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Abstract

Diffusion tensor imaging (DTI) and advanced related methods such as diffusion spectrum and kurtosis imaging are limited by low signal-
to-noise ratio (SNR) at conventional field strengths. DTI at 7 T can provide increased SNR; however, B0 and B1 inhomogeneity and shorter
T2⁎ still pose formidable challenges. The purpose of this study was to quantify and compare SNR at 7 and 3 T for different parallel imaging
reduction factors, R, and TE, and to evaluate SNRs influences on fractional anisotropy (FA) and apparent diffusion coefficient (ADC). We
found that RN4 at 7 T and R≥2 at 3 T were needed to reduce geometric distortions due to B0 inhomogeneity. For these R at 7 T, SNR was
70–90 for b=0 s/mm2 and 22–28 for b=1000s/mm2 in central brain regions. SNR was lower at 3 T (40 for b=0 s/mm2 and 15 for b=1000 s/
mm2) and in lateral brain regions at 7 T due to B1 inhomogeneity. FA and ADC did not change with MRI field strength, SENSE factor or TE
in the tested range. However, the coefficient of variation for FA increased for SNR b15 and for SNR b10 in ADC, consistent with published
theoretical studies. Our study demonstrates that 7 T is advantageous for DTI and lays the groundwork for further development. Foremost,
future work should further address challenges with B0 and B1 inhomogeneity to take full advantage for the increased SNR at 7 T.
© 2011 Elsevier Inc. All rights reserved.
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1. Introduction

Quantitative diffusion tensor imaging (DTI) has found
many clinical applications including traumatic brain injury
(TBI) [1–4], multiple sclerosis [5], brain tumors [6] and
stroke [7]. White matter structure can be assessed by DTI
metrics such as fractional anisotropy (FA) and apparent
diffusion coefficient (ADC) allowing for better understand-
ing of the brain's structural networks in health and disease.

Though DTI is very promising, challenges exist because
there is still much variability in reported DTI metrics. For
example, reported FA values for the genu range from 0.50 to
0.82 for control subjects and 0.50–0.84 in TBI patients
[1–3]. Reasons for variability in DTI metrics include differ-
ences in acquisition and analysis approaches. Specifically,
FA differences have been associated with different field
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strengths [8–11] and diffusion gradient schemes [12,13].
DTI metrics are also profoundly affected by partial volume
effects [14–17] and are thus related to voxel size and shape.
Further, FA was found to increase with decreasing signal-to-
noise ratio (SNR), whereas mean diffusivity decreases with
increasing SNR [18]. Computer simulation studies have
shown that variability in DTI metrics become especially
pronounced for very low SNR [18–22].

Magnetic resonance imaging (MRI) at ultra-high field
strength (e.g., 7 T) increases SNR, but shorter T2⁎ and T2,
increased static field (B0) and radiofrequency (RF) field (B1)
inhomogeneity may offset the SNR advantage. B0 inhomo-
geneity will lead to increased image distortion and shorter
T2⁎ introduces blurring and signal loss with long echo trains
in echo-planar imaging (EPI). B1 inhomogeneity will cause
local signal losses due to decreased flip angles. Additional
artifacts may be introduced because fat suppression may be
compromised due to B0 and B1 inhomogeneity. Finally,
motion and physiologic noise artifacts may become more
prevalent with 7 T.
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The higher SNR at 7 T may be translated into (1)
smaller voxels thus reducing partial volume artifacts, (2)
more b-directions in reasonable scan times by avoiding
the need for signal averaging and/or (3) larger b-values
needed, e.g., for diffusion spectrum imaging (DSI) [23]
and diffusion kurtosis imaging (DKI) [24]. In optimizing
acquisition protocols, a careful balance has to be achieved
between spatial and diffusion directional resolution, SNR
in high b-value diffusion weighted images, and minimi-
zing artifacts.

The primary objective of this study was to characterize
and quantify SNR in the acquired diffusion weighted images
and its influence on DTI metrics, FA and ADC, at 7 T and 3
T as a function of parallel imaging reduction factor R and
echo time (TE), as it is clear from preliminary studies [25,26]
and studies comparing 1.5T and 3 T DTI [8,10,11,27,28] that
parallel imaging is needed to reduce distortion. A secondary
aim was to evaluate how the achievable SNR, and other
factors, including voxel size and shape, partial volume effects
and analysis approach, affect FA and ADC measurements.

