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Quantitative assessment of themyelinwater content in the brain can substantially improve our understanding of
whitematter diseases suchasmultiple sclerosis. In this study, in vivomyelinwater contentwas estimatedusing T2*

relaxation with multi-slice acquisitions in magnetic resonance imaging (MRI). The main advantages of using T2
*

relaxation are (1) a low specific absorption rate (SAR), which is especially beneficial for imaging at high field
strengths, (2) a shortfirst-echo time (∼2 ms) and short echo spacing (∼1 ms),which allows for the acquisition of
multiple sampling points during the fast decay of the myelin water signal, and (3) fast multi-slice acquisitions.
High-resolution andmulti-slice myelinwater fraction (MWF)maps were obtained in a clinically acceptable scan
timeat3 T. Five healthy adultswere scannedwith amulti-gradient-echo sequence to acquire T2* signal decaydata.
Imageswith a dimension of 256×256 at eight slice locationswere acquired in8.5 minwith a signal-to-noise ratio
(SNR) of 94.8 in thefirst-echo images. The SNRwas further increased byusing an anisotropic diffusionfilter. Local
field gradients (LFG)were estimated from the acquiredmulti-slice data, and the LFG-induced signal decayswere
corrected with a first-order approximation of LFG using the sinc function. The corrected T2* signal decays were
analyzed with a three-pool model to quantify MWF. Our results demonstrate the feasibility of in vivomulti-slice
mapping of MWF using multi-compartmental analysis of the T2* signal decay.
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Introduction

In recent years, quantitative assