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Over the last decade, there has been a significant increase in the number of high-magnetic-field MRI magnets.
However, the exact effect of a high magnetic field strength (B0) on diffusion-weighted MR signals is not yet fully
understood. The goal of this study was to investigate the influence of different high magnetic field strengths
(9.4 T and 14.1 T) and diffusion times (9, 11, 13, 15, 17 and 24ms) on the diffusion-weighted signal in rat brain white
matter. At a short diffusion time (9ms), fractional anisotropy values were found to be lower at 14.1 T than at 9.4 T,
but this difference disappeared at longer diffusion times. A simple two-pool model was used to explain these
findings. The model describes the white matter as a first hindered compartment (often associated with the extra-
axonal space), characterized by a faster orthogonal diffusion and a lower fractional anisotropy, and a second
restricted compartment (often associated with the intra-axonal space), characterized by a slower orthogonal
diffusion (i.e. orthogonal to the axon direction) and a higher fractional anisotropy. Apparent T2 relaxation time
measurements of the hindered and restricted pools were performed. The shortening of the pseudo-T2 value from
the restricted compartment with B0 is likely to be more pronounced than the apparent T2 changes in the hindered
compartment. This study suggests that the observed differences in diffusion tensor imaging parameters between
the two magnetic field strengths at short diffusion time may be related to differences in the apparent T2 values
between the pools. Copyright © 2013 John Wiley & Sons, Ltd.
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INTRODUCTION

Over the last decade, the number of high-magnetic-field mag-
nets has increased as a result of technical progress. Increasing
the magnetic field (B0) leads to an almost linear increase in the
magnetization of the sample (1), which can be used to improve
the signal-to-noise ratio (SNR) and resolution and/or to shorten
the acquisition time. As such, for short-TE MR techniques, such
as phase imaging, the signal gain, together with an increased
frequency shift distribution, can be exploited to increase the
spatial resolution and to reduce the scanning time (2). Additional
effects, such as an increase in the spectral resolution, may also
be advantageous for MR techniques, such as spectroscopy
(3,4). However, when using a higher magnetic field, the apparent
transverse relaxation time T2 will also be shortened (5). There-
fore, the gain in SNR may be attenuated for techniques that
use long TEs, such as diffusion imaging, where TE is constrained
by the duration of the diffusion gradients. In addition, the
magnetic susceptibility effects are also larger at higher fields,
which make rapid imaging, a mandatory technique for in vivo
studies, more challenging. For imaging modalities, such as
diffusion imaging, the gain of ultrahigh B0 has therefore not
been demonstrated clearly.
Although diffusion tensor imaging (DTI) (6) has been used to

study a wide range of white matter pathologies (7–10), many
aspects of the origin of the diffusion-weighted signal remain
unclear (11). The main difficulty arises from the fact that the

diffusion-weighted signal, which is sensitive to the tissue’s
microstructure, originates from a complicated and heteroge-
neous environment. The multiple interactions that can occur
between water molecules and cell membranes, organelles or
macromolecules all affect the diffusion process. Therefore, it is
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reasonable to believe that, inside a single imaging voxel, multi-
ple water compartments are present which experience different
diffusion and MR properties (e.g. diffusivity, orientation, water
content and relaxation times).

Several studies have attempted to address this problem by
modeling the diffusion-weighted signal in the white matter in
different compartments (12–16) with at least two pools: one pool
in which water molecules move almost freely and experience
hindered diffusion (‘Gaussian’ diffusion), and the second pool
in which water molecules are ‘trapped’ in a closed compartment
and experience restricted diffusion (e.g. diffusion in an imperme-
able cylinder) (12–16). To be performed, these models require
datasets that are acquired with multiple b values and/or diffusion
times (tdiff). Indeed, a change in these acquisition parameters
will change the relative weight of these different compartments
in the acquired signal. For example, the diffusion time, which
corresponds to the period over which the diffusion process is
observed, defines the degree of interaction of the water
molecules with the surrounding cellular structures. An increase
in tdiff will increase the probability that molecules will meet obsta-
cles, and allows the investigation of the different compartment
sizes that make up the tissue’s microstructure.