To date, 7 T DTI has been limited to feasibility and
exploratory studies [8,9,26,29–32]. To the best of our
knowledge, quantitative assessment of the potential advan-
tages of 7 T DTI compared to standard field strengths has not
yet been published. Availability of this information will
allow devising strategies for optimizing acquisition ap-
proaches for 7 T DTI.
2. Methods

2.1. Acquisition

Eleven healthy subjects with ages ranging from 24–56
years (six males/five females) were studied. Institutional
review board-approved consent was obtained. Images were
acquired at 7 T (Philips, Achieva, Cleveland, Ohio) using a
16-channel receive coil with a head volume transmit coil
(Nova, Medical); 3 T data were acquired using an 8 channel
receive coil and the body transmit coil (Philips, Achieva, Best,
Netherlands). The maximum gradient strength was 33 mT/m
at 7 T and 80 mT/m at 3 T. Diffusion weighted images were
acquired using a single shot spin echo echo-planar sequence
(SE-EPI). One b=0 s/mm2 and 6 or 15 b=1000 s/mm2

diffusion-weighted images were acquired using the Philips
“overplus” mode which allows for shortest TE. K-space
coverage was 80%. Fat suppression was done with spectral
presaturation inversion recovery (SPIR) [33]. At 7 T,
TR=5800–10500 ms was longer than at 3 T where
TR=3200–4500 ms due to specific absorption rate restrictions
leading to scan times of about 9 min per DTI acquisition. In
addition, at 7 T, high-resolution susceptibility weighted
images were acquired using a 3D gradient echo sequence
with TR/TE/Flip angle=24.5 ms/12 ms/5° and 0.4×0.5×1.6
mm3 voxel size, and B1 maps were acquired using scanner
tools [34]. At 3 T, additional anatomic T1 and/or T2 weighted
images were acquired.
In the first phase of the study, a range of SNR values was
achieved by varying the parallel imaging Sensitivity Encod-
ing (SENSE)-factor (R=2–7), TE and by taking measure-
ments in brain regions that have different flip angles in order
to evaluate the impact of SNR on DTI metrics. 7 T and 3 T
DTI data were acquired on one subject (24 years) with 2-mm
isotropic voxels (reconstructed on the scanner to 1.5×1.5×2
mm3), 15 gradient directions with b=1000 s/mm2 and no
signal averaging. To determine SNR with SENSE recon-
struction, it was necessary to acquire two data sets, one with
the RF on and a second with RF off for noise determination.
Using scanner tools, we also reconstructed g-factor maps from
the coil sensitivity calibration scans [27,35]. Sets of scans
with minimum TE for all R-factors (TER=57–75 ms at 7 T,
and TER=53–59 ms at 3 T), and with fixed TE=75 ms for all
R-factors were acquired.

In the second phase of the study, we evaluated partial
volume effects from different acquisition protocols and
analysis approaches on DTI metrics. Ten subjects (31–56
years) were imaged at 7 T using R=5 and at 3 T using R=2.
Five different spatial and diffusion directional resolution
protocols were tested including 2×2×2 mm3 and 1.6×1.6×3.2
mm3 with six and 15 directions, and 2.0×2.6×5 mm3 with
six directions. Data were minimally interpolated by 10–
30% in the in-plane direction using rounding limitations
imposed by the scanner software. All these data used three
averages for the b=1000 s/mm2 images and TE=56–75 ms.

2.2. Analysis

All images were visually examined for distortion and
artifacts. Distortion was semi-quantitatively assessed fol-
lowing the approach by Alexander et al [14], i.e., lines were
drawn on images with different R-factors to evaluate the
distortion (Fig. 1).

For SNR analysis in the first phase of the study, the RF
on/off images were evaluated using custom IDL tools (ITT
Visual Information Solutions, Boulder, CO, USA) and
DtiStudio [36]. Small regions of interest (ROIs) (11–32
pixels) were manually drawn on the axial images for the
body, genu and splenium of the corpus callosum (CC), for the
posterior limb of the internal capsule (PLIC) and in a sub-
cortical white matter region (SCWM). SNR was determined
as signal in the RF “on” images divided by the standard
deviation of noise in the RF “off” images. Median filtering
was explored but not used for the final analysis. Experimen-
tally measured SNR was compared to the expected behavior
of SNR decrease with R-factor [27] (Fig. 2, Table 1).

For motion and eddy current correction, all diffusion
weighted images were registered either with the registration
tools available in the scanner (Philips FiberTrak) or with the
registration methods in DtiStudio (mutual information based
registration). For analysis of large central fibers, choice of
registration methods did not produce noticeable differences.

