 5.979E + 00

0.0700 4.650E + 00 4.593E + 00 5.207E + 00 5.163E + 00 5.369E + 00

0.0800 4.247E + 00 4.198E + 00 4.757E + 00 4.717E + 00 4.903E + 00

0.0900 3.929E + 00 3.886E + 00 4.402E + 00 4.365E + 00 4.535E + 00

0.1000 3.671E + 00 3.633E + 00 4.115E + 00 4.080E + 00 4.238E + 00

0.1250 3.201E + 00 3.172E + 00 3.591E + 00 3.561E + 00 3.696E + 00

0.1500 2.883E + 00 2.861E + 00 3.238E + 00 3.210E + 00 3.330E + 00

0.1750 2.654E + 00 2.637E + 00 2.984E + 00 2.958E + 00 3.068E + 00

0.2000 2.482E + 00 2.470E + 00 2.793E + 00 2.769E + 00 2.871E + 00

0.2500 2.241E + 00 2.236E + 00 2.528E + 00 2.506E + 00 2.597E + 00

0.3000 2.083E + 00 2.084E + 00 2.355E + 00 2.335E + 00 2.418E + 00

0.3500 1.972E + 00 1.978E + 00 2.233E + 00 2.215E + 00 2.294E + 00

0.4000 1.891E + 00 1.902E + 00 2.145E + 00 2.129E + 00 2.204E + 00

0.4500 1.830E + 00 1.845E + 00 2.079E + 00 2.065E + 00 2.135E + 00

0.5000 1.782E + 00 1.802E + 00 2.028E + 00 2.016E + 00 2.081E + 00

0.5500 1.745E + 00 1.769E + 00 1.988E + 00 1.976E + 00 2.039E + 00

0.6000 1.716E + 00 1.743E + 00 1.956E + 00 1.945E + 00 2.005E + 00

0.7000 1.672E + 00 1.706E + 00 1.910E + 00 1.898E + 00 1.954E + 00

0.8000 1.643E + 00 1.683E + 00 1.879E + 00 1.866E + 00 1.921E + 00

0.9000 1.623E + 00 1.669E + 00 1.858E + 00 1.845E + 00 1.897E + 00

1.0000 1.609E + 00 1.661E + 00 1.844E + 00 1.830E + 00 1.880E + 00

1.2500 1.590E + 00 1.655E + 00 1.825E + 00 1.809E + 00 1.858E + 00

1.5000 1.584E + 00 1.661E + 00 1.820E + 00 1.802E + 00 1.849E + 00

1.7500 1.584E + 00 1.672E + 00 1.821E + 00 1.801E + 00 1.848E + 00

2.0000 1.587E + 00 1.684E + 00 1.825E + 00 1.804E + 00 1.850E + 00

2.5000 1.598E + 00 1.712E + 00 1.837E + 00 1.814E + 00 1.860E + 00

3.0000 1.611E + 00 1.740E + 00 1.850E + 00 1.826E + 00 1.872E + 00

3.5000 1.623E + 00 1.766E + 00 1.864E + 00 1.839E + 00 1.885E + 00

(continued)
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TABLE A.8  Collision Mass Stopping Powers, S/ρ, in MeV cm2/g, for Electrons in Various Materials (continued)

Electron Energy  
(MeV) Carbon Air Water Muscle Fat

4.0000 1.636E + 00 1.790E + 00 1.877E + 00 1.851E + 00 1.897E + 00

4.5000 1.647E + 00 1.812E + 00 1.889E + 00 1.862E + 00 1.909E + 00

5.0000 1.658E + 00 1.833E + 00 1.900E + 00 1.873E + 00 1.920E + 00

5.5000 1.667E + 00 1.852E + 00 1.910E + 00 1.883E + 00 1.930E + 00

6.0000 1.676E + 00 1.870E + 00 1.919E + 00 1.892E + 00 1.939E + 00

7.0000 1.693E + 00 1.902E + 00 1.936E + 00 1.909E + 00 1.956E + 00

8.0000 1.707E + 00 1.931E + 00 1.951E + 00 1.924E + 00 1.972E + 00

9.0000 1.719E + 00 1.956E + 00 1.964E + 00 1.937E + 00 1.985E + 00

10.0000 1.730E + 00 1.979E + 00 1.976E + 00 1.949E + 00 1.997E + 00

12.5000 1.753E + 00 2.029E + 00 2.000E + 00 1.974E + 00 2.022E + 00

15.0000 1.770E + 00 2.069E + 00 2.020E + 00 1.995E + 00 2.042E + 00

17.5000 1.785E + 00 2.104E + 00 2.037E + 00 2.012E + 00 2.059E + 00

20.0000 1.797E + 00 2.134E + 00 2.051E + 00 2.026E + 00 2.073E + 00

25.0000 1.816E + 00 2.185E + 00 2.074E + 00 2.050E + 00 2.095E + 00

30.0000 1.832E + 00 2.226E + 00 2.092E + 00 2.068E + 00 2.113E + 00

35.0000 1.845E + 00 2.257E + 00 2.107E + 00 2.084E + 00 2.128E + 00

40.0000 1.856E + 00 2.282E + 00 2.120E + 00 2.097E + 00 2.141E + 00

45.0000 1.865E + 00 2.302E + 00 2.131E + 00 2.108E + 00 2.152E + 00

50.0000 1.874E + 00 2.319E + 00 2.141E + 00 2.118E + 00 2.161E + 00

55.0000 1.881E + 00 2.334E + 00 2.149E + 00 2.126E + 00 2.170E + 00

60.0000 1.888E + 00 2.347E + 00 2.157E + 00 2.134E + 00 2.178E + 00

70.0000 1.900E + 00 2.369E + 00 2.171E + 00 2.148E + 00 2.192E + 00

80.0000 1.911E + 00 2.387E + 00 2.183E + 00 2.160E + 00 2.203E + 00

90.0000 1.920E + 00 2.403E + 00 2.194E + 00 2.171E + 00 2.214E + 00

0.0100 2.068E + 01 2.223E + 01 2.198E + 01 1.649E + 01 8.428E + 00

0.0125 1.742E + 01 1.868E + 01 1.848E + 01 1.398E + 01 7.357E + 00

0.0150 1.514E + 01 1.621E + 01 1.604E + 01 1.220E + 01 6.561E + 00

0.0175 1.344E + 01 1.437E + 01 1.423E + 01 1.088E + 01 5.946E + 00

0.0200 1.213E + 01 1.296E + 01 1.283E + 01 9.845E + 00 5.453E + 00

0.0250 1.023E + 01 1.091E + 01 1.080E + 01 8.339E + 00 4.714E + 01

0.0300 8.912E + 00 9.485E + 00 9.400E + 00 7.288E + 00 4.182E + 00

0.0350 7.939E + 00 8.440E + 00 8.367E + 00 6.510E + 00 3.779E + 00

0.0400 7.190E + 00 7.637E + 00 7.573E + 00 5.909E + 00 3.463E + 00

0.0450 6.596E + 00 7.000E + 00 6.942E + 00 5.431E + 00 3.208E + 00

0.0500 6.112E + 00 6.481E + 00 6.429E + 00 5.040E + 00 2.997E + 00

0.0550 5.709E + 00 6.051E + 00 6.003E + 00 4.715E + 00 2.821E + 00

0.0600 5.370E + 00 5.688E + 00 5.644E + 00 4.439E + 00 2.670E + 00

0.0700 4.827E + 00 5.108E + 00 5.070E + 00 3.999E + 00 2.426E + 00

0.0800 4.412E + 00 4.666E + 00 4.631E + 00 3.661E + 00 2.237E + 00

0.0900 4.085E + 00 4.317E + 00 4.286E + 00 3.394E + 00 2.087E + 00

(continued)
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TABLE A.8  Collision Mass Stopping Powers, S/ρ, in MeV cm2/g, for Electrons in Various Materials (continued)

Electron Energy  
(MeV) Carbon Air Water Muscle Fat

0.1000 3.820E + 00 4.034E + 00 4.006E + 00 3.178E + 00 1.964E + 00

0.1250 3.336E + 00 3.520E + 00 3.496E + 00 2.782E + 00 1.738E + 00

0.1500 3.010E + 00 3.172E + 00 3.152E + 00 2.514E + 00 1.583E + 00

0.1750 2.775E + 00 2.923E + 00 2.904E + 00 2.320E + 00 1.471E + 00

0.2000 2.599E + 00 2.735E + 00 2.719E + 00 2.175E + 00 1.387E + 00

0.2500 2.354E + 00 2.475E + 00 2.461E + 00 1.973E + 00 1.269E + 00

0.3000 2.194E + 00 2.305E + 00 2.292E + 00 1.840E + 00 1.193E + 00

0.3500 2.079E + 00 2.187E + 00 2.175E + 00 1.748E + 00 1.140E + 00

0.4000 1.996E + 00 2.101E + 00 2.090E + 00 1.681E + 00 1.102E + 00

0.4500 1.932E + 00 2.035E + 00 2.026E + 00 1.631E + 00 1.074E + 00

0.5000 1.883E + 00 1.984E + 00 1.975E + 00 1.594E + 00 1.053E + 00

0.5500 1.845E + 00 1.943E + 00 1.935E + 00 1.564E + 00 1.037E + 00

0.6000 1.815E + 00 1.911E + 00 1.903E + 00 1.541E + 00 1.026E + 00

0.7000 1.770E + 00 1.864E + 00 1.856E + 00 1.508E + 00 1.009E + 00

0.8000 1.740E + 00 1.832E + 00 1.825E + 00 1.487E + 00 1.000E + 00

0.9000 1.719E + 00 1.810E + 00 1.803E + 00 1.474E + 00 9.957E – 01

1.0000 1.705E + 00 1.794E + 00 1.788E + 00 1.466E + 00 9.939E – 01

1.2500 1.686E + 00 1.773E + 00 1.767E + 00 1.458E + 00 9.966E – 01

1.5000 1.680E + 00 1.766E + 00 1.760E + 00 1.460E + 00 1.004E + 00

1.7500 1.681E + 00 1.765E + 00 1.759E + 00 1.467E + 00 1.014E + 00

2.0000 1.684E + 00 1.768E + 00 1.762E + 00 1.475E + 00 1.024E + 00

2.5000 1.696E + 00 1.778E + 00 1.772E + 00 1.492E + 00 1.044E + 00

3.0000 1.709E + 00 1.791E + 00 1.784E + 00 1.509E + 00 1.063E + 00

3.5000 1.722E + 00 1.804E + 00 1.797E + 00 1.525E + 00 1.080E + 00

4.0000 1.735E + 00 1.816E + 00 1.809E + 00 1.539E + 00 1.095E + 00

4.5000 1.747E + 00 1.828E + 00 1.821E + 00 1.552E + 00 1.108E + 00

5.0000 1.758E + 00 1.839E + 00 1.832E + 00 1.563E + 00 1.120E + 00

5.5000 1.768E + 00 1.849E + 00 1.842E + 00 1.574E + 00 1.132E + 00

6.0000 1.778E + 00 1.859E + 00 1.851E + 00 1.583E + 00 1.142E + 00

7.0000 1.795E + 00 1.876E + 00 1.868E + 00 1.600E + 00 1.160E + 00

8.0000 1.810E + 00 1.891E + 00 1.883E + 00 1.614E + 00 1.175E + 00

9.0000 1.823E + 00 1.904E + 00 1.896E + 00 1.627E + 00 1.189E + 00

10.0000 1.835E + 00 1.916E + 00 1.908E + 00 1.638E + 00 1.201E + 00

12.5000 1.860E + 00 1.940E + 00 1.932E + 00 1.661E + 00 1.226E + 00

15.0000 1.879E + 00 1.960E + 00 1.952E + 00 1.679E + 00 1.246E + 00

17.5000 1.896E + 00 1.975E + 00 1.968E + 00 1.694E + 00 1.262E + 00

20.0000 1.909E + 00 1.989E + 00 1.982E + 00 1.707E + 00 1.277E + 00

25.0000 1.931E + 00 2.010E + 00 2.004E + 00 1.728E + 00 1.299E + 00

30.0000 1.949E + 00 2.027E + 00 2.022E + 00 1.744E + 00 1.318E + 00

35.0000 1.963E + 00 2.041E + 00 2.036E + 00 1.758E + 00 1.332E + 00

(continued)
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40.0000 1.976E + 00 2.053E + 00 2.049E + 00 1.770E + 00 1.345E + 00

45.0000 1.986E + 00 2.064E + 00 2.059E + 00 1.780E + 00 1.356E + 00

50.0000 1.996E + 00 2.073E + 00 2.069E + 00 1.789E + 00 1.365E + 00

55.0000 2.004E + 00 2.081E + 00 2.077E + 00 1.797E + 00 1.374E + 00

60.0000 2.012E + 00 2.089E + 00 2.085E + 00 1.804E + 00 1.381E + 00

70.0000 2.025E + 00 2.102E + 00 2.098E + 00 1.816E + 00 1.395E + 00

80.0000 2.037E + 00 2.113E + 00 2.109E + 00 1.827E + 00 1.406E + 00

90.0000 2.047E + 00 2.123E + 00 2.120E + 00 1.837E + 00 1.415E + 00

The numbers following E + or E – refer to the power of 10 (e.g., 2.014E + 01 should be read as 2.014 × 101).
From Berger MJ, Seltzer SM. Stopping Powers and Ranges of Electrons and Positrons. 2nd ed. Washington, DC: U.S. Department of Commerce, National 
Bureau of Standards; 1983, with permission.