This compartmentation of the MR signal is a well-known
problem and has already been addressed for T2 relaxation time
and magnetization transfer studies investigating myelin water
content (17,18). Similarly, it has been suggested that the differ-
ent diffusion compartments also present different apparent T2
values (19–22). DTI-derived parameters measured in the same
cellular structure and with the same acquisition parameters,
but at two different magnetic fields, may thus not be equal as
a result of noncorrelated changes in T2 as a function of B0,
between the two pools. Moreover, diffusion barriers, such as cell
membranes, generate susceptibility-induced local magnetic fields,
which are also dependent on B0. Therefore, it is difficult to fully
understand the impact of the magnetic field strength on DTI-
derived parameters. Indeed, the literature reports inconsistent
results. Recent studies (23–25) have reported a significantly higher
fractional anisotropy (FA), as well as a lower apparent diffusion
coefficient (ADC) and radial diffusivity, at 3.0 T than at 1.5 T in brain
white matter. However, Polders et al. (26) showed a tendency of
FA to decrease from 1.5 to 7 T. Finally, several studies comparing
1.5 T with 3 T (27) and 3 T with 7 T (28) did not show any differences
in FA as a function of B0.

The variability in DTI-derived parameters as a function of the
imaging parameters and MR system characteristics makes a
direct comparison between different studies difficult. Therefore,
the goal of this study was to investigate the influence of the
magnetic field strength as a function of the diffusion time on
the diffusion-weighted signal in rat brain white matter. To avoid
any bias in the results, such a comparison necessitates two MR
scanners that have the same characteristics apart from the differ-
ing magnetic field strength. As such, we designed a multi-field
experiment using two ultrahigh-magnetic-field animal systems
that had exactly the same characteristics (i.e. same gradient coils,
same consoles and same coil geometries) except for the main
magnetic fields of 9.4 T and 14.1 T.

MATERIALS AND METHODS

Experiments were performed on two different magnets
(magnetic field strengths/inner-bore diameters of 9.4 T/31 cm

and 14.1 T/26 cm, Varian/Magnex), both connected to a Direct
Drive console (Varian Medical Systems, Palo Alto, CA, USA), and
equipped with 12-cm gradient coils (400 mT/m, 120ms). Two
custom-built quadrature transmit/receive surface radiofrequency
coils were used with diameters of 20 and 21mm for 9.4 T and
14.1 T, respectively. At each magnetic field strength, exactly the
same protocol was used, following the Geneva School of
Medicine Animal Ethics Committee and the Geneva State
Veterinary Service guidelines. Rats (n=5 for each B0) lay prone,
with their heads secured via ear bars, and were continuously anes-
thetized under a flow of 1.5–2% isoflurane mixed with oxygen/air.
The body temperature was maintained at 37� 0.5 �C using a
thermo-regulated water circulation.
Fast spin-echo images were acquired for reference (field of view,

23� 23mm2; acquisition matrix, 256� 128; TE/TR=60/6000ms;
eight averages; slice thickness, 0.8mm; echo train length, 16).
First- and second-order shims were adjusted using FASTMAP (29),
resulting in water linewidths of 16–20Hz for a volume of interest of
5� 7� 7mm3 centered in the brain.
A semi-adiabatic double-spin-echo sequence, with a four-shot

echo-planar readout and application of reversed readout
gradients for Nyquist ghost suppression, was used (30) to
acquire DTI data. DTI acquisition parameters were as follows:
field of view, 23� 15mm2; matrix size, 128� 64 zero-filled to
256� 168; 10 slices of 0.8mm thickness in the axial plane; eight
averages; TE/TR = 50/2000ms. Diffusion gradients were applied
around the first 180� pulse (duration d= 4ms) and along an
icosahedral 21-direction diffusion gradient sampling scheme (31).
The acquisition time for each DTI dataset was 60min. Six
repeated DTI acquisitions were performed with diffusion times
(tdiff =Δ – d/3) of 9, 11, 13, 15, 17 and 24ms, and diffusion gradi-
ent intensities G of 31.8, 28.6, 26.3, 24.4, 22.9 and 19.2 G/cm,
respectively, resulting in a fixed b value of 1000 smm�2. Data
were analyzed using custom-written Matlab (Mathworks, Natick,
MA, USA) routines. The 3� 3 matrix [b] was calculated for each
diffusion gradient orientation, taking into account both diffusion
and imaging gradients (32). Diffusion MRI data were fitted to a
tensor model using a linear least-squares fit to the equation ln
([Si]/S0) =�[bi][D] on a pixel-by-pixel basis. Following diagonali-
zation of the full diffusion tensor, eigenvalues were derived
and diffusivity values, ADC (mean of the eigenvalues: D//, largest
eigenvalue; D⊥, mean of the smallest and median eigenvalues)
and fractional anisotropy (FA) were computed.
Regions of interest (ROIs) were drawn on the direction-