For the analysis of the first phase of the study, FA and
ADC values were obtained on axial imagines in the same



Fig. 1. Example average axial and reformatted sagittal b=1000 s/mm2 diffusion-weighted images at 7 T (top) and 3 T (bottom). Comparison of data from R=2, 4
and 6 demonstrate the excessive distortion for low R-factors at 7 T (see dashed lines). Distortions are reduced for R=6 at 7 T albeit at the expense of lower SNR
For 3 T, distortions are still visible for R=2. Also note the signal decrease in the lateral and superior-anterior parts of the brain at 7 T due to B1 inhomogeneity
which also leads to imperfect fat suppression and ghosting of fat signal (white arrows). The observed contrast between 7 T and 3 T, b=1000 s/mm2 images is
different due to residual T2 effects. In the basal ganglia, T2 for the caudate and putamen with high iron content are relatively shorter at 7 T than at 3 T. Adjacen
white matter appears brighter likely due to a combination of these T2 effects and the higher B1 in the central part of the brain. Red ROIs show the regions used for
analysis in the genu (GCC), splenium (SCC) and PLIC.
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ROIs used for the SNR analysis without further interpo-
lation of the data beyond the initial interpolation by the
scanner software (Figs. 3–5). Mean FA and ADC, standard
deviations σFA and σADC and coefficients of variation
CVFA=100⁎σFA/FA and CVADC=100⁎σADC/ADC were
computed from voxel-based spatial ROI statistics.

For the second phase of the study, various analysis
approaches were explored on selected examples. Initially,
FA and ADC maps were analyzed using MRI scanner tools.
Color-coded FA maps from axially acquired images were
reformatted to a mid sagittal plane showing the CC as a well-
defined red structure. The entire CC and regions including
the genu (GCC), body (BCC) and splenium (SCC) were
manually traced along the red area. This approach lead to
inclusion of a significant number of voxels beyond the
boundary of the CC and resulted in severe partial volume
effects. To avoid boundary voxels, the red CC was traced
narrowly such that all included voxels stayed within the
.
,

t

visible CC (Fig. 6). To make the analysis observer and
software independent, the initial testing also included a
repeated analysis of FA and ADC maps in DtiStudio. The
corpus callosum was selected automatically on a mid-sagittal
section, by setting thresholds for FA of 0.35, 0.47 and 0.70.
Each threshold setting effectively selected a ROI in the CC
that was contaminated with partial volume effects, complete-
ly contained within the CC, or comparable to the small
manually placed ROIs.

Finally, the entire data set of the second phase of the study
(i.e., the data on 10 subjects with five different acquisition
protocols at both field strengths) was analyzed as follows:
first, small ROIs in the genu were manually traced on
sagittally reformatted images (a) along the red boundary of
the genu, (b) excluding the edge voxel and (c) including only
the most central voxels of the genu. Second, the entire corpus
callosum visible in red on sagittal reformatted color coded
FA maps was manually traced. Third, the traced ROI of the



Fig. 2. SNR as a function of SENSE-factor R for 7 T (left) and 3 T (right). Example data are shown for the BCC, GCC and SCC the PLIC and a frontal SCWM
Shown are measured SNR values for b=0 s/mm2 (+) and b=1000 s/mm2 (⁎) and using shortest TE. The solid lines represent fits according to Eq. (1) for minima
TE and dashed lines represent SRN estimates for the longer fixed TE for all R-values. For central brain regions, SNR at 7 T is 2.5–3-fold larger than at 3 T (see
text and Table 1). This advantage is lost for lateral brain due to B1 inhomogeneity.
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Table 1
Example SNR for b=1000 s/mm2 in different brain regions R-factors and
field strength

ROI 7 T 3 T

Flip
angle

Fit
SNRfull

Exp
R=4

Exp
R=5

Fit
SNRfull

Exp
R=2

BCC 81 408 28.2 26.4 90 14.2
GCC 65 279 22.8 18.8 94 14.1
SCC 78 367 27.9 26.5 82 15.0
PLIC 61 394 25.7 26.6 89 15.5
SCWM 39 198 11.2 7.2 140 22.5

743S. Choi et al. / Magnetic Resonance Imaging 29 (2011) 739–751
entire red CC was used for single-ROI streamline tracto-
graphy using Philips FiberTrak. Mean FA and ADC and
standard deviations, i.e., voxel-based ROI statistics for all
traced ROIs were recorded. Likewise, means and standard
deviations for all voxels contained in the streamlines were
recorded without interpolation of the data. We refer to the
mean FA and ADC data from the entire tract as tract-of
interest (TOI) value [37].