TABLE A.8  Collision Mass Stopping Powers, S/ρ, in MeV cm2/g, for Electrons in Various Materials (continued)
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TABLE A.9.1  Cobalt-60 Percent Depth Doses: 80-cm SSD

Depth 
(cm)

Field Size (cm) and Backscatter Factora

0 4 × 4 5 × 5 6 × 6 7 × 7 8 × 8 10 × 10 12 × 12 15 × 15 20 × 20

1.00 1.014 1.017 1.021 1.025 1.029 1.036 1.043 1.052 1.061

0.5 100.0 100.0 100.0 100.0 100.0 100.0 100.0 100.0 100.0 100.0

1 95.4 96.8 97.0 97.4 97.6 97.8 98.2 98.3 98.4 98.4

2 87.1 90.6 91.3 91.9 92.3 92.7 93.3 93.6 93.9 94.0

3 79.5 84.7 85.6 86.5 87.1 87.6 88.3 88.8 89.3 89.6

4 72.7 79.0 80.2 81.1 81.9 82.5 83.4 84.0 84.7 85.2

5 66.5 73.5 74.8 75.9 76.7 77.4 78.5 79.3 80.1 80.8

6 60.8 68.1 69.6 70.7 71.6 72.4 73.6 74.4 75.4 76.4

7 55.6 62.9 64.4 65.7 66.7 67.5 68.8 69.8 70.8 72.1

8 50.9 58.0 59.4 60.8 61.9 62.7 64.1 65.3 66.5 68.0

9 46.6 53.5 55.0 56.2 57.3 58.2 59.7 60.8 62.3 64.0

10 42.7 49.3 50.7 52.0 53.0 54.0 55.6 56.9 58.4 60.2

11 39.2 45.5 46.9 48.1 49.2 50.1 51.7 53.0 54.7 56.6

12 35.9 41.9 43.2 44.5 45.5 46.5 48.1 49.5 51.2 53.2

13 32.9 38.6 39.9 41.1 42.1 43.2 44.8 46.1 47.9 50.0

14 30.2 35.6 36.8 38.0 39.2 40.1 41.8 43.2 44.9 47.0

15 27.7 32.9 34.2 35.2 36.2 37.2 38.9 40.3 42.0 44.2

16 25.4 30.4 31.5 32.6 33.6 34.5 36.2 37.6 39.3 41.5

17 23.3 28.1 29.2 30.2 31.2 32.1 33.7 35.1 36.8 39.0

18 21.4 26.0 27.1 28.0 29.0 29.8 31.4 32.8 34.5 36.7

19 19.6 24.0 25.0 26.0 26.8 27.7 29.2 30.6 32.3 34.6

20 18.0 22.1 23.1 24.0 24.9 25.7 27.2 28.5 30.3 32.6

22 (15.3) (18.9) (19.8) (20.6) (21.4) (22.1) (23.7) (24.9) (26.5) (28.8)

24 (12.9) (16.1) (16.9) (17.7) (18.4) (19.1) (20.5) (21.8) (23.2) (25.4)

26 (10.8) (13.7) (14.4) (15.1) (15.8) (16.5) (17.8) (18.9) (20.4) (22.5)

28 (9.1) (11.7) (12.3) (12.9) (13.6) (14.2) (15.5) (16.5) (17.9) (19.9)

30 (7.7) (10.0) (10.6) (11.1) (11.7) (12.3) (13.5) (14.4) (15.7) (17.5)

SSD, source to surface distance.
aValues in parentheses represent extrapolated data.
Data from Hospital Physicists’ Association. Central axis depth dose data for use in radiotherapy. Br J Radiol. 1978[Suppl. 11], with permission.
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Depth 
(cm)

Field (cm) and Sp

0 × 0 4 × 4 5 × 5 6 × 6 7 × 7 8 × 8 10 × 10 12 × 12 15 × 15 20 × 20

0.965 0.979 0.982 0.986 0.989 0.993 1.000 1.007 1.015 1.024

0.5 1.000 1.000 1.000 1.000 1.000 1.000 1.000 1.000 1.000 1.000

1.0 0.966 0.980 0.982 0.986 0.988 0.990 0.994 0.995 0.996 0.996

2.0 0.904 0.939 0.946 0.952 0.957 0.961 0.967 0.970 0.973 0.975

3.0 0.845 0.898 0.908 0.917 0.924 0.929 0.937 0.942 0.947 0.951

4.0 0.792 0.857 0.870 0.880 0.808 0.895 0.905 0.911 0.919 0.925

5.0 0.741 0.815 0.829 0.841 0.851 0.858 0.870 0.879 0.889 0.898

6.0 0.694 0.771 0.788 0.801 0.811 0.820 0.834 0.843 0.855 0.867

7.0 0.649 0.728 0.745 0.759 0.771 0.781 0.796 0.808 0.820 0.835

8.0 0.608 0.685 0.702 0.717 0.730 0.741 0.757 0.770 0.786 0.804

9.0 0.570 0.645 0.663 0.677 0.690 0.701 0.719 0.733 0.750 0.772

10.0 0.534 0.607 0.624 0.638 0.651 0.662 0.682 0.690 0.717 0.740

11.0 0.501 0.571 0.588 0.602 0.615 0.627 0.646 0.663 0.683 0.709

12.0 0.469 0.537 0.553 0.567 0.581 0.592 0.613 0.630 0.651 0.679

13.0 0.439 0.504 0.520 0.534 0.547 0.559 0.581 0.598 0.620 0.649

14.0 0.412 0.474 0.489 0.502 0.516 0.530 0.551 0.569 0.592 0.621

15.0 0.386 0.446 0.461 0.476 0.487 0.499 0.521 0.540 0.563 0.594

16.0 0.361 0.420 0.434 0.447 0.460 0.471 0.493 0.512 0.536 0.567

17.0 0.338 0.395 0.409 0.422 0.434 0.445 0.467 0.485 0.510 0.541

18.0 0.317 0.372 0.386 0.399 0.410 0.421 0.442 0.460 0.485 0.517

19.0 0.296 0.350 0.363 0.375 0.387 0.397 0.418 0.436 0.461 0.494

20.0 0.278 0.328 0.340 0.352 0.363 0.374 0.395 0.413 0.437 0.472

22.0 0.246 0.290 0.302 0.313 0.323 0.333 0.351 0.371 0.395 0.428

24.0 0.215 0.256 0.266 0.276 0.286 0.296 0.313 0.331 0.356 0.388

26.0 0.187 0.225 0.234 0.243 0.252 0.261 0.279 0.296 0.310 0.352

28.0 0.164 0.198 0.207 0.215 0.222 0.230 0.247 0.264 0.286 0.319

30.0 0.144 0.175 0.182 0.190 0.198 0.204 0.220 0.236 0.257 0.287

Calculated from the percent depth dose data from Hospital Physicists’ Association. Central axis depth dose data for use in radiotherapy. Br J Radiol. 
1978[Suppl. 11], using Equation 10.5. Sp is the phantom scatter factor, calculated from Equation 10.1.

TABLE A.9.2  Cobalt-60 Tissue–Maximum Ratios
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TABLE A.9.3  Cobalt-60 Scatter–Maximum Ratios for Circular Fieldsa

Depth 
d (cm)

Field Radius (cm)

1 2 3 4 5 6 7 8 9 10 11 12
0.5 0.007 0.014 0.019 0.026 0.032 0.037 0.043 0.048 0.054 0.058 0.063 0.067

 1 0.013 0.025 0.037 0.048 0.058 0.066 0.073 0.078 0.084 0.089 0.094 0.098
 2 0.023 0.045 0.064 0.080 0.091 0.102 0.110 0.116 0.122 0.127 0.133 0.139
 3 0.032 0.061 0.084 0.103 0.118 0.130 0.139 0.147 0.154 0.161 0.166 0.172
 4 0.038 0.071 0.099 0.121 0.137 0.151 0.162 0.170 0.179 0.186 0.191 0.197
 5 0.041 0.076 0.107 0.134 0.152 0.166 0.178 0.189 0.198 0.206 0.212 0.218
 6 0.042 0.080 0.114 0.141 0.160 0.176 0.190 0.201 0.211 0.219 0.226 0.234
 7 0.042 0.081 0.115 0.143 0.164 0.181 0.196 0.209 0.220 0.229 0.239 0.246
 8 0.041 0.080 0.114 0.142 0.165 0.185 0.199 0.214 0.225 0.236 0.246 0.254
 9 0.040 0.078 0.112 0.140 0.164 0.183 0.200 0.216 0.228 0.240 0.251 0.260
10 0.038 0.075 0.109 0.136 0.161 0.181 0.199 0.215 0.229 0.242 0.252 0.262
11 0.036 0.071 0.104 0.132 0.157 0.178 0.197 0.213 0.227 0.241 0.252 0.262
12 0.035 0.069 0.099 0.128 0.153 0.174 0.194 0.210 0.225 0.239 0.251 0.261
13 0.034 0.066 0.095 0.124 0.149 0.170 0.190 0.207 0.223 0.237 0.249 0.260
14 0.032 0.063 0.092 0.120 0.145 0.168 0.186 0.204 0.220 0.235 0.247 0.258
15 0.031 0.060 0.089 0.116 0.140 0.162 0.182 0.200 0.216 0.231 0.244 0.255
16 0.030 0.058 0.086 0.112 0.136 0.157 0.177 0.196 0.212 0.227 0.240 0.252
17 0.029 0.056 0.083 0.108 0.132 0.153 0.172 0.191 0.207 0.223 0.236 0.248
18 0.027 0.054 0.080 0.104 0.128 0.148 0.167 0.186 0.202 0.218 0.232 0.244
19 0.026 0.052 0.077 0.101 0.124 0.144 0.162 0.181 0.197 0.213 0.226 0.239
20 0.024 0.049 0.074 0.097 0.119 0.139 0.157 0.176 0.192 0.207 0.221 0.234
22 0.022 0.044 0.067 0.088 0.109 0.128 0.146 0.163 0.180 0.194 0.208 0.222
24 0.020 0.040 0.060 0.080 0.099 0.118 0.136 0.152 0.168 0.182 0.196 0.208
26 0.018 0.036 0.054 0.073 0.091 0.108 0.125 0.142 0.156 0.170 0.184 0.196
28 0.016 0.032 0.049 0.067 0.083 0.098 0.115 0.132 0.156 0.159 0.172 0.184
30 0.015 0.030 0.045 0.061 0.076 0.089 0.105 0.121 0.134 0.146 0.159 0.170