encoded color maps in the corpus callosum for 10 consecutive
slices of the rat brain, and averaged over two slices to yield five
different measurement locations (Fig. 1).
T2 measurements in the corpus callosum were performed on

four rats for each B0. A stimulated echo multi-slice sequence
(33) with conventional gradient-echo readout was used. A field
of view of 20� 10mm2 on a single 1-mm-thick sagittal slice
centered on the rat brain with a matrix size of 96� 64 zero-filled
to 128� 128 was acquired at five different TEs (18, 23, 28, 38,
48ms at both 9.4 and 14.1 T) and TR=3 s. For each TE, the acquisi-
tion time was 13min.
By applying diffusion gradients perpendicular to the fiber

direction and with a long diffusion time, the hindered
diffusion-weighted signal should be attenuated significantly,
leading to a diffusion-weighted signal mainly coming from the
restricted compartment. As such, a second T2 measurement
was performed with the application of diffusion gradients per-
pendicular to the corpus callosum fibers (rostro-caudal direction)
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with a diffusion time tdiff of 150ms (b=4013 smm–2;G=28.4G/cm;
d= 2ms; mixing time, 136.4, 131.4, 126.4, 116.4, 106.4ms;
number of averages, 18, 20, 22, 30, 36; leading to acquisition
times of 58, 64, 71, 96 and 116min for the five TEs, respectively).
Data analysis was again performed using routines written in-
house in MATLAB. The corpus callosum was manually
delineated and the collected data were fitted with a modified
Levenberg–Marquardt algorithm to derive T2.
All image SNRs were calculated from the ratio of ‹Stissue›, the

mean signal intensity in a region of the brain (i.e. cortex and/or
corpus callosum) obtained from the reference image (b0 image),
relative to SDnoise, the standard deviation of a large ROI
positioned in the background noise that was visually devoid of
artifacts. The collected data at different diffusion times or differ-
ent image planes for a given B0 were submitted to a Friedman

nonparametric test (two-way analysis of variance with a multiple
comparison of cell medians after a Bonferroni adjustment to
compensate for multiple comparisons), and differences between
data acquired at 9.4 and 14.1 T were assessed by a Mann–Whitney
nonparametric test.

RESULTS

Overall, the SNR in the superior part of the cortex was equal for the
9.4 T (SNR=59� 12) and 14.1 T (SNR=57� 16) magnets (Fig. 1).

Regional differences

In the corpus callosum, several regional differences were
observed at both B0 (Fig. 2). Mainly, the part that corresponds to

Figure 1. Left: positions of the five axial averaged diffusion tensor imaging (DTI) planes (1–5) overlaid on a T2-weighted sagittal image. Right: typical
direction-encoded color maps of a rat brain at 9.4 T (top) and 14.1 T (bottom) with tdiff = 24ms. The signal-to-noise ratios (SNRs) calculated on anatomic
images (b=0) were 59� 12 and 57� 16 for 9.4 T and 14.1 T, respectively.

Figure 2. Plots of the mean diffusion tensor imaging (DTI)-derived parameters [apparent diffusion coefficient (ADC), axial diffusivity (D//), radial diffu-
sivity (D⊥) and fractional anisotropy (FA) values � standard error of the mean (SEM)] measured in the corpus callosum as a function of the image plane
at 9.4 and 14.1 T for the two extreme diffusion times (tdiff = 9ms and tdiff = 24ms) used in the study. (*p< 0.05, Friedman test for a given B0, indices
correspond to the compared image planes, i.e. results of a multiple comparison of median cells, e.g. *1,4,5, means that the current image plane is sig-
nificantly different from image planes 1, 4 and 5; $p< 0.05, Mann–Whitney test, 9.4 T versus 14.1 T.) An obvious regional difference in DTI-derived pa-
rameters was observed independent of the diffusion time and B0.

B0 AND TDIFF DEPENDENCE OF THE DIFFUSION-WEIGHTED SIGNAL
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image plane 2 in Fig. 1 exhibited significantly higher D⊥ and lower
D// values, which resulted in a lower FA than in image planes 1, 4
and/or 5, which corresponded to the splenium, the frontal part of
the corpus callosum and the genu, respectively. This pattern of
DTI-derived parameters along the corpus callosum was roughly
the same for all measured tdiff as well as both B0 (Fig. 2).

Diffusion time effect at 9.4 T

At 9.4 T, there was no significant difference in FA values as a
function of the diffusion time (Fig. 3). Several differences were
observed in the diffusivity values between tdiff = 9ms and longer
diffusion times (see Fig. 3 for details).