2.3. Statistics

Repeat measurements of the same subject at different
field strengths were analyzed using paired t test. The data
from the second phase of the study with different spatial and
directional resolution were evaluated (1) by simply comput-
ing mean values and standard deviations for each acquisition
and analysis method over all 10 subjects and (2) with
analysis of covariance (ANCOVA) using age as a covariate,
to provide multi-subject group statistics. ANCOVA was
used to remove the age effect on the DTI metrics from the
subject pool, which had a large age range.
3. Results

3.1. Image quality assessment

Fig. 1 demonstrates distortion and SNR for different
SENSE-factors R. At 7 T, very severe distortion artifacts
are seen in the frontal brain regions for Rb4. Distortion
improves with increasing R, which reduces the echo train
length. Distortion is not visible in the right/left direction or
in the central part of the brain such that the selected ROIs
(BCC, GCC, SCC and PLIC) are not affected. Severe
distortions are also seen on reconstructed sagittal sections.
The 3-T images of the same volunteer show some distortion
for the R=2 images but distortions are largely avoided for
larger R. On the other hand, SNR visibly decreases with
increasing R. The loss of SNR becomes particularly
noticeable for RN5 in the 7 T/16-channel coil data and
becomes prohibitively low for RN2 in the 3 T/eight-channel
coil images.

The 7 T images also show significant effects for B1
inhomogeneity with lower flip angles leading to signal loss
in lateral regions of the brain (Fig. 1). The flip angle map
shows a 2-3-fold decrease in the lateral regions compared to
the central parts of the brain for the RF transmit coil used in
this study (Table 1). Since the signal for the SE-EPI sequence
follows the S ∝ sin3(α) relationship, this local reduction in
flip angle leads to a 4-10 fold signal loss in lateral brain
regions. Consequently, 7 T performs visibly better for R=3–
5 than 3 T with R=2 in the central parts of the brain, but this
advantage is reduced or lost in lateral brain regions with the
current RF transmit technology.

Suppression of fat signal from the skull is less favorable
at 7 T than at 3 T (Fig. 1). This difference is due to B1
inhomogeneity since the SPIR fat suppression technique
relies on well performing inversion pulses and B0
homogeneity for successful suppression of fat. Especially
with large R-factors, some banding/ghost artifacts can
occur. Since the banding is identical for all b-values/
directions these ghosts propagate into DTI metrics maps.
They can be recognized and avoided for ROI analysis but
may contaminate tractography.

3.2. SNR measurements

Fig. 2 shows the measured SNR as a function of the
SENSE factor, R, and shortest achievable TER for different
white matter regions (Fig. 1) in a representative subject. The
experimental data follow the expected relationship, below,
and indicated by the solid lines in Fig. 2.

SNR Rð Þ = SNRfullexp −TER = T2ð Þ
gR

ffiffiffi

R
p ð1Þ

The factor gR was measured for the selected brain
regions from g-factor maps that were generated from the
coil sensitivity profiles by scanner manufacturer provided
software. SNRfull is the average scaling factor for fitting
the experimental data with the theoretical curve (Table 1).
The relaxation time factor exp(−TER/T2) was estimated
from a previous study using dual echo spin echo T2
measurements [38]. Values of T2=35 ms for 7 T and
T2=45 ms for 3 T were used for the line-plots in Fig. 2.
For illustrative purposes, the plots of the 7 T data in Fig.
2 also include the expected SNR for fixed TE=75 ms for
all R. It can be seen that, for R=3–5, the SNR loss with
can be recovered by the shorter achievable TER. For R=6
and 7, this is no longer the case, largely because the g-
factor becomes much larger than one, resulting in severe
SNR reduction.

SNR decreases about two- to threefold between the b=0 s/
mm2 and b=1000 s/mm2 images and this is consistent with
ADC values of 0.75–0.9 (×10−3mm2/s) in white matter
regions. As DTI metrics are influenced by SNR from the
image data in all b-directions, it is also important to assess
SNR differences in the different b-directions. For the 7-T
RN5 data with average SNR of 22–28 (Table 1), measured
SNR values for individual directions range from a minimum
of 10–14 to a maximum of 35–40. For 7 T data with R=6,
this range decreases to 3.5–14, and for R=7 to 1.5–7, which



Fig. 3. Voxel-based mean FA as a function of SENSE factor R for 7 T (left) and 3 T (right) for the BCC, GCC, SCC, PLIC and SCWM. Solid symbols represen
the measurements for shortest achievable TE, open symbols are data for longer, fixed TE. All data were measured for integer values for R, but are offset for
plotting purposes. Note that the standard deviation error bars increase with increasing R due to lower SNR especially at 3 T.
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will introduce errors in subsequent DTI metrics. For 3 T with
R=2, the average SNR=15, ranging from 7 to 20 in different
gradient directions in the b=1000 s/mm2 images.

3.3. FA and ADC-value and their Coefficients of Variation
depending on SNR (R, TE)

Fig. 3 shows FA values for the small ROIs selected on
axial images (Fig. 1) for the body, genu and splenium of the
corpus callosum (BCC,GCC, SCC), the PLIC and for a
SCWM. FA values for the body and splenium of the corpus
callosum (BCC, SCC) are similar to the GCC. With few
t

exceptions, overall FA as a function of R value showed
similar values. FA values from the minimal TE data are not
drastically different from the fixed TE data. Further, FA
shows similar values at both field strengths (7 T and 3 T). FA
variability in terms of standard deviation gradually increases
accordingly with increasing R values. For the selected small
ROI (11–32 voxels), values in different regions of the corpus
callosum and PLIC are similar; FA is apparently smaller in
peripheral SCWM regions.

ADC values for the GCC, BCC, SCC, PLIC and SCWM
are similar except for data with SNRb10 in the high b-value

image of Fig. 3


Fig. 4. Voxel-based mean ADC as a function of SENSE- factor R for 7 T (left) and 3 T (right) for the BCC, GCC, SCC, PLIC and SCWM. Solid symbols
represent the measurements for shortest achievable TE, open symbols are data for longer, fixed TE. All data were measured for integer values for R, but are offse
for plotting purposes. Note that the standard deviation error bars increase with increasing R due to lower SNR especially at 3 T.
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diffusion images (Fig. 4). Similar ADC values are observed
in most ROIs that were selected. There is no drastic
difference between the fixed and minimum TE data or
between field strengths. As observed in overall trends in
variability of FA, standard deviation of ADC gradually
increases with increasing R values.

While mean FA and ADC values do not change notably
with R, TE or field strength, significant increase in the
standard deviations of FA and ADC values are observed for
the noisier large R/long TE data (error bars in Figs. 3 and 4).
This is also much more noticeable in the 3 T data. Fig. 5
t

shows the mean, standard deviation and CV for FA and ADC
as a function of average SNR in the b=1000 s/mm2 images.
For the analyzed small ROIs that were selected sufficiently
far away from grey matter (GM) or cerebrospinal fluid (CSF)
spaces to avoid partial volume effects, FA and ADC
measurements vary by about 10% as long as SNRN15.
Once SNR becomes smaller than 10, a fairly sharp increase
in the CV of FA is observed (Fig. 5, left bottom). Likewise,
an increase in CV for ADC is observed for SNRb10 (Fig. 5
right bottom). Note that the average SNR b10 in the b=1000
s/mm2 diffusion-weighted images corresponds to SNR b3–5



Fig. 5. Mean (top), standard deviation (middle) and CV (bottom) for FA (left) and ADC (right) as a function of SNR in dB using SNR[dB]=20log10(SNR) [19
for the minimum TE data. Solid symbols represent 7 T data, open symbols are for 3 T. Different brain regions are in different colors (red-BCC, blue-GCC, green
SCC, orange-PLIC, black-SCWM). Note the increase in the CV for FA for SNR b15 (23 dB) and for ADC for SNR b10 (20 dB) in the b=1000s/mm2 images
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for some gradient directions, and this will significantly affect
all DTI metrics.

3.4. Demonstration of partial volume effects in the
slice direction

An example case for the evaluation of partial volume
effects in the data at different resolutions is shown in Fig. 6.
The top row shows an overlay of sagittally reformatted color
coded FA maps for three different axial slice thicknesses on
high-resolution susceptibility-weighted images. For the 2
mm slice thickness, FA maps showing the red boundary of
the corpus callosum correspond well to the anatomic outline
seen on the susceptibility-weighted images. With increasing
slice thickness the boundary of the CC on the FA map gets
“washed out.” Tracing the visible boundary of the red CC on
]
-
.

non-interpolated color FA maps leads to inclusion of
boundary voxels outside the CC especially for thicker slices
(Fig. 6, turquoise ROIs). As a result, mean FA values are
lower and have large standard deviations (voxel based ROI
statistics: 0.70±0.23, 0.59±0.24 and 0.50±0.19 for 2-, 3.2-
and 5-mm slice thickness respectively; turquoise bars in Fig.
6, bottom left). Restricting the tracing to a narrow strip in the
center of the CC (Fig. 6, orange ROI) increased FA and
decreased the standard deviations (voxel based ROI
statistics: 0.70±0.17, 0.71±0.17 and 0.56±0.19 for 2-, 3.2-
and 5-mm; orange bars in Fig. 6, bottom left). Selection of
small ROIs on sagittal images comparable in size to the ROIs
selected for the SNR, FA and ADC analysis listed in Figs. 3
and 4 gave similar mean FA and CV (voxel-based ROI
statistics: 0.82±0.10, 0.81±0.09 and 0.70±0.16, black bars in
Fig. 6 bottom left) except for the very thick slices. Analogous