13 14 15 16 17 18 19 20 21 22 23 24 25

0.5 0.070 0.073 0.076 0.078 0.080 0.082 0.084 0.085 0.086 0.087 0.088 0.088 0.089
 1 0.101 0.104 0.107 0.109 0.112 0.114 0.116 0.118 0.119 0.120 0.121 0.122 0.123
 2 0.142 0.146 0.149 0.152 0.154 0.156 0.158 0.160 0.161 0.162 0.164 0.166 0.167
 3 0.176 0.180 0.184 0.187 0.190 0.193 0.195 0.198 0.200 0.202 0.203 0.204 0.205
 4 0.201 0.205 0.210 0.215 0.218 0.222 0.225 0.228 0.231 0.233 0.235 0.237 0.239
 5 0.224 0.229 0.235 0.240 0.245 0.248 0.252 0.255 0.258 0.261 0.263 0.264 0.266
 6 0.241 0.246 0.252 0.257 0.262 0.265 0.269 0.272 0.275 0.278 0.280 0.282 0.284
 7 0.254 0.260 0.267 0.273 0.278 0.282 0.287 0.290 0.294 0.296 0.299 0.302 0.304
 8 0.263 0.271 0.278 0.285 0.289 0.294 0.298 0.301 0.305 0.309 0.311 0.313 0.315
 9 0.269 0.277 0.284 0.292 0.298 0.303 0.308 0.312 0.316 0.319 0.322 0.324 0.327
10 0.271 0.279 0.288 0.295 0.302 0.308 0.314 0.318 0.324 0.327 0.331 0.333 0.336
11 0.272 0.280 0.289 0.296 0.304 0.311 0.316 0.322 0.328 0.331 0.334 0.337 0.339
12 0.272 0.281 0.290 0.297 0.305 0.312 0.318 0.324 0.330 0.333 0.337 0.340 0.342
13 0.270 0.280 0.290 0.298 0.306 0.313 0.319 0.325 0.332 0.335 0.340 0.342 0.345
14 0.268 0.279 0.288 0.297 0.305 0.313 0.320 0.326 0.333 0.337 0.341 0.344 0.347
15 0.266 0.277 0.286 0.295 0.303 0.311 0.318 0.325 0.331 0.336 0.340 0.344 0.347
16 0.263 0.274 0.283 0.292 0.300 0.308 0.315 0.322 0.328 0.333 0.337 0.342 0.346
17 0.259 0.271 0.279 0.288 0.296 0.304 0.311 0.318 0.324 0.329 0.334 0.339 0.343
18 0.255 0.266 0.275 0.284 0.292 0.300 0.307 0.313 0.320 0.325 0.330 0.335 0.339
19 0.251 0.261 0.270 0.280 0.288 0.295 0.303 0.309 0.315 0.321 0.326 0.331 0.335
20 0.246 0.257 0.265 0.275 0.284 0.291 0.299 0.305 0.311 0.316 0.321 0.326 0.329
22 0.233 0.246 0.255 0.264 0.273 0.280 0.288 0.295 0.301 0.306 0.311 0.316 0.319
24 0.220 0.235 0.243 0.252 0.259 0.267 0.275 0.281 0.288 0.294 0.299 0.304 0.309
26 0.207 0.219 0.229 0.236 0.245 0.253 0.260 0.266 0.272 0.279 0.284 0.289 0.295
28 0.194 0.205 0.214 0.222 0.230 0.238 0.245 0.251 0.258 0.264 0.269 0.274 0.279
30 0.181 0.191 0.200 0.208 0.215 0.223 0.230 0.236 0.242 0.249 0.255 0.260 0.265

aAs discussed in Section 10.1D, scatter–maximum ratios are equal to scatter–air ratios (SARs) for cobalt-60. For higher energies, SARs cannot be as 
accurately measured.
SAR data from Johns HE, Cunningham JR. The Physics of Radiology. 4th ed. Springfield, IL: Charles C Thomas; 1983, with permission.
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TABLE A.10.3  4-MV X-Ray Scatter–Maximum Ratios for Circular Fields

Depth  
(cm)

Radius (cm)

2.0 4.0 6.0 8.0 10.0 12.0 14.0 16.0 18.0 20.0 22.0 24.0 26.0

1.0 0.000 0.000 0.000 0.000 0.000 0.000 0.000 0.000 0.000 0.000 0.000 0.000 0.000

2.0 0.035 0.039 0.042 0.042 0.041 0.043 0.052 0.049 0.045 0.040 0.036 0.032 0.027

3.0 0.039 0.059 0.062 0.068 0.071 0.074 0.079 0.077 0.076 0.074 0.073 0.071 0.069

4.0 0.045 0.070 0.080 0.086 0.092 0.098 0.100 0.099 0.097 0.095 0.093 0.092 0.090

5.0 0.048 0.093 0.099 0.102 0.109 0.117 0.124 0.122 0.120 0.118 0.116 0.114 0.112

6.0 0.048 0.095 0.108 0.118 0.126 0.133 0.135 0.136 0.137 0.138 0.139 0.140 0.141

7.0 0.049 0.098 0.111 0.125 0.137 0.147 0.154 0.155 0.156 0.157 0.159 0.160 0.161

8.0 0.046 0.101 0.126 0.139 0.148 0.156 0.161 0.166 0.170 0.174 0.179 0.183 0.187

9.0 0.042 0.098 0.131 0.145 0.154 0.163 0.171 0.175 0.178 0.182 0.186 0.190 0.193

10.0 0.048 0.096 0.131 0.148 0.160 0.171 0.179 0.185 0.192 0.198 0.204 0.210 0.216

11.0 0.048 0.097 0.131 0.150 0.163 0.175 0.185 0.191 0.198 0.204 0.210 0.217 0.223

12.0 0.041 0.092 0.127 0.150 0.163 0.176 0.188 0.195 0.202 0.209 0.215 0.222 0.229

13.0 0.043 0.093 0.129 0.153 0.167 0.179 0.191 0.200 0.209 0.218 0.227 0.236 0.244

14.0 0.043 0.091 0.131 0.152 0.165 0.178 0.191 0.201 0.211 0.221 0.231 0.241 0.251

15.0 0.036 0.084 0.122 0.147 0.165 0.180 0.193 0.200 0.206 0.212 0.218 0.224 0.230

16.0 0.031 0.080 0.119 0.145 0.164 0.180 0.195 0.203 0.211 0.220 0.228 0.236 0.244

17.0 0.036 0.080 0.119 0.143 0.160 0.178 0.196 0.208 0.219 0.229 0.240 0.251 0.262

18.0 0.033 0.075 0.112 0.140 0.159 0.177 0.193 0.203 0.213 0.222 0.232 0.241 0.250

19.0 0.033 0.074 0.113 0.140 0.158 0.175 0.193 0.202 0.211 0.220 0.229 0.238 0.247

20.0 0.029 0.072 0.109 0.138 0.156 0.175 0.193 0.203 0.213 0.222 0.232 0.242 0.251

21.0 0.030 0.068 0.104 0.131 0.151 0.171 0.189 0.203 0.216 0.229 0.242 0.255 0.268

22.0 0.025 0.063 0.098 0.126 0.145 0.164 0.184 0.198 0.212 0.226 0.241 0.255 0.269

23.0 0.031 0.061 0.093 0.123 0.142 0.159 0.178 0.191 0.202 0.214 0.226 0.237 0.249

24.0 0.029 0.061 0.092 0.122 0.138 0.153 0.172 0.187 0.202 0.216 0.230 0.245 0.259

25.0 0.026 0.055 0.086 0.115 0.135 0.152 0.169 0.182 0.195 0.207 0.220 0.233 0.246

26.0 0.028 0.057 0.085 0.108 0.126 0.145 0.167 0.178 0.190 0.201 0.212 0.223 0.234

27.0 0.026 0.051 0.080 0.108 0.128 0.146 0.162 0.174 0.185 0.196 0.208 0.219 0.231

28.0 0.025 0.052 0.079 0.104 0.120 0.137 0.159 0.171 0.183 0.194 0.205 0.216 0.228

29.0 0.021 0.049 0.075 0.098 0.115 0.133 0.152 0.165 0.177 0.189 0.201 0.214 0.226

30.0 0.023 0.048 0.072 0.096 0.111 0.126 0.145 0.160 0.174 0.189 0.204 0.219 0.234

Calculated from Table A.10.1, using Equation 10.8.
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TABLE A.11.1  10-MV X-Ray Percent Depth Doses

Depth 
(cm)

A/P and Field Size (cm)

1.00 1.50 2.00 2.50 3.00 3.75 5.00 6.25 7.50

0 × 0 4 × 4 6 × 6 8 × 8 10 × 10 12 × 12 15 × 15 20 × 20 25 × 25 30 × 30

0 5.0 6.5 8.5 10.7 12.5 14.5 17.0 21.0 24.5 28.0

0.2 37.0 40.0 43.0 45.0 46.5 48.0 50.0 52.5 54.0 56.0

0.5 65.0 67.0 69.0 70.5 72.0 73.0 74.0 76.0 77.0 79.0

1.0 86.0 88.0 89.0 90.0 91.0 91.5 92.0 93.0 94.0 95.0

1.5 94.5 95.5 96.0 96.5 97.0 97.0 97.5 98.0 98.0 98.5

2.0 96.5 97.5 98.0 98.0 98.0 98.5 99.0 99.0 99.5 99.5

2.5 100.0 100.0 100.0 100.0 100.0 100.0 100.0 100.0 100.0 100.0

3.0 97.4 99.0 99.0 99.0 99.0 99.0 99.0 99.0 99.0 99.0

4.0 92.3 96.4 96.4 96.4 96.4 96.5 96.5 96.5 96.5 96.5

5.0 87.5 91.6 91.8 91.9 92.1 92.2 92.3 92.5 92.6 92.7

6.0 83.0 87.0 87.4 87.7 87.9 88.1 88.3 88.6 88.8 89.0

7.0 78.7 82.6 83.2 83.6 83.9 84.2 84.5 84.9 85.2 85.5

8.0 74.7 78.5 79.2 79.7 80.1 80.4 80.8 81.4 81.8 82.1

9.0 70.8 74.6 75.4 76.0 76.5 76.9 77.3 78.0 78.4 78.8

10.0 67.2 70.8 71.8 72.5 73.0 73.5 74.0 74.7 75.3 75.7

11.0 63.8 67.3 68.4 69.1 69.7 70.2 70.8 71.6 72.2 72.7

12.0 60.6 63.9 65.1 65.9 66.6 67.1 67.7 68.6 69.3 69.8

13.0 57.5 60.7 62.0 62.8 63.5 64.1 64.8 65.7 66.5 67.1

14.0 54.6 57.7 59.0 59.9 60.7 61.3 62.0 63.0 63.8 64.4

15.0 51.9 54.8 56.2 57.1 57.9 58.5 59.3 60.4 61.2 61.8

16.0 49.3 52.1 53.5 54.5 55.3 55.9 56.8 57.8 58.7 59.4

17.0 46.8 49.5 50.9 52.0 52.8 53.5 54.3 55.4 56.3 57.0

18.0 44.5 47.0 48.5 49.5 50.4 51.1 52.0 53.1 54.0 54.8

19.0 42.3 44.7 46.1 47.2 48.1 48.8 49.7 50.9 51.8 52.6

20.0 40.2 42.4 43.9 45.0 45.9 46.7 47.6 48.8 49.7 50.5

22.0 36.3 38.3 39.8 41.0 41.9 42.6 43.5 44.8 45.8 46.6

24.0 32.8 34.6 36.1 37.2 38.2 38.9 39.9 41.1 42.1 43.0

26.0 29.7 31.2 32.7 33.9 34.8 35.5 36.5 37.8 38.8 39.6

28.0 26.9 28.1 29.7 30.8 31.7 32.5 33.4 34.7 35.7 36.5

30.0 24.3 25.4 26.9 28.0 28.9 29.6 30.6 31.8 32.9 33.7

A/P, area/perimeter.
Data from Khan FM, Moore VC, Sato S. Depth dose and scatter analysis of 10 MV x-rays. Radiology. 1972;102:165, with permission.
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Depth 
d (cm)