Diffusion time effect at 14.1 T

At 14.1 T, FA values were found to be significantly lower for
tdiff = 9ms than for tdiff = 11–24ms, independently of the image
plane. FA was also found to be significantly lower at tdiff = 11ms,
although only at image planes 2 and 3 (Fig. 3). SmallerD⊥ at long tdiff
was responsible for higher FA.

9.4 T versus 14.1 T

At 14.1 T, FA was lower at shorter tdiff and increased with tdiff
before a plateau was reached (Fig. 3), whereas FA values were
constant at 9.4 T. At 14.1 T, the diffusion time at which FA
reached a plateau was also dependent on the axonal structure:
it was longer in regions with the lowest FA, which corresponded
to the body of the corpus callosum (image plane 3 in Fig. 3).

When comparing the results at 9.4 and 14.1 T, FA values were
only significantly lower at 14.1 T relative to 9.4 T at the shortest
tdiff (9ms). At longer tdiff (≥11 ms), FA values were not found to
be significantly different between 9.4 and 14.1 T. This low FA at
14.1 T for tdiff = 9ms was predominantly caused by a larger D⊥.

T2 measurements

For the T2 measurements, the global apparent T2 values,
obtained without the application of diffusion gradients, were
27.6� 1.1ms at 9.4 T (T29.4 T) and 21.8� 0.2ms at 14.1 T
(T214.1 T). With the diffusion gradients applied perpendicular to
the main direction of the corpus callosum fibers, the apparent
diffusion-weighted T2 values in the corpus callosum (Fig. 4) were
26.0� 1.2ms at 9.4 T (T2DW9.4 T) and 17.6� 1.9ms at 14.1 T
(T2DW14.1 T). For both B0, global apparent T2 in the corpus
callosum (Fig. 4) was significantly longer than the apparent
diffusion-weighted T2 (p< 0.05).

DISCUSSION

Even though an increase in SNR is expected at higher B0, the SNR in
this study was not significantly different between 9.4 and 14.1 T.
A short-TE spectroscopic SNR comparison has already been
performed between our scanners, using as similar experimental
set-ups as possible (4,34), and only a small increase (10–20%) has
been observed at 14 T [for tentative reasons, see ref. (4)]. At longer
TEs, this SNR increase is offset by the T2 decrease at 14.1 T: 21.8ms
compared with 27.6ms at 9.4 T. At TE= 50ms, this leads to a reduc-
tion in the relative signal intensity of 38%. At lower magnetic field

Figure 3. Plots of the mean diffusion tensor imaging (DTI)-derived parameters [apparent diffusion coefficient (ADC), axial diffusivity (D//), radial
diffusivity (D⊥) and fractional anisotropy (FA) values � standard error of the mean (SEM)] as a function of tdiff at 9.4 T (black) and 14.1 T (gray) for
two different image planes of the rat brain corpus callosum, image plane 3 (left) and image plane 5 (right), which present different cellular structures.
[*p< 0.05, Friedman test for a given B0 (9.4 T, black symbol; 14.1 T, gray symbol), indices correspond to the compared diffusion times, i.e. results of a
multiple comparison of median cells, e.g. *9, 11, means that the value for the current diffusion time is significantly different from the values obtained
with tdiff = 9ms and 11ms].
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strengths, Qin et al. (25) reported a gain in SNR from 1.5 to 3.0 T,
even at long TE (i.e. 160ms). Nevertheless, a direct comparison is
difficult as, from 1.5 to 3.0 T, SNR shows an approximately linear
increase with B0 (35), whereas, with a TE of 160ms, the reduction
in the relative signal caused by the T2 decrease is only 30%.
The direction-encoded color maps obtained were of high

quality, with high SNR for both magnetic field strengths, leading
to an accurate quantification of DTI-derived parameters (36).
The FA changes reported along the different slices demon-

strated the well-known nonuniform axonal structure along the
corpus callosum, as the axonal diameter changes throughout
the corpus callosum in the antero-posterior direction, with a
larger diameter in the central body, which contains motor axons,
than in the splenium and genu (37). The increase in FA in regions
with smaller axonal diameter is a result of two phenomena: D⊥