Fig. 6. Sample partial volume effects with increasing slice thickness. Sagittally reformatted color FA maps are overlaid on high resolution susceptibility weighted
images (top row). For 2-mm slice thickness, there is a good match between the FA map and the anatomical image. FA maps are progressively washed out for
increasing slice thickness. Voxel-based ROI statistics bottom left: ROIs defined by manually tracing the red boundary on the FA maps (turquoise ROIs) will lead
to inclusion of voxels extending beyond the CC resulting in decreased mean FA values with large standard deviations (turquoise bars). Selecting a narrower trace
(orange ROI) excludes boundary voxels and increases FA (orange bars). Selecting very small ROIs in the GCC or SCC (analogous to the analysis used in Figs. 3
and 4) further increases mean FA and decreases its standard deviation (black bars). Note that FA values are lower for thicker slices. Group average of all 10
subjects (bottom right) for the GCC for 2-, 3.2- and 5-mm slice thickness (wide trace along the red boundary: turquoise bar, excluding boundary voxels: orange
bar and including only central voxels: black bars).
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results were obtained with changing the selected FA
threshold in DtiStudio for ROI selection.

3.5. Protocol comparison study

Group mean FA values for all 10 subjects for three
different manual tracing methods of the genu are shown in
the bottom right part of Fig. 6. The same pattern observed for
single subject voxel-based ROI statistics is maintained in the
group averages of all 10 subjects, i.e., the widest tracing
along the red boundary yields lowest group mean FA (0.59,
0.55 and 0.44 for 2, 3.2- and 5-mm slice thickness; turquoise
bar Fig. 6, bottom right); narrower tracing increases group
mean FA (0.79, 0.79 and 0.73; orange bars), and largest
group mean FA is observed for small central ROIs (0.83,
0.83 and 0.79, black bars Fig. 6, bottom right). Similar
observations were made for ADC measurements not shown.
The observation that group mean averages of multiple
subjects show the same pattern as voxel-based ROI statistics
may indicate that quantitative DTI metrics are consistent as
long as consistent methods are used.

Table 2 shows the group mean FA values calculated with
ANCOVA using age as a covariate for the data from all 10
volunteers. Group mean ROI values were computed from
the entire corpus callosum seen in red on reformatted mid-
sagittal sections. Group mean TOI values were computed
from each subject's tract averaged FA values including all
voxels in the tract through the CC using Philips FiberTrak.
As in the wide ROI analysis (Fig. 6 bottom right, turquoise
bars), group mean FA values for the entire cohort of
subjects are lower than the small ROI data shown in Fig. 3
and the narrow tracing in Fig. 6 (bottom right, black bar). In
all cases, values for thinner slices are higher than for thicker
slices, i.e., group mean FA2 mmNFA3.2mmNFA5 mm. This is
statistically significant (Pb.01) for all pair-wise compari-
sons. Group mean FA values for the 15 gradient direction

image of Fig. 6


Table 2
Partial volume effects and ROI vs. TOI analysis

Acquisition
method

ROI TOI

7 T 3 T 7 T 3 T

2×2×2, 15 dir 0.558 0.568 0.600 0.598
1.6×1.6×3.2, 15 dir 0.509 0.509 0.569 0.576
2×2×2, 6 dir 0.578 0.600 0.625 0.632
1.6×1.6×3.2, 6 dir 0.508 0.544 0.600 0.599
2×2.6×5, 6 dir 0.427 0.424 0.518 0.493
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data tend to be lower than the six direction data; however,
this difference was not statistically significant in most cases.
ROI data are lower than TOI data (Pb.05). There is no
statistically significant difference between 7 T and 3 T FA
measurements (PN.05).
4. Discussion

Our study shows that for the tested conditions, FA and
ADC do not significantly change with B0 field strength or
TE as long as SNR is sufficiently high (Figs. 3, 4).
Assessment of the CV for small regions of interest well
contained within a specified white matter structure (Fig. 5)
indicated that average SNR for b=1000 s/mm2 should be
larger than 10, corresponding to SNR (b=0 s/mm2) N30. For
these SNR limits, SNR drops below 3 for some gradient
directions in the high b-value diffusion weighted images
and affects DTI metrics. By example, we also showed that
partial volume effects especially between WM and CSF/
GM but also within different WM fiber structures will have
the most pronounced effect on numerical values and
variability of DTI metrics (Fig. 6). Nevertheless, consistent
results can be achieved as long as the same acquisition
parameters and a consistent analysis approach are used
(Table 2).