A/P and Field Size (cm)a

1.00 1.50 2.00 2.50 3.00 3.75 5.00 6.25 7.50

0 × 0 4 × 4 6 × 6 8 × 8 10 × 10 12 × 12 15 × 15 20 × 20 25 × 25 30 × 30
0 0.048 0.062 0.081 0.102 0.119 0.138 0.162 0.200 0.233 0.267
0.2 0.354 0.382 0.411 0.430 0.444 0.459 0.478 0.502 0.516 0.535
0.5 0.625 0.644 0.663 0.678 0.692 0.702 0.711 0.731 0.740 0.759
1.0 0.835 0.854 0.864 0.874 0.884 0.888 0.893 0.903 0.913 0.922
1.5 0.927 0.936 0.941 0.946 0.951 0.951 0.956 0.961 0.961 0.966
2.0 0.956 0.966 0.970 0.970 0.970 0.975 0.980 0.980 0.985 0.985
2.5 1.000 1.000 1.000 1.000 1.000 1.000 1.000 1.000 1.000 1.000
3.0 0.983 1.000 1.000 1.000 1.000 1.000 1.000 1.000 1.000 1.000
4.0 0.950 0.992 0.992 0.993 0.993 0.993 0.993 0.993 0.993 0.994
5.0 0.918 0.960 0.963 0.965 0.966 0.967 0.968 0.970 0.971 0.972
6.0 0.887 0.930 0.934 0.937 0.939 0.941 0.944 0.947 0.949 0.951
7.0 0.858 0.899 0.906 0.910 0.913 0.916 0.920 0.924 0.928 0.931
8.0 0.829 0.870 0.878 0.884 0.888 0.892 0.896 0.902 0.906 0.910
9.0 0.801 0.841 0.851 0.858 0.863 0.867 0.873 0.880 0.885 0.889

10.0 0.774 0.813 0.824 0.832 0.838 0.843 0.850 0.858 0.864 0.869
11.0 0.748 0.786 0.798 0.807 0.814 0.820 0.827 0.836 0.843 0.849
12.0 0.723 0.760 0.773 0.783 0.791 0.797 0.805 0.815 0.823 0.830
13.0 0.699 0.734 0.749 0.759 0.768 0.774 0.783 0.794 0.803 0.810
14.0 0.676 0.709 0.725 0.736 0.745 0.752 0.762 0.774 0.783 0.791
15.0 0.653 0.684 0.701 0.713 0.723 0.731 0.741 0.753 0.764 0.772
16.0 0.631 0.661 0.678 0.691 0.701 0.710 0.720 0.734 0.744 0.753
17.0 0.610 0.638 0.656 0.669 0.680 0.689 0.700 0.714 0.726 0.735
18.0 0.589 0.615 0.634 0.648 0.659 0.669 0.680 0.695 0.707 0.717
19.0 0.570 0.593 0.613 0.628 0.639 0.649 0.661 0.676 0.689 0.699
20.0 0.551 0.572 0.593 0.608 0.620 0.629 0.642 0.658 0.671 0.681
22.0 0.514 0.532 0.553 0.569 0.582 0.592 0.605 0.622 0.636 0.647
24.0 0.480 0.494 0.516 0.533 0.546 0.556 0.570 0.588 0.602 0.614
26.0 0.449 0.458 0.481 0.498 0.511 0.522 0.536 0.555 0.570 0.583
28.0 0.419 0.425 0.448 0.465 0.479 0.490 0.505 0.524 0.539 0.552
30.0 0.392 0.394 0.417 0.434 0.448 0.459 0.474 0.494 0.509 0.523

A/P, area/perimeter.
aProjected at depth d.
Data calculated from Table A.11.1 and are from Khan FM. Depth dose and scatter analysis of 10 MV x-rays [Letter to the Editor]. Radiology. 
1973;106:662, with permission.

TABLE A.11.3  10-mv X-ray Scatter–Maximum Ratios for Circular Fields

Depth  
d (cm)

Field Radius (cm) at Depth d

2 4 6 8 10 12 14 16 18 20 22 24 26
2.5 0 0 0 0 0 0 0 0 0 0 0 0 0
3.0 0.017 0.017 0.017 0.017 0.017 0.017 0.017 0.017 0.017 0.017 0.017 0.017 0.017
4.0 0.042 0.042 0.043 0.043 0.043 0.043 0.043 0.043 0.044 0.044 0.044 0.044 0.044
6.0 0.043 0.048 0.053 0.056 0.058 0.060 0.062 0.063 0.065 0.066 0.067 0.068 0.069
8.0 0.041 0.052 0.060 0.066 0.070 0.074 0.077 0.080 0.082 0.084 0.086 0.088 0.090

10.0 0.039 0.055 0.066 0.074 0.080 0.085 0.089 0.093 0.097 0.100 0.102 0.105 0.107
12.0 0.037 0.056 0.070 0.080 0.087 0.094 0.099 0.104 0.109 0.112 0.116 0.119 0.122
14.0 0.033 0.056 0.072 0.084 0.093 0.101 0.107 0.113 0.118 0.123 0.127 0.130 0.134
16.0 0.030 0.055 0.073 0.086 0.097 0.106 0.113 0.119 0.125 0.130 0.135 0.140 0.144
18.0 0.026 0.053 0.073 0.088 0.099 0.109 0.117 0.124 0.131 0.137 0.142 0.147 0.151
20.0 0.021 0.051 0.072 0.088 0.101 0.111 0.120 0.128 0.135 0.141 0.147 0.152 0.157
22.0 0.018 0.048 0.071 0.087 0.101 0.112 0.121 0.129 0.137 0.144 0.150 0.155 0.161
24.0 0.014 0.045 0.069 0.086 0.100 0.112 0.121 0.130 0.138 0.145 0.152 0.158 0.163
26.0 0.009 0.042 0.066 0.084 0.098 0.110 0.121 0.130 0.138 0.145 0.152 0.158 0.164
28.0 0.006 0.039 0.063 0.082 0.096 0.109 0.119 0.129 0.137 0.145 0.152 0.158 0.164
30.0 0.002 0.035 0.060 0.079 0.094 0.106 0.117 0.127 0.136 0.143 0.151 0.157 0.163

Data calculated from Table A.11.1 and are from Khan FM. Depth dose and scatter analysis of 10 MV x-rays [Letter to the Editor]. Radiology. 
1973;106:662, with permission.

TABLE A.11.2  10-mv X-ray Tissue–Maximum Ratios
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TABLE A.12.1A  Milligram-Hours per 1,000 R for Different Areas and Various Treating Distancesa

TABLE A.12.1  Paterson-Parker Planar Implant Tables

Areab 0.5c 1.0 1.5 2.0 2.5 3.0 3.5 4.0 4.5 5.0
0 30 119 268 476 744 1,071 1,458 1,904 2,412 2,976
1 68 171
2 97 213 375 598 865 1,197 1,595 2,043 2,545 3,117
3 120 247
4 141 278 462 698 970 1,305 1,713 2,168 2,665 3,243
5 161 306
6 177 333 536 782 1,066 1,405 1,822 2,286 2,778 3,360
7 192 359
8 206 384 599 855 1,155 1,500 1,924 2,395 2,883 3,472
9 221 408

10 235 433 655 923 1,235 1,590 2,020 2,500 2,987 3,580
11 248 456
12 261 480 710 990 1,312 1,673 2,112 2,603 3,087 3,682
13 274 502
14 288 524 764 1,053 1,386 1,753 2,200 2,698 3,185 3,785
15 302 546
16 315 566 814 1,113 1,460 1,830 2,283 2,790 3,280 3,883
17 328 585
18 342 605 863 1,170 1,525 1,905 2,363 2,879 3,370 3,985
19 355 623
20 368 641 910 1,225 1,588 1,979 2,445 2,965 3,461 4,080
22 393 674 960 1,280 1,650 2,049 2,522 3,047 3,550 4,174
24 417 707 1,008 1,335 1,712 2,117 2,598 3,126 3,639 4,267
26 442 737 1,056 1,388 1,768 2,188 2,670 3,200 3,724 4,356
28 466 767 1,100 1,438 1,826 2,254 2,742 3,275 3,804 4,446
30 490 795 1,142 1,487 1,880 2,320 2,817 3,348 3,883 4,534
32 513 823 1,185 1,537 1,936 2,380 2,888 3,420 3,966 4,620
34 537 854 1,226 1,587 1,992 2,442 2,956 3,490 4,047 4,700
36 558 879 1,268 1,638 2,048 2,502 3,022 3,559 4,125 4,783
38 581 909 1,308 1,685 2,100 2,562 3,088 3,627 4,198 4,863
40 603 934 1,346 1,732 2,152 2,620 3,150 3,695 4,273 4,942
42 624 962 1,384 1,780 2,203 2,677 3,215 3,762 4,348 5,020
44 644 990 1,420 1,825 2,255 2,733 3,275 3,826 4,423 5,096
46 665 1,015 1,457 1,870 2,305 2,788 3,335 3,890 4,494 5,174
48 685 1,043 1,490 1,915 2,354 2,843 3,395 3,954 4,565 5,250
50 705 1,072 1,522 1,958 2,402 2,897 3,455 4,018 4,633 5,327
52 725 1,098 1,554 2,004 2,450 2,950 3,513 4,080 4,702 5,400
54 744 1,125 1,588 2,047 2,500 3,003 3,569 4,142 4,768 5,475
56 762 1,152 1,618 2,092 2,548 3,055 3,625 4,205 4,835 5,548
58 781 1,177 1,650 2,137 2,597 3,106 3,678 4,267 4,903 5,620
60 800 1,206 1,682 2,180 2,646 3,160 3,735 4,328 4,970 5,690
62 818 1,230 1,712 2,222 2,692 3,212 3,790 4,389 5,037 5,760
64 837 1,260 1,740 2,262 2,736 3,262 3,845 4,447 5,105 5,830
66 855 1,285 1,769 2,302 2,782 3,310 3,900 4,505 5,171 5,900
68 873 1,313 1,798 2,342 2,828 3,360 3,950 4,562 5,232 5,967
70 890 1,340 1,827 2,380 2,875 3,410 4,001 4,618 5,294 6,033
72 908 1,367 1,857 2,420 2,922 3,460 4,053 4,675 5,355 6,098
74 927 1,394 1,887 2,455 2,968 3,510 4,105 4,733 5,417 6,162
76 945 1,421 1,915 2,490 3,013 3,560 4,158 4,791 5,480 6,225
78 963 1,446 1,941 2,527 3,058 3,608 4,210 4,846 5,542 6,288
80 981 1,473 1,966 2,562 3,103 3,657 4,260 4,900 5,600 6,350
84 1,016 1,524 2,020 2,630 3,192 3,755 4,360 5,014 5,720 6,473
88 1,052 1,572 2,075 2,698 3,282 3,849 4,462 5,126 5,838 6,598
92 1,087 1,620 2,130 2,765 3,371 3,943 4,560 5,235 5,954 6,720
96 1,122 1,668 2,186 2,828 3,459 4,033 4,657 5,340 6,068 6,842

100 1,155 1,716 2,238 2,890 3,545 4,120 4,750 5,445 6,180 6,956

aFiltration = 0.5 mm platinum.
bArea is in centimeters squared.
cTreating distance is in centimeters.
From Meredith WJ, ed. Radium Dosage: The Manchester System. Edinburgh: E. & S. Livingstone; 1967, with permission.
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TABLE A.12.1B  Larger Areas

TABLE A.12.1C  Some Filtration Correctors

Areaa 0.5b 1.0 1.5 2.0

120 1,307 1,960 2,510 3,180

140 1,463 2,194 2,788 3,470

160 1,608 2,412 3,055 3,736

180 1,746 2,617 3,312 4,010

200 1,880 2,820 3,560 4,288

220 2,008 3,008 3,805 4,554

240 2,132 3,200 4,045 4,824

260 2,256 3,383 4,288 5,095

280 2,372 3,560 4,530 5,360

300 2,495 3,747 4,760 5,630

320 2,622 3,924 4,984 5,892

340 2,737 4,105 5,200 6,145

360 2,853 4,280 5,427 6,388

380 2,968 4,455 5,630 6,623

400 3,080 4,620 5,840 6,864
aArea is in centimeters squared.
bTreating distance is in centimeters.