decreases and D// increases (Fig. 2). In these regions, a decrease
in D⊥ is expected because of the greater restriction of the
mobility of molecules perpendicular to the mean direction. The
D// increase is more difficult to explain. It has been proposed that
a small mean axonal diameter leads to a high axonal density,
which increases D// because of fewer diffusion disturbances
along the fibers (37). This result shows the potential of probing
microstructure by DTI-derived parameters. Independent of the
imaging parameters (tdiff and/or B0), the same pattern was
observed along the rat corpus callosum.
In summary, two main differences were found between 9.4

and 14.1 T. First, at 9.4 T, FA values remained constant over the
diffusion time, whereas, at 14.1 T, FA values increased with diffu-
sion time before reaching a plateau. Second, the FA values at
short tdiff (9ms) were significantly lower at 14.1 than at 9.4 T. At
longer tdiff, this difference in FA values disappeared. However,
the significance of these results may be limited by the small
range of diffusion times assessed and may require more precise
measurements, for instance by using oscillating diffusion gradi-
ents that would allow a lower tdiff (38). A longer tdiff would also
provide important information and could be achieved using a
stimulated echo pulse sequence.

The changes in the DTI-derived parameters as a function of B0
reported in this study are in agreement with the recent results
published by Polders et al. (26), who compared 1.5 and 7 T.
Nevertheless, several studies performed at lower field strength
(1.5 T versus 3 T) have shown contradictory results, with an FA
increase with B0 (23–25). Moreover, several studies have not
reported any difference in FA values between 1.5 and 3T (27) or
between 3 and 7 T (28). However, all of these studies, including
the current work, tend to agree on a compartmentation of the
signal weighted by different apparent T2 relaxation times (‘slow’
and ‘fast’). Thus, it is reasonable to assume that the contribution
of each pool to the MR signal changes as a function of TE and B0.

A simple two-pool model was used to illustrate our findings,
which describes the white matter in a first hindered compart-
ment (often associated with the extra-axonal space), character-
ized by a faster orthogonal diffusion and a lower FA, and a
second restricted compartment (often associated with the
intra-axonal space), characterized by a slower orthogonal diffu-
sion (i.e. orthogonal to the axon direction) and a higher FA
(13). A third pool, corresponding to water trapped in the myelin
sheath, should also be considered, but it is assumed that the T2
value of the myelin compartment is so small that its contribution
is negligible in the range of TE values used in this study (39). The
relative signal intensity of these two pools mostly depends on
the diffusion acquisition parameters used. At very short diffusion
time, water molecules do not have time to interact with the
surrounding environment (e.g. membranes, organelles, etc.),
and so both pools experience hindered diffusion and cannot
be distinguished from one another. However, when increasing
tdiff, the mean displacement of water molecules also increases,
making the diffusion-weighted signal more sensitive to restric-
tions of molecular motion. Therefore, depending on the tdiff
used, the compartment weighting of the diffusion signal can
vary from a single hindered component to a mixture of hindered
and restricted. As seen in the FA value (Fig. 3), the relative
contribution of each compartment stabilizes once the mean
water molecule displacement reaches the largest microcellular

Figure 4. Inset: region of interest (ROI) of the corpus callosum (All CC) overlaid on a sagittal T2-weighted image acquired with the stems sequence
(TE/TM/TR = 18/11/3000ms, b = 0) used for the T2 measurements with and without diffusion weighting (DW). Scatter plots of the normalized signal
intensities measured with (black crosses) and without (gray crosses) diffusion gradient for a typical rat at 9.4 T (left) and 14.1 T (right), as well as plots
of exp(�TE/T2) for each mean T2 value over the four rats derived from the fit with (black line) and without (gray line) the diffusion gradient at 9.4 T
(left) and at 14.1 T (right).
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structure scale. In addition to acquisition parameters, the
diffusion-weighted signal may also be affected by different relax-
ation times between the two water pools, as well as by water
exchange between the pools. However, the latter process can
be assumed to be negligible at diffusion times around 9ms
according to the timescale of water exchange (40).

Differences between 9.4 and 14.1 T reported in this study
originate from B0-dependent parameters: system architecture
differences, global SNR and/or relaxation times (longitudinal T1
and transverse T2). System differences (i.e. coil performances)
influenced mostly the image quality (i.e. the global SNR), and
SNR was similar at both B0 values. With TE/TR = 50/2000ms, the
differences in relative signal between 9.4 and 14.1 T caused by
relaxation time differences were 8% and 60% for T1 (5,30) and
T2, respectively. Moreover, a T2 effect on DTI-derived parameters
has already been mentioned in several studies (23–25).