4.1. B0 and TE effects

Our finding that FA and ADC do not change with B0
field strength is consistent with one study comparing 1.5 T
and 3 T [28] but different from a preliminary report by
Polders et al [8] who showed an FA increase with field
strength from 1.5 to 7 T. Increase in FAwith field strength was
also reported in 3 T/1.5 T comparison studies byHuisman at al
[11] and Qin at al [10]. These latter two studies concluded that
the observed differences in FA may be attributed to SNR and
TE differences rather than to field strength. This conclusion is
consistent with our finding that for very small ROIs, FA/ADC
differences are predominantly due to SNR. In our study, TE
ranged from 57–75 ms for 7 T and 53–59 ms (75 ms used for
fixed TE) for 3 T. With T2=35 ms at 7 T and T2=45 ms at 3 T
[38], these TE lead to significant signal loss, especially at 7 T
(7 T: exp(−TE/T2)=0.12 to 0.20; 3 T: exp(−TE/T2)=0.19 to
0.31). However, no significant variability was observed for FA
and ADC as TE was changed with R-factor because, for the
longer TE, the R-factor was smaller and SNR remained
sufficiently high. The observed variability in FA and ADC
seems to be explained when SNR reaches critically low values
(b10 in diffusionweighted images). To further assess if there is
a change with TE, a future study would have to be done with a
fixed R-factor and a wider range of TE.

4.2. SNR

Our finding that, for small ROI, SNR significantly
influences FA and ADC is consistent with prior experimental
findings. For example, Alexander et al. [28] reported
decreasing FA with increasing SNR. Similar to our study,
Polders et al. [9] reported increased variability in FA
measurements with decreasing SNR.

The reported experimental findings are consistent with
computer simulations. Pierpaoli et al. [39] showed that, for
low SNR, the longitudinal principal Eigenvector λ1 was
overestimated, whereas the Eigenvectors λ2 /λ3 are
underestimated, leading to overestimation of FA for low
SNR. Jones [12] and Kristofferson [20] showed that for
SNR b3, the signal bias due to the Rician rather than
Gaussian signal distribution cannot be neglected and needs
to be included in computation of diffusion tensors. Koay et
al [21,22] showed that for SNR b5 tensor estimation
methods may become unstable and lead to deviations in
DTI metrics. Landman et al. [18] developed a theoretical
framework to model the influence of noise in DTI and
showed how it affects different tensor estimation methods
and acquisition protocols. They showed (Fig. 2 in Ref. [18])
that for SNR b40 db in b=0 s/mm2 images, mean FA and
standard deviation of FA increase. ADC was less affected
than FA, but decreases in ADC and increased standard
deviation for ADC were pronounced for SNR b25 dB in b=0
s/mm2 images (Fig. 2 in [18]). Using SNR[dB]=20log10
(SNR) [19], and assuming a factor 2–2.5 for the SNR
decrease between b=0 s/mm2 and b=1000 s/mm2 images,
our measurements for the CV for FA and ADC as a function
of SNR (Fig. 5) are comparable to the theoretical simulations
by Landman et al. [18]. In our study, standard deviations for
both FA and ADC increased with decreasing SNR. As in
Landman's study, mean ADC decreased with decreasing
SNR; the net effect is the sharp rise in CV for ADC with
small SNR (Fig. 5). Mean FA values were more variable but,
overall, tended to be flat with SNR. The relation of FA with
SNR may be somewhat biased in our study because low
SNR values were realized predominantly by large R-factors
and lower field strength (Fig. 5) but also by low regional flip
angles in SCWM where FA may be lower due to less
compact and or crossing fibers.

Consistent with prior experimental and theoretical
simulations studies, our studies showed that accurate DTI
metrics require average SNRN10 for b=1000 s/mm2

diffusion weighted images. This corresponds to SNRN25
(about 30 dB) in the T2-weighted b=0 s/mm2 images but will
lead to SNR of about 3 in the high-b-value diffusion-
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weighted images for some gradient directions. As already
pointed out by Landman [18,19], a significant amount of 3-T
DTI research is below this SNR limit. Consequently, many
studies employ signal averaging even though theoretical
studies proclaim the benefit of acquiring more b-directions
rather than more signal averages, likely because most
simulations assumed higher SNR [13].

4.3. Partial volume effects

Our exploratory analysis (Fig. 6) indicated that the largest
differences in numerical values for FA and ADC are due to
partial volume effects. Though not comprehensive, our
analysis is analogous to the erosion/dilation method used by
Pfefferbaum [15] and shows similar findings. Similar results
were also reported in a recent simulation study [16]. It has
been shown that partial volume issues may be addressed by
using a multicompartment approach for the diffusion tensor
fitting [14,40–42]; however, partial volume limitations are,
in general, better addressed by higher spatial resolution.

Despite the differences in numerical values for FA and
ADC, our findings demonstrated that consistent results are
achieved as long as identical acquisition and analysis
methods are used. Table 2 shows that values for FA are
numerically different for different spatial and directional
resolution, and for the TOI and ROI analysis. Nevertheless,
data obtained for each specific approach are consistent. We
also previously showed [43] that linear regression of FA and
ADC values with the subjects' age resulted in identical
slopes (i.e., statistically nonsignificant differences in slope)
but different intercepts (Pb.05) for the data acquired with
different spatial and directional resolution. This consistency
observed for fixed acquisition and analysis methods is
encouraging for clinical DTI studies comparing patient with
control groups.

4.4. Advantages of 7 T

The findings described here suggest that it is of
paramount importance to decrease voxel sizes while
maintaining adequate SNR levels. DTI at higher field
strength is uniquely suited to accomplish this, but
acquisition methods have to be optimized. For example,
given the experimental conditions in our 7 T study (16-
channel receive coil, R=4–5 for minimizing distortion), we
estimate an average SNR ≈11–14 in the b=1000 s/mm2

diffusion-weighted images for 1.5×1.5×1.5 mm3 voxels and
SNR ≈5–10 for 1×1×1 mm3 voxels. Thus, for the
conditions tested in our study, 1.5-mm isotropic resolution
is feasible without the need for signal averaging, whereas
smaller voxel sizes will require further SNR improvements
because SNR will drop below 3 for some diffusion
directions. Similarly, one may estimate the SNR drop
with higher b-values. Our measured SNR=22–28 for
b=1000 s/mm2 and 2-mm isotropic voxels (Table 1)
would decrease to SNR ≈8–10 for b=2000 s/mm2 and to
SNR ≈2–3 for b=3000 s/mm2 when assuming a diffusion
coefficient of 0.8 and considering the TE increase required
for larger b. Thus, b=2000 s/mm2 and 2-mm isotropic
voxels are feasible at 7 T, but larger b-values will require
larger voxels or other methods of increasing SNR.
4.5. Future improvements

The preceding discussion shows that 7 T can help
improve DTI. However, improvements are needed to take
full advantage of the increased SNR at 7 T. Foremost, B1
inhomogeneity needs to be improved, or else, the SNR
advantage over 3 T is lost for regions with low B1.
Multichannel transmit technology [44] is under development
commercially and/or utilization of traveling wave excitation
may prove a suitable alternative [45]. Better B1 homogeneity
will also improve fat suppression and, thus, reduce residual
ghosting of fat signal with parallel imaging [46]. Alterna-
tively, fat suppression methods that are more robust to B0
and B1 inhomogeneity could be implemented. Second,
distortions due to B0 inhomogeneity still pose a problem,
even though distortions could be significantly reduced with
high R-factors. Further improvement can be achieved with a
larger number of receiver array coils and/or multi-shot EPI
methods such as readout-segmented EPI [32,47]. Though
reduction of distortions from B0 inhomogeneity is preferably
done as part of the acquisition process, advanced post-
processing methods may further reduce the problem [48].
Another alternative would be reduced field-of-view DTI
[30,49,50]. Finally, as discussed above, it is desirable to
further improve SNR. At 7 T, the long TE required for high
b-values with standard body gradient coils (33–40 mT/m)
are a major factor reducing available SNR by a factor of
5–10. Head gradient coils were proposed to reduce the
duration of the diffusion gradients and TE. This approach
may be most favorable in very high b-value methods such as
DSI and DKI. For DTI requiring b≈1000 s/mm2, significant
SNR improvement is available with stimulated echo
acquisition mode (STEAM) DTI without the need for head
gradients. Though STEAM has factor two SNR disadvantage
compared to SE sequences, the 5–10-fold SNR loss with
long TE is avoided [30,38] because magnetization is stored
in the longitudinal direction and thus magnetization decays
with T1 which is longer at 7 T. While our study used only six
and 15 diffusion directions, more directions can be used at
7 T, e.g., whole-brain DTI using 60 diffusion encoding
directions with 1.5-mm isotropic voxels at 7 T can be
achieved in approximately 10 minutes.

While 7-T DTI holds great promise, significant future
refinements will be needed in order to optimize the advantage
of higher SNR achievable at ultra-high field strengths.
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