Filter Used Correction to Radium Used

0.3-mm Pt. 14%

0.6-mm Pt. 22%

0.7-mm Pt. 24%

0.8-mm Pt. 26%

1.0-mm Pt. 210%

1.5-mm Pt. 220%
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Volume in Cubic Centimeters Milligram-Hours per 1,000 R
1 34.1
2 54.1
3 70.9
4 85.9
5 99.7

10 158.3
15 207
20 251
25 292
30 329
40 399
50 463
60 523
70 579
80 633
90 685

100 735
110 783
120 830
140 920
160 1,005
180 1,087
200 1,166
220 1,243
240 1,317
260 1,390
280 1,460
300 1,529
320 1,595
340 1,662
360 1,726
380 1,788
400 1,851

Filtration = 0.5-mm platinum.
From Meredith WJ, ed. Radium Dosage: The Manchester System. Edinburgh: E. & S. Livingstone; 1967, with permission.

TABLE A.12.2A  Paterson-Parker Volume Implants

Filter Used Correction to Radium Used

0.3-mm Pt. +4%

0.6-mm Pt. –2%

0.7-mm Pt. –4%

0.8-mm Pt. –6%

TABLE A.12.2C  Useful Filtration Correctors

Elongation Factor Elongation Correction
1.5 +3%
2.0 +6%
2.5 +10%
3.0 +15%

TABLE A.12.2B  Elongation Correction for Cylindrical Volume Implants

Elongation factor = length/diameter; Elongation correction = increase in milligram hours
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Page numbers followed by f indicate figures; those followed by t indicate tabular material.

A
Absorbed dose

calculation of, 99–107
absorbed dose to air, 99
absorbed dose to any medium, 99–100
dose calibration with ion chamber  

in air, 100–107
dose measurement from exposure with 

ion chamber in medium, 107
definition of, 39, 97
in electron beam therapy

depth dose distribution, 261–264, 264f
output calibration, 261

methods of measuring, 117–127
calorimetry, 117–118
chemical dosimetry, 118
radiochromic film, 126
radiographic film, 125–131
silicon diodes, 122–125
solid state methods, 118–122

radiation, 97
at reference points, 340, 342f

to bone relative to soft tissue for  
different energy beam, 219t

in tissue, 321–322
relationship between Kerma/exposure and, 

97–99
exposure and kerma, 98
kerma, 97–98
and kerma, 98–99

solid state methods for
lithium fluoride, 121
practical considerations of TLD, 

121–122
simplified theory of thermoluminescent 

dosimetry, 119–121, 120f
thermoluminescence dosimetry, 119

tissue inhomogeneities corrections, 
218–219

Accelerator calculations, 157f
Acceptance testing

in brachytherapy
interstitial sources, 391
intracavitary sources and applicators, 

389–391
treatment simulator tolerances,  

389t–390t
in quality assurance, 379–393

Adjacent fields
separation of, 246–253

guidelines for field matching, 253
methods of field separation, 246–250
orthogonal field junctions, 250–253

Afterloading units remote. See Remote  
afterloaders

Algorithms
correction-based, 425
dose calculation, 445–448
model-based, 425–428
treatment planning

electron beam therapy, 301–304
α,n reaction

principle of, 23
α,p reaction

principle of, 22–23

α particle
decay of, 18–19

American Association of Physicists in 
 Medicine (AAPM)

TG-21 protocol of, 104–112. See also  
TG-21 protocol

TG-51 protocol of, 113–121. See also  
TG-51 protocol

Annihilation radiation, 68
Anode, 28–29
Arterial anatomy

intravascular brachytherapy (IVBT), 500
Asymmetric fields

in dosimetric calculations, 161–162
Atom

definition, 1
energy level diagram, 5f
energy levels of, 4–5

Atomic energy
levels, 4

Atomic mass
and energy units, 2–3

Atomic number
defined, 1

Atomic weight. See Atomic mass
Attenuation coefficients

definition, 61
half-value layer and, 91
mass photoelectric, 63, 64f
patient data acquisition, 196–199
of photon, 546–549
tissue-air ratio and, 142

Auger electrons, 21
Avogadro’s number, 2

B
Backscatter dose factor (BSDF) for various 

phantoms, 220f
Backscatter factor (BSF), 142–143
Baldwin-Farmer substandard  

dosimeter, 80
Barriers. See also Shielding

primary radiation, 354–356
secondary

for leakage radiation, 357–358
for scattered radiation, 356–357

Basal dose, 331
Basic x-ray circuit, 30–31
Beam

aperture design, 417
delivery systems, 529–531

passive beam spreading, 529–530
pencil beam scanning, 530–531

profile, 170
quality parameters, 91–94
symmetry of, 268

Beam profile, 170
Beam quality parameters, 91–94

effective energy, 93–94
half-value layer, 91
mean energy, 94
peak voltage, 91

direct measurement of, 91
indirect measurement of, 91–93

Beam symmetry, 269

β particle
decay of, 19

β-particle decay
negatron emission, 19–20
positron emission, 20–21, 20f

Betatron
operation of, 47–48, 48f

Binding energy of nucleus, 3
Bladder Point, 340
Blue Book. See Quality assurance, goals
Body contours, 195–196
Brachytherapy

calculation of dose distributions in
absorbed dose in tissue, 321–323
exposure rate, 319–321
isodose curves, 325–327
modular dose calculation model  

(TG-43), 323–325
calibration of

exposure rate calibration, 317–319
specification of source strength, 

315–317
computer dosimetry

dose computation, 335
localization of sources, 333–335

definition of, 309
dose. See Dose calibration
dose specification for cancer of cervix

in the international commission on radia-
tion units and measurements system, 
338–340

Manchester system, 337–338
milligram-hours, 337

implantation techniques
interstitial therapy, 335–336
intracavitary therapy, 336–337
surface molds, 335

radioactive sources
cesium-137, 312
cobalt-60, 312
gold-198, 313
iodine-125, 313–314
iridium-192, 313
palladium-103, 314–315
radium, 309–312

systems of implant dosimetry in
computer system, 332–333
the memorial system, 330–331
the Paris system, 331
the Paterson-Parker system, 328–330
the Quimby system, 330

Bragg-Gray cavity theory
chamber volume in, 103–105
effective point of measurement in, 

105–106
stopping power in, 103

Bragg peak
definition, 71
in electron beam therapy, 524–525
of negative pions, 55–56

Bremsstrahlung, 33–35, 34f
definition of, 33
in electron interaction radiation  

loss, 257
Buildup bolus, 223

82453_index_p565-572.indd   565 1/8/14   4:10 PM



566 Index

C
Calibration point dose, 300
Cancer

cervical. See Cervical cancer
prostate. See Prostate implants

Cathode, 29–30
Cervical cancer

dose specification for cancer of cervix
the international commission on 

 radiation units and measurements 
system, 338–340

the Manchester system, 337–338
milligram-hours, 337

Cesium-137, 312
Chamber. See also Ionization chambers

condenser, 80
free-air ionization, 76–77, 76f
polarity effects of, 86
special

extrapolation, 84
plane parallel, 84

Charged particles, 70–71
electrons, 71
heavy, 70–71

Charts
isodose, 170–172. See also Isodose charts

Chemical dosimetry, 118
ferrous sulfate (Fricke) dosimeter in, 118
G value in, 118

Clarkson’s method. See Dose calculation, in 
irregular fields

Clinical electron beams, 264–274
characteristics of, 264–274

central axis depth dose curves, 264–268
electron source, 272–273
field equivalence, 271–272
field flatness and symmetry, 268–270
field size dependence, 270–271
isodose curves, 268
square root method, 272
x-ray contamination, 273–274

Clinical radiation generators
betatron, 47–48
cyclotron, 49–50
heavy particle beams, 53–56

negative pions, 55–56
neutrons, 53–54
protons and heavy ions, 54–55

high output x-ray, 32–33
kilovoltage units, 39–42

contact therapy, 39
grenz-ray therapy, 39
megavoltage therapy, 41
orthovoltage therapy/deep therapy, 

40–41
superficial therapy, 39–40
supervoltage therapy, 41

in linear accelerator, 42–47
beam collimation and monitoring, 

46–47
the electron beam, 45–46
gantry, 47
the klystron, 45
the linac x-ray beam, 45
the magnetron, 44–45
target and flattening filter, 46
treatment head, 46

machines using radionuclides, 50–53
cobalt-60 unit, 50–53
microtron, 48–49
Van de Graaff generator, 42

Clinical Target Volume (CTV), 189
Cobalt-60

beam collimation and penumbra in, 52–53
calculations in, 158, 159f
definition, 312

machines using radionuclides, 50–53
Percent Depth Doses, 554t
periodic quality assurance of, 399t
radiation generator, 158
scatter-maximum ratios for circular fields, 

556t
source, 50–51
tissue-maximum ratios, 555t

Cobalt teletherapy, 357
Coefficients

attenuation, 59, 61, 69f. See also Attenua-
tion coefficients

energy absorption, 62
energy transfer, 62

Coherent scattering, 62–63
Collimator field, 163
Collimator scatter factor, 152
Commissioning

in intensity-modulated radiation therapy
dosimetric checks, 443–445
mechanical testing of dynamic multileaf 

collimator, 440–442, 442f–443f
quality assurance, 445–446

in linear accelerator, 394t
in stereotactic body radiation therapy 

(SBRT), 472–473
Compensator ratio (CR), 226
Compensators

design of, 224–226
setup, 227
three-dimensional, 226–227
two-dimensional, 226

Compound nucleus, 23
Compton effect, 64–67

dependence on energy and atomic  number, 
66–67

electronic coefficient of, 67f
on energy and atomic number, 66–67
special cases of, 65–66

90-degree photon scatter, 65–66
direct hit, 65
grazing hit, 65

Computed tomography (CT), 197–199, 415
simulator, 205–206

Computer planning
for treatment

orthogonal radiography based, 485
three-dimensional image based, 485

Computer system
for brachytherapy, 332–333
defined, 332

Conformal radiation therapy
three-dimensional, 413–428. See also 

Three-dimensional conformal  
radiotherapy (3-D CRT)

Contact therapy, 39
Contour irregularities correction

effective source to surface distance method, 
211–212

isodose shift method, 213–214
tissue-air (or tissue-maximum) ratio 

method, 212–213
Convolution-superposition method, 426–427
Cranial radiosurgery

steriotactic radiography, 463–465
Critical absorption energy, 35
Critical mass, 25
Cross-beam profiles

steriotactic radiography, 461–462
Cyclotron

principle of, 49–50, 49f
Cylindrical chambers, 105–106

D
Decay constant, 12
Deep therapy. See Orthovoltage therapy

90-Degree photon scatter, 65–66
Depth dose curves, 40f
Depth dose distribution, 135

comparison for electrons and protons, 72f
electron beam therapy, 261–264

output calibration, 261
variation of with field size, 270–271

heavy charged particles, 54f
intensity-modulated radiation therapy, 446
of neutrons produced by deutrons, 72f
practical methods of calculation, 163–166

irregular fields, 163
point off-axis, 163–164
point outside field, 164–165
point under block, 165–166

Stereotactic radiosurgery, 462
derivation of SMR, 168
derivation of Sp, 167, 167f
derivation of TMR, 167–168

for various heavy particle beams, 72f
Deuteron bombardment, 23
Diodes

silicon. See Silicon diodes
Directly ionizing radiation, 58
Direct Monte Carlo, 323t, 427–428
Disintegration energy. See Nuclear reaction 

energy
Dose

absorbed. See Absorbed dose
calculation of. See Dose calculation
calibration of. See Dose calibration
distribution of. See Dose distribution
skin. See also Skin dose

Dose area product (DAP), 519
Dose buildup region, 137
Dose calculation algorithms

intensity-modulated radiation therapy 
(IMRT), 446–449

depth dose distribution, 446
in-air fluence distribution, 446
monitor unit calculations, 446–449

stereotactic radiosurgery (SRS), 462–463
Dose computation. See Dose calculation

brachytherapy, 335
in treatment of HDR brachytherapy, 

485–486
in stereotactic body radiation therapy 

(SBRT), 471
Dose distribution

corrections for contour irregularities
effective source to SSD method, 

211–212
isodose shift method, 213–214, 213f
tissue-air (or tissue-maximum) ratio 

method, 212–213
corrections for tissue inhomogeneities

absorbed dose within an  inhomogeneity, 
218–223

corrections for beam attenuation and 
scattering, 215–218

measurement in buildup region, 240–241
Dose limits

occupational and public, 351–352
for pregnant women, 352–353

Dose specification
for cancer of cervix

the international commission on radia-
tion units and measurements system, 
338–340

the Manchester system, 337–338
milligram-hours, 337

Manchester system, 337–338, 338f
milligram-hours, 337

Dose to Bladder and Rectum, 338
Dose-volume Histograms (DVH),  

423–425, 424f
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Dosimetric Calculations System, 151–168. See 
also Dosimetry

calculation of monitor units, formalism for, 
156–162

dose calculation parameters, 151–156
collimator scatter factor, 152
phantom scatter factor, 152–153
scatter-maximum ratio, 155–156
tissue-phantom and tissue-maximum 

ratios, 153–155
examples, 157–158
general equations, 156–157
asymmetric fields, 161–162
cobalt-60 calculations, 158, 159f
irregular fields, 159–161

practical methods, other, 163–166
approximation of irregular  

fields, 163
point off-axis, 163–164
point outside the field, 164–165
point under the block, 165–166

Dosimetric checks
head scatter, 443–444
multileaf collimator transmission, 443
treatment verification, 444–445

Dosimetricfield size, 137
Dosimetry. See also Dosimetric calculations

equipment, 368
of field separation, 251
prostate implants

calibration, 495
dose computation, 496–497

proton beam therapy
absorbed dose calibration, 531–533
dose distributions, 533–534

of TBI, 408–410
Dual Field Angle, 298–299
Dynamic multileaf collimator, mechanical 

testing of
dose profile across adjacent  

leaves, 440
leaf acceleration and deceleration, 

440–441
positional accuracy of leaves, 441
routine mechanical check, 441–442
stability of leaf speed, 440

E
Echo time (TE), 202
Edge effect, 180
Effective density, 264
Effective dose equivalent, 348–350
Electromagnetic radiation, 10

definition, 8
quantum model, 9
wave model, 8–9

Electrometers, 82–84
operational amplifiers, 82–84

Electron. See also Electron beam; Electron 
beam therapy

Electron arc therapy, 292–295. See also  
Electron beam therapy

calibration of arc therapy beam, 292
treatment planning, 292–295

beam energy, 293
field shaping, 294–295
isodose distribution, 295
location of isocenter, 293
scanning field width, 293

Electron beam
effect of sharp surface irregularities on, 

279f
in linear accelerator, 45–46
obliquity factors for, 278t
performance of, 387
stopping power ratios of, 542t–544t

Electron beam therapy
characteristics of clinical electron beams, 

264–274
central axis depth dose curves, 264–268
electron source, 272–273
field equivalence, 271–272
field flatness and symmetry, 268–270
field size dependence, 270–271
isodose curves, 268
square root method, 272
x-ray contamination, 273–274

determination of absorbed dose, 260–264
depth dose distribution, 260–264
output calibration, 260

electron arc therapy as, 292–295
calibration of arc therapy beam, 292
treatment planning, 292–295

electron interactions, 256–258
electron scattering, 258
rate of energy loss, 256–258

energy specification and measurement, 
258–260

energy at depth, 260
mean energy, 260
most probable energy, 259

field shaping
effect of blocking on dose rate, 287–288
external shielding, 286
internal shielding, 288–290
measurement of transmission curves, 

286–287
total skin irradiation, 295–301

large field technique, 295–298
modified Stanford technique, 298–301
translational technique, 295

treatment planning, 274–285
choice of energy and field size, 275
corrections for air gaps and beam obliq-

uity, 275–280
problems of adjacent fields, 283–285
tissue inhomogeneities, 280–283
use of bolus and absorbers, 283

treatment-planning algorithms, 301–304
Electron capture, 21
Electron contamination, 51
Electron density, 67
Electron interactions

rate of energy loss, 256–258
absorbed dose, 258
collisional losses, 257
polarization, 257
radiation losses, 257
stopping power, 258

scattering, 258
Elementary particles, 7–8
Emergency procedure

in HDR brachytherapy
applicator dislodging, 483
electrical power loss, 482
improper source retraction, 482
timer failure, 483

Endoergic reaction, 22
Energy absorption coefficient, 62
Energy flux density, 31
Energy loss

absorbed dose, 258
collisional losses (ionization/excitation), 

257
polarization, 258
radiation losses (bremsstrahlung), 257
stopping power, 258

Energy specification/measurement
electron beam therapy, 258–260

energy at depth, 260
mean energy, 260
most probable energy, 259

Energy spectrum, 94–95
Equivalence of mass and energy

principle of, 3
Exoergic reaction, 22
Exposure rate calibration

open-air measurements, 318
schematic drawing, 318f
well-type ion chambers, 318–319

Extracranial radiosurgery, 465

F
Facility design

in HDR brachytherapy
safety features, 478
shielding, 477–478

Farmer chamber, 80–82, 79f, 81f
characteristics of, 81–82
components of, 81–82

Field blocks, 234–235
block divergence, 235
block thickness, 234–235

Field equivalence, 271
Field multiplicity, 417–421
Fields

effective field, 163
equivalence, 271–272
multiple, 181–182, 182f
parallel opposed, 179–181, 179f–180f
separation of, 246–250, 250f
separation of adjacent.  

See Field separation
size of. See Field size
wedge, 185–188, 188f

Field separation
in treatment planning, 246–250

Field size
in depth dose distribution, 270–271
dosimetric, 138
in treatment planning of EBT, 275
variation in tissue-air ratio, 142

Field shaping, 236–239
custom blocking in, 236, 236f–237f
in electron arc therapy, 294–295, 294f.  

See also Electron beam therapy
electron beam therapy, 286–292

effect of blocking on dose rate, 287–288
external shielding, 286
internal shielding, 288–290
measurement of transmission curves, 

286–287
independent jaws in, 236–237, 238f
multileaf collimators in, 237–239

Filters, 89–90
Filtration. See also Filters

added, 36
inherent, 89, 90
useful corrections, 564t

Fission, 24–25
Fluorescence, 120
Focal spot, 28–29
Forces of nature, 10
Forward dose perturbation factor (FDPF)

for various energy photons, 221f
Free-air ionization chamber, 76–77, 76f
Full calibration, 368

G
γ knife, 459–461
Gantry

in linear accelerator, 47
Geiger-Müller counters, 362
Geometric field size, 138
Geometric penumbra, 52, 53f
Gold-198, 313
Gradient correction, 111, 261
Gram atomic weight, 2
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Grenz-ray therapy, 39
Gross Tumor Volume (GTV), 189, 190, 413

H
Half-value layer

defined, 89
as function of peak photon energy, 94f
measurement of beam quality in, 91

Half-wave rectification, 31
Head Scatter (Sc) factor, 443–444
Heel effect, 29
Helical tomotherapy

image guided radiation therapy, 503–504
High-Dose-Rate (HDR) brachytherapy

clinical applications of, 487–488
licensing requirements for, 478–483

emergency procedures, 482–483
operating procedures, 481–482
policies and procedures, 479–480
pretreatment safety checks, 481

quality assurance for, 486–487
source calibration of, 483–484
treatment planning of

computer planning, 485
dose computation, 485–486
plan verification, 486
simulation, 484–485

unit
facility design, 477–478
HDR applicators, 476
remote afterloader, 475–476

High-output x-ray generators. 32–33
Hot spots, 185, 191
Hydrogen thyratron, 43

I
Image-guided radiation therapy (IGRT)

definition of, 510
image guidance technologies for

helical tomotherapy, 512–513
in-room computed tomography  

scanner, 510–511
kilovoltage cone-beam CT, 511–512
megavoltage cone-beam CT, 512
portal and radiographic imagers, 510
ultrasound, 513

imaging dose management
evaluation of risk, 520–521
examples of imaging dose data, 519–520
specification of imaging dose, 518–519

respiratory motion management
four-dimensional computed  

tomography, 514–515
real-time tumor tracking, 515–518

Image registration, 417
Image segmentation, 417
Implants

prostate, 490–498. See also Prostate 
implants

Indirectly ionizing radiation, 58
Individualized wedge system, 177
Inherent filtration, 89, 90
Initial dose buildup, 137–138
Intensity-modulated Arc Therapy, 437–438, 

451–452. See also Intensity-Modulat-
ed Radiation Therapy (IMRT)

Intensity-modulated radiation therapy 
(IMRT)

clinical application of, 449–452
commissioning in

dosimetric checks, 443–445
mechanical testing of DMLC, 440–442
quality assurance, 445–446

definition of, 430, 437
delivery of, 432–439

with fixed gantry angles, 432–435

with rotating cone beams, 437–439
tomotherapy, 435–437

dose calculation algorithms in, 446–449
depth dose distribution, 446
in-air fluence distribution, 446
monitor unit calculations, 446–449

treatment planning in, 430–432
Interactions, 524
Internal Target Volume (ITV), 189
Interstitial therapy

for implantation, 335–336
Intracavitary therapy

for prostate implantation
uterine cervix, 336–337
uterine corpus, 337

Intravascular brachytherapy (IVBT)
dosimetry for

calibration, 506–507
dose calculation formalisms, 504–506
measurement of dose distribution, 506

irradiation techniques
radiation delivery systems, 502–504
radiation sources, 501–502

quality assurance (QA), 507–508
recent updates, 508
treatment volume

angioplasty and restenosis, 500–501
arterial anatomy, 500
target volume, 501

In vivo patient dosimetry, 411
Iodine-125, 313–314
Ion collection, 85–86

collection efficiency, 85–86
saturation, 85

Ionization, 58
Ionization chambers

extrapolation chamber, 84
parallel-plate chambers, 84
thimble, 77–80. See also Thimble chambers

Ionizing radiation
interactions

of charged particles, 70–71
coefficients, 61–62
coherent scattering, 62–63
comparative beam characteristics, 

71–73
Compton effect, 64–67
ionization concept, 58
of neutrons, 71
pair production, 67–69
photoelectric effect, 63–64
photon beam attenuation, 59–61
photon beam description, 58–59
of photons with matter, 62
relative importance, 69–70

measurement of
chamber polarity effects, 86–87
electrometers, 82–84
environmental conditions, 87
farmer chambers, 80–82
free-air ionization chamber, 76–77
introduction, 75
ion collection, 85–86
measurement of exposure, 87
the roentgen, 75–76
special chambers, 84
thimble chambers, 77–80

Iridium-192, 313
Irradiated volume, 191
Irradiation

total body. See Total Body Irradiation (TBI)
Irregular fields, 159–161

computer program, 160
SSD variation within the field, 160

Isocenter, 138
Isocentric techniques, 182–185

rotation therapy, 184–185
stationary beams, 182–184

Isodose charts
cross-sectional isodose distribution, 172f
definition of, 170
described, 170–172
general properties of x-/γ-particle, 170

Isodose curves, 172–173
collimation of, 181
parameters of, 173–175

beam quality, 173
collimation/flattening, 173–175
flattening-filter free (FFF) linacs, 175
field size, 175
Penumbra effect, 173

and surfaces, 422
Isodose distribution, 174f

for two angled beams, 187f
Isomeric transition, 22

K
Klystron

in linear accelerator, 45, 45f
Knife

γ-ray, 459–461, 460f
x-ray, 454–459. See also X-ray knife

L
Large field technique

dose distribution, 298
field arrangement, 297–298
field flatness, 295–296
x-ray contamination, 297

Lateral spread parameter, 302–304
License amendments, 368
Licensing requirements  

(HDR brachytherapy)
emergency procedures for

applicator dislodging, 483
electrical power loss, 482
improper source retraction, 482
timer failure, 483

operating procedures for, 481–482
policies and procedures for

medical event, 480
patient identification, 479
periodic reviews, 480
posttreatment survey, 480
pretreatment safety checks, 480
recording, 480
source replacement and calibration 

check, 480
supervision, 480
treatment delivery, 480
treatment plan verification, 479–480
written directive, 479

pretreatment safety checks for, 481
Linacs. See Linear accelerators
Linac x-ray beam, 45
Linear accelerators

acceptance testing
coincidence, 380–381
electro beam performance, 387
jaw symmetry in, 380, 380f
mechanical isocenter, 381–382, 382f
miscellaneous checks, 388
monitor chambers, 387
multileaf collimator, 384–385, 385f
multiple beam alignment check, 384
radiation isocenter, 382–384, 383f
radiation survey, 382–383
wedges, 388
x-ray beam performance, 385–387

in brachytherapy, 388–391
linac x-ray beam, 45
remote afterloaders, 391–393
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Lithium fluoride, 121
Lymphatic Trapezoid of Fletcher, 340

M
Magnetic digitizer, 227
Magnetic Resonance Imaging (MRI)

-guided radiation therapy, 518
in patient data acquisition, 199–203
stereotactic radiosurgery, 456

Magnetron
in linear accelerator, 44–45, 44f

Maintenance and repair, 367
Mass defect, 3
Mass number, 1
Maximum target dose, 191
Mean target dose, 191
Median target dose, 191
Medical event, 366–367
Megavoltage beam energy, 94
Megavoltage cone-beam CT (MVCBCT)

in treatment varification, 210–211
in image guided radiation therapy, 512

Megavoltage therapy, 41
Memorial system, 330–331
Microtron

operation of, 48–49, 49f
Modal target dose, 191
Model-based algorithms, 426–428
Modified Stanford technique

calibration, 299–300
dual field angle in, 298–299
in vivo dosimetry, 300

Modular dose calculation model, 323–325
Monitor unit calculations

intensity-modulated radiation therapy, 
446–449

Multileaf collimator
as intensity modulator

dynamic delivery, 433–435
intensity-modulated arc therapy, 437
segmental delivery, 432–433

Multiple fields, 181–182.  
See Field multiplicity

Multiple scattering theory, 301–304

N
Nature of the particle, 524
Negative pions

in heavy particle beam, 55–56
Negatron Emission, 19–20
Negligible individual risk level (NIRL), 353
Neutron bombardment, 23–24
Neutrons, 53–54

cyclotron, 54
D-T generator, 54
interaction of, 71

Nuclear transformations
nuclear reactors in, 26
nuclides, activation of, 25–26
radioactive decay

α-particle decay, 18–19
deuteron bombardment, 23
electron capture, 21
fission, 24–25
fusion, 25
internal conversion, 21–22
neutron bombardment, 22–23
β-particle decay, 19–21
photodisintegration, 24
proton bombardment, 23

radioactive equilibrium in, 16–18
radioactive series in, 16
radioactivity in, 12–13

Nuclear energy levels, 6
Nuclear forces, 5–6
Nuclear reaction energy, 22

Nuclear reactions
the α,n reaction, 23
the α,p reaction, 22–23

Nuclear reactors, 25
Nuclear Regulatory Commission Regulations

administrative requirements, 365–367
technical requirements, 367
teletherapy, 367–368
training and experience requirements, 368

Nucleus
binding energy of, 3
description, 1–2
energy-level diagram of, 5f
neutrons versus protons, 2f

O
Occupancy Factor (T), 354
Operational amplifiers, 82–84, 83f
Orbital electrons

distribution of, 3–4
for hydrogen/helium/oxygen, 4f

Orthovoltage therapy, 40–41

P
Pair production, 67–69

annihilation radiation, 68
variation with energy and atomic number, 

68–69
Palladium-103, 314–215
Parallel opposed fields, 179–181

edge effect (lateral tissue damage), 
180–181

integral dose, 181
patient thickness versus dose uniformity, 

179–180
The Paris system, 331–332
Particle radiation, 6–7
Paterson-Parker system

planar implant, 328–329, 329f, 562t–563t
tables for, 329–330
volume implants, 329, 330f, 333f

Patient data acquisition
body contours, 195–196
internal structures, 196–204

computed tomography, 196–199
magnetic resonance imaging, 199–203
three-dimensional treatment  

planning, 199
ultrasound, 203–204

in treatment planning
acquisition of, 195–204

Patient positioning, 227–230
general guidelines, 228–229
XYZ method of isocenter setup,  

229–230
Peak voltage

of beam quality parameters, 91–94
direct measurement, 91
indirect measurement, 91–93

direct measurement, 91
indirect measurement, 91–93

Pelvic wall points, 340
Percentage depth dose, 135–141

of absorbed dose and Kerma as, 137f
change with source to surface distance 

(SSD), 140f
cobalt-60, 554t
defined, 135
dependence on beam quality and depth, 

136–138
dependence on source to surface distance, 

139–141
for different-quality photon beams, 136f
distribution, 222f
of maximum dose, 136f
x-ray, 557t, 560t, 561t

Periodic quality assurance, 395–400,  
396t–400t

cobalt-60 unit, 398–399
CT simulator, 400
linear accelerator in, 395
radiographic simulator in, 399

Periodic spot checks, 368
Permanent implants, 490–495

implant procedure, 493–494
radiation protection, 494–495
treatment planning, 492, 493f
volume study, 491

Phantom
depth dose distribution in, 280f
dose distribution and, 133–135
physical properties of, 134t
scatter factor, 152–153
schematic of, 457f

Photodisintegration, 24
Photoelectric effect, 63–64, 63f
Photon beam

attenuation of, 59–61
description of, 58–59
electron contamination of, 248
ratios of mass stopping powers and mass 

energy absorption coefficients for, 541t
stopping powers for, 541t
transmission of a narrow monoenergetic, 61f

Photon energy
skin sparing as function of, 241–242, 241t

Photons
attenuation coefficients, 546t–549t
collision mass stopping powers, 550t–552t
interaction with matter, 62

Physical penumbra, 53
Physics staffing, 372–376

qualifications, 374–375
roles and responsibilities, 375–376
training, 374

Piezoelectric effect, 203
Plane parallel chambers, 105
Planning organ at risk volume, 190–191
Planning target volume, 190
Plan verification in treatment

HDR brachytherapy, 486
Positioning

patient. See Patient positioning
Positron emission, 20–21
Potential barrier, 6
Practical considerations, 121–122
Primary barrier, 354
Prostate implants

dosimetry in
calibration, 495
dose computation, 496–497

seed implantation
permanent implants, 490–495
temporary implants, 495

Proton
in magnetic resonance imaging, 201
neutrons versus, 1–2, 2f
range energy relationships of, 54, 55f

Proton accelerators
cyclotron, 527–528
synchrotron, 528–529

Proton beam therapy
basic physics

Bragg peak in, 524–525
Interactions in, 524
nature of the particle in, 524

beam delivery systems
passive beam spreading, 529–530
pencil beam scanning, 530–531

dosimetry
absorbed dose calibration, 531–533
dose distributions, 533–534
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Proton beam therapy (continued)
proton accelerators in

cyclotron, 527–528
synchrotron, 528–529

quality assurance, 537–539
radiobiology, 525–527
treatment planning

clinical applications, 536–537
dose calculation algorithms, 536
principles, 534–535
treatment beam parameters, 535–536

Proton bombardment, 23

Q
Quality

assurance of, 371–403. See also Quality 
assurance

conversion factor for. See Quality  
conversion factor

Quality assurance
acceptance testing in, 379–393

brachytherapy, 388–391
linear accelerator, 379–388
remote afterloaders, 391–393
simulators, 388

commissioning in
linear accelerator, 393–394, 394t
treatment-planning computer system, 

394–395
defined, 371
dosimetric accuracy in, 377–378
dosimetric checks in IMRT for, 445–446
equipment for, 376–377

brachytherapy sources, 376–377
external beam units, 376
simulator, 377

equipment specifications, 378–379
goals of, 371–372
High-Dose-Rate (HDR) brachytherapy, 

486–487
intravascular brachytherapy, 507–508
multileaf collimation in, 398t
periodic

Cobalt-60 unit, 398–399
CT simulator, 400, 400t
linear accelerator, 395
radiographic simulator, 399

physics staffing, 372–376
qualifications, 374–375
roles and responsibilities, 375–376
training, 374

proton beam therapy, 537, 538t–539t
stereotactic body radiation therapy (SBRT), 

472–473
stereotactic radiosurgery (SRS), 463

Quality conversion factor
TG-51 protocol, 110–111
TRS-398 protocol, 115

Quimby system, 330

R
Radiation

defined, 6
delivery systems

in IVBT, 502–504
monitoring instruments

Geiger-Müller counters, 362
ionization chamber, 361–362
neutron detectors, 362–363

primary barrier of, 354–356, 354t
protection against brachytherapy  

sources
leak testing, 361
source preparation, 360–361
source transportation, 361
storage, 360

protection surveys
area survey, 364
equipment survey, 363–364
radiation monitoring instruments, 

361–363
secondary barrier for leakage of, 357–358
secondary barrier for scattered, 356–357
sources

in intravascular brachytherapy, 501–502
Radiation delivery systems, 502–504

β-emitting liquid-filled balloon, 503
Novoste Beta-Cath, 502–503, 503f
radioactive stents, 503–504

Radiation fields combination
multiple fields, 181–182
parallel opposed fields, 179–181

Radiation protection
background radiation, 350
dose equivalent, 348
effective dose equivalent, 348–350
effective dose-equivalent limits

dose limits for pregnant women, 
352–353

negligible individual risk level, 353
occupational and public dose limits, 

351–352
low-level radiation effects, 350–351
nuclear regulatory commission  

regulations for
administrative requirements, 365–367
license, 365
technical requirements, 367
teletherapy, 367–368
training and experience requirements, 

368
personnel monitoring, 364
radiation from brachytherapy sources

leak testing, 361
source preparation, 360–361
source transportation, 361
storage, 360

structural shielding design, 353–360
door shielding, 358
primary radiation barrier, 354–356
protection against neutrons, 358–359
secondary barrier for leakage radiation, 

357–358
secondary barrier for scattered radiation, 

356–357
special procedures, 359–360

surveys
area survey, 364
equipment survey, 363–364
radiation monitoring instruments, 

361–363
Radiation surveys, 368
Radiation therapy

brachytherapy in. See Brachytherapy
electron beam, 256–304. See also Electron 

beam therapy
intensity-modulated, 430–452, 450f–451f. 

See also Intensity-modulated radiation 
therapy (IMRT)

three-dimensional conformal, 413–428. See 
also Three-dimensional conformal 
radiotherapy (3-D CRT)

Radioactive decay
activity of materials, 12–13
α-particle decay, 18–19
β-particle decay, 19–21
deuteron bombardment in, 23
electron capture in, 21
fission, 24–25
fusion, 25
internal conversion, 21–22
neutron bombardment, 23–24

photodisintegration, 24
proton bombardment, 23

Radioactive equilibrium, 16–18
Radioactive material

half-life of, 13–16
Radioactive series, 16
Radioactivity

concept, 12
definition, 12
mean/average life of, 13
specific activity, 14

Radiobiology, 525–527
Radiographic film, 125–126
Radiosurgery

stereotactic, 454–465. See also Stereotactic 
radiosurgery (SRS)

Radium
decay of, 309–310
exposure rate constant of, 311, 312t
radon hazard of, 311
source construction of, 310, 311f
source specification of, 310

Radium source, 13f, 310
Real-time tumor tracking

electromagnetic field tracking, 517
fluoroscopy-based tracking systems, 515–517
MRI-guided radiation therapy, 518

Rectal point, 340
Reference volume, 340
Relative biologic effectiveness (RBE), 525
Remote afterloaders

in brachytherapy, 343
advantages, 344
disadvantages, 344
high-dose rate verusus low-dose rate, 344

in HDR brachytherapy, 475–476
in quality assurance, 391–393

Repetition time (TR), 202
Resonant transformer units

supervoltage therapy, 41, 41f

S
Safety instructions

in teletherapy, 368
Safety precautions

in teletherapy, 368
Scatter-air ratio (SAR), 147–149
Scatter analysis

dose distribution and, 133–149
Scatter-maximum ratio (SMR), 155–156

derivation of, 168
Secondary barrier, 356–357
Secular equilibrium

by decay, 17f
definition of, 16

Shielding
in HDR brachytherapy, 477–478
in radiation protection

design of, 353–360
door shielding, 358
primary radiation barrier, 354–356
protection against neutrons, 358–359
secondary barrier for leakage radiation, 