To assess this potential T2 effect, T2 measurements were
performed with and without the application of diffusion gradients:
without the diffusion gradient, about 70–80% of the signal was
assumed to arise from the hindered pool and it decayed with a
global apparent T2, whereas, with diffusion gradients applied per-
pendicular to the fiber direction of the corpus callosum, the signal
was presumed to be predominantly restricted, leading to a
pseudo-T2 estimate of the restricted pool. We found a significantly
lower T2 for the restricted compartment relative to the global T2 at
both B0 values. More interestingly, at TE= 50ms, the decreases in
exp(�TE/T2) between the two pools were 11% and 41% at 9.4 T
and 14.1 T, respectively (Fig. 4). This suggests that the signal contri-
bution of the restricted compartment is smaller at 14.1 T at the TE
used in this study, and may explain the lower FA reported at short
diffusion times. Furthermore, although, at low B0, TE is usually
shorter than the T2 of the slow pool, at ultrahigh magnetic field,
the TE used is, most of the time, longer (e.g. about twice in the
current study) than the T2 of both pools. As such, the signal
weighting effects are increased at high B0, which may explain the
contradictory results reported at lower magnetic fields (23–25).

This result is supported by the Bloembergen–Purcell–Pound
relaxation theory, in which the transverse spin–spin relaxation
T2 is a well-known tissue-specific time constant that character-
izes the loss of coherent transverse magnetization over time,
and is lower in a more solid environment. One can imagine that,
in a more confined (restricted) environment with numerous
interactions, energy exchange would be larger and the environ-
ment would thus be characterized by a shorter T2 value (when

compared with hindered), which is in good agreement with
the results of the current study. Indeed, in a study on frog sciatic
nerves, Peled et al. (41) suggested that spins that are
extracellular and unbounded have a longer T2 than those located
in intracellular compartments.
The differences in the FA values as a function of tdiff between

the two B0 values can also be explained by this difference in T2:
as the amount of species with short T2 is lower at 14.1 T, the
predominance of the restricted compartment is reached at
longer tdiff, whereas, at 9.4 T, even at tdiff = 9ms, the diffusion-
weighted signal arises predominantly from the restricted
compartment (Fig. 5). In addition, in regions with higher axonal
diameter (image planes 2 and 3), this characteristic diffusion
time tends to be even longer, most probably as a result of the
different cellular structures present.
At such high magnetic field strength, it is important to note that

the shorter diffusion-weighted T2 relaxation time constant may be
driven by diffusion through susceptibility-induced local magnetic
field gradients (1). This being the case, the differences in DTI-
derived parameters found at 14.1 T could be related to a relative
loss of signal from spins close to susceptibility barriers, which also
serve as diffusion barriers, at the relatively long TEs used for this
study. Thus, signal from the spins whose displacements are mostly
hindered by barriers may be less ‘visible’ at higher field strength.
Even though this compartmentation of the diffusion-weighted
signal has been shown recently in several publications [ref. (11)
and references cited therein], the exact nature of the compart-
ments will require further experiments to be fully understood.
In conclusion, this study reports differences in the DTI-derived

parameters as a function of the diffusion time, as well as of the
magnetic field strength. Although the changes as a function of
the diffusion time have already been reported (15,20,38,42),
and can be explained by the diffusion theory (i.e. for each diffu-
sion time, different structural scales are probed), the changes
with B0 remain more difficult to explain. Even so, our results
provide evidence for an MR signal compartmentation, corrobo-
rating with recent developments in diffusion theory, such as
the composite hindered and restricted model of diffusion
(CHARMED) (13). This study suggests that the observed differ-
ences in DTI-derived parameters between the two B0 values
may be related to differences in apparent T2 over the pools.
Nevertheless, there is no evidence to distinguish a spatial
compartment (e.g. intra- or extra-cellular) from a water buffer
around the susceptibility barriers. Further investigation will be
necessary to solve this problem, for example multi-component
T2 measurements combined with more advanced diffusion
modeling and reconstruction [ref. (11) and references cited
therein]. We conclude that it is likely that a field-dependent
differential reduction in T2 relaxation times could result in field-
dependent differences in DTI-derived parameters.
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Figure 5. Schematic representation of the estimate of the fraction of
the diffusion-weighted (DW) signal (fr) as a function of the diffusion time
(tdiff) at 9.4 T (black lines) and 14.1 T (gray lines). At short tdiff, the
diffusion-weighted signal arises predominantly from the hindered
compartment; at long tdiff, the predominant contribution to the diffusion-
weighted signal arises from the restricted compartment.
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