357–358
secondary barrier for scattered  

radiation, 356–357
special procedures, 359–360

Short-range force. See Nuclear forces
Silicon diodes, 122–125

angular dependence of, 124
clinical applications of, 125
energy dependence, 123–124
operation, 123
radiation damage, 124–125
temperature dependence, 124
theory of, 122–123
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Simulation
in HDR brachytherapy, 467–471

Simulator
in acceptance testing, 388
computed tomography, 206–207
schematic of target, 458f

Skin dose, 239–246
treatment in (EBT), 300
in treatment planning, 239–246

effect of absorber to skin distance, 229
effect of field size, 242–243
electron contamination of photon beams, 

239–240
electron filters, 243–244
measurement of dose distribution in the 

buildup region, 240–241
skin sparing as a function of photon 

energy, 241–242
skin sparing at oblique incidence, 

244–246
Skin Erythema Dose (SED), 75
Skin irradiation

in electron beam therapy, 295–301
total. See also Total skin irradiation

Skin-sparing effect
defined, 137
in electron beam therapy, 267

Source housing, 51–52
Sources localization

in brachytherapy
orthogonal imaging method, 333–334
stereo-shift method, 334–335, 334f

Source strength
in bracheotherapy

activity, 315–316
air kerma strength, 316–317
apparent activity, 316
equivalent mass of radium, 316
exposure rate at a specified distance, 

316
Spread-out Bragg peak (SOBP) beams, 

525–529, 532, 535f, 536
Stem effect, 82
Stereotactic body radiation therapy (SBRT), 

467–473
commissioning in, 472–473
program commissioning, 473, 473t
quality assurance, 472–473
simulation, 467–471

acquisition of 3-D anatomical image 
data, 470–471

management of tumor motion, 468–470
patient immobilization, 468

treatment planning, 471–472
contouring, 471
dose calculations, 471
dose prescription, 471–471
dose reporting, 472

Stereotactic radiosurgery (SRS)
clinical applications of

cranial radiosurgery, 463–465
extracranial radiosurgery, 465

definition of, 454
dose calculation algorithm for, 462–463
dosimetry in

cross-beam profiles, 461–462
depth dose distribution, 462
output factors, 462

quality assurance
routine quality assurance, 463
treatment quality assurance, 463

techniques
γ knife, 459–461
x-ray knife, 454–459

Stereotactic radiotherapy (SRT).  
See Stereotactic radiosurgery (SRS)

Stopping power
Bragg-Gray cavity theory for, 102–106
collision mass of photons, 550t–553t
energy loss, 256–258
photon beam, 541t

Stripping process, 23
Superficial therapy, 39–40
Supervoltage therapy, 41

T
Target dose

definition, 191
specification of, 191–193
in tumor dose specification, 181

Target/flattening filter
in linear accelerator, 46, 46f

Target volume
in intravascular brachytherapy, 501

TAR Method, 144, 217
Teletherapy, 49
Temporary implants, 495
TG-43 Model. See Modular dose calculation 

model
TG-51 protocol, 106–113

beam quality, 107–109
electron beams, 108–109
photon beams, 107–108

calibration phantom for, 111–112
chamber calibration factor of, 113
chamber waterproofing of, 112
charge measurement of, 112–113
quality conversion factor

for electron beams, 110–111
for photon beams, 110

Thermionic emission, 28
Thermoluminescence (TL), 119, 119f
Thermoluminescent dosimeter (TLD), 119, 

411
Thimble chambers, 77–80

chamber calibration of, 79–80
chamber wall, 78
desirable characteristics, 80
effective atomic number of, 78–79
farmer chamber of, 80–82

Three-dimensional compensators, 226
Three-dimensional conformal radiotherapy 

(3-D CRT)
definition of, 413
dose computation algorithms

correction-based algorithms, 425
model-based algorithms, 426–428

treatment-planning process, 414–425
beam aperture design, 417
field multiplicity and collimation, 

417–421
image registration, 417
image segmentation, 417
imaging data, 414–416
plan optimization/evaluation, 421–425, 

422–424f
Threshold energy

definition of, 23
photodisintegration, 24

Time dose pattern, 340
Tissue-air ratio, 141–147

calculation of dose in rotation therapy, 
146–147

effect of distance in, 142
relationship between TAR and percent 

depth dose, 143–145
variation with energy, depth, and field size, 

142–143
Tissue compensation, 223–230

compensator setup in, 227
design of compensators in, 223–226
other applications of, 227

three-dimensional compensators for, 
226–227

CT-based compensator systems, 227
magnetic digitizer, 227
Moiré camera, 226

two-dimensional compensators, 226
Tissue equivalence, 149
Tissue inhomogeneities

electron beam therapy, 280–283
Tissue inhomogeneities corrections

absorbed dose within inhomogeneity, 
218–223

air cavity, 222–223
bone mineral, 218
bone-tissue interface, 218–221, 221f
lung tissue, 221–222

for beam attenuation and scattering, 
215–218

equivalent tissue-air ratio method, 216
isodose shift method, 216
power law tissue-air ratio method, 215–216
tissue-air ratio method, 215
typical correction factors, 216–218

Tissue-maximum ratios (TMR)
defined, 153
derivation of, 167
irregular fields in, 159–160

Tissue-phantom Ratio (TPR)
definition of, 153, 154f
irregular fields in, 159–160
for 10-MV x-ray, 155f

TLD theory, 119–121
Tomotherapy

defintion of, 435, 437f
helical, 436–437
Peacock System, 435–436

Total Body Irradiation (TBI), 407f–408f
AP/PA, 408
bilateral, 406–408
techniques and equipment for

beam energy, 405–406
compensator design, 410–411
dosimetry data, 408–410
initial dose buildup, 406
patient support/positioning devices, 

406–408
total body irradiation program 

 implementation, 412
in vivo patient dosimetry, 411

Total Reference Air Kerma, 340, 340t
Total skin irradiation, 295–301

in electron beam therapy
large field technique, 295–298
modified Stanford technique, 298–301
translational technique, 295

Transient equilibrium, 16, 17f
Translational technique, 295
Transmission penumbra, 52
Treated volume, 191
Treatment head

in linear accelerator, 46
Treatment planning

combination of radiation fields in, 
178–182

multiple fields, 181–182
parallel opposed fields, 179–181

contour irregularities corrections for, 
211–214

effective source to surface distance 
method, 211–212

isodose shift method, 213–214
tissue-air (or tissue-maximum) ratio 

method, 212–213
three-dimensional conformal radiotherapy

beam aperture design, 417
field multiplicity and collimation, 417–421
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Treatment planning (continued)
image registration, 417
image segmentation, 417
imaging data, 414–416
plan optimization/evaluation, 421–425

in electron arc therapy, 292–295
in electron beam therapy, 274–285

choice of energy and field size, 275
corrections for air gaps and beam obliq-

uity, 275–280
problems of adjacent fields, 283–285
tissue inhomogeneities, 280–283
use of bolus and absorbers, 283

field blocks in, 234–235
block divergence, 235
block thickness, 234–235

field shaping in, 236–239
custom blocking, 236
independent jaws, 236–237
multileaf collimators, 237–239

in HDR brachytherapy, 484–486
computer planning, 485
dose computation, 485–486
orthogonal radiography based simula-

tion, 485
plan verification, 486
simulation, 484–485
three-dimensional image based, 485

intensity-modulated radiation therapy, 
430–431

analytic methods, 430–431
iterative methods, 431
multiple field plan, 445

isocentric techniques in, 182–185
rotation therapy, 184–185
stationary beams, 182–184

parameters of isodose curves in, 173–175
beam quality, 173
collimation, 173–175
field size, 175
flattening filter, 173–175
flattening-filter free linacs, 175
isodose chart, 170–172
measurement of isodose curves, 172–173
parameters of isodose curves, 173–175
source to surface distance/source to 

source size, 173
patient data acquisition in

body contours, 195–196
internal structures, 196–204

patient positioning, 227–230
general guidelines, 228–229
XYZ method of isocenter setup, 

229–230
in proton beam therapy

clinical applications, 536–537
dose calculation algorithms, 536
principles, 534–535
treatment beam parameters, 535–536

separation of adjacent fields, 246–253
guidelines for field matching, 253
methods of field separation, 246–250
orthogonal field junctions, 250–253

skin dose, 239–246
effect of absorber to skin distance, 242
effect of field size, 242–243
electron contamination of photon beams, 

239–240
electron filters, 243–244
measurement of dose distribution in the 

buildup region, 240–241
skin sparing as a function of photon 

energy, 241–242

skin sparing at oblique incidence, 
244–246

tissue compensation in, 223–227
compensator setup, 227
design of compensators, 223–226
other applications, 227
three-dimensional compensators, 

226–227
two-dimensional compensators, 226

tissue inhomogeneities corrections for, 
214–223

absorbed dose within an inhomogeneity, 
218–223

for beam attenuation and scattering, 
215–218

treatment simulation, 204–207
CT simulator, 205–206
PET/CT, 206–207
radiographic simulator, 204–205

treatment verification, 207–211
cone-beam CT, 209–211
electronic portal imaging, 208–209
port films, 207–208

tumor dose specification for external pho-
ton beams, 189–193

wedge field techniques, 185–188
open and wedged field combinations, 

188
uniformity of dose distribution, 

185–187
wedge filters, 175–178

effect on beam quality, 178
physical wedge systems, 177–178
placement, 176–177
wedge isodose angle, 177
wedge transmission factor, 177

Treatment simulation
CDX simulator in, 205f
CT simulator in, 205–206
PET/CT in, 206–207, 206f–207f
radiographic simulator in, 204–205

Treatment skin dose, 300
Treatment verification, 207–211

cone-beam CT, 209–211
kilovoltage CBCT, 210
megavoltage CBCT, 210–211

electronic portal imaging in, 208–209
port films in, 207–208

TRS-398 protocol, 114–115
beam quality in, 114–115

electron beams, 115
photon beams, 114–115

calibration in, 115
formalism in, 114
quality conversion factor for

electron beams, 115
photon beams, 115

Tumor-air ratio. See Tissue-air ratio
Tumor dose specification

for external photon beams, 189–193
clinical target volume, 189
gross tumor volume, 189
hot spots, 191
internal target volume, 189
irradiated volume, 191
maximum target dose, 191
mean target dose, 191
median/modal target dose, 191
minimum target dose, 191
planning organ at risk volume, 190–191
planning target volume, 190
treated volume, 191

target dose specification in, 191–193

additional information, 192–193
the ICRU reference point, 192

U
Ultrasonic tomograms, 204
Ultrasound

in image guided radiation therapy, 513
Universal wedge, 177, 178f

V
Velocity modulation, 45
Virtual simulation, 205
Voltage rectification, 31–32
Volumetric-modulated arc therapy, 452–453

W
Wave model, 8–9
Wedge field techniques, 185–188

open/wedged field combinations, 188
uniformity of dose distribution, 185–187

Wedge filters, 175–178
design of, 184–185
effect on beam quality in, 178
physical wedge systems in, 177–178
placement, 176–177
wedge isodose angle in, 177
wedge transmission factor for, 177

Wedge isodose angle
definition of, 177

X
X-ray

basic circuit of, 30–31
beam performance of, 388–389
characteristics of, 35
contamination, 280–281, 281t
energy spectra, 35–37
high-output generators, 32–33

constant potential, 32
high-frequency, 33
three-phase, 32

operating characteristics of, 37
percent depth doses in, 557t, 560t, 561t
production of, 33–35
scatter-maximum ratios of circular fields 

for, 559t, 561t
tissue-maximum ratios of, 558t

X-ray beams
energy spectrum, measurement of, 94–95
half-value layer of, 90
measurement of megavoltage beam energy, 

94
measurement of parameters, 91–94

effective energy, 93
half-value layer, 91
mean energy, 94
peak voltage, 91

X-ray energy spectra, 35–37
X-ray knife

characteristics
beam collimation, 459
linac isocentric accuracy, 456
overall accuracy, 458–459
stereotactic accuracy, 456–458
stereotactic frame, 455–456

X-ray production, 33–35
bremsstrahlung in, 33–34
characteristics of, 35
operating characteristics of, 37

XYZ method of isocenter setup
simulation procedure, 229
treatment setup, 229–230, 230f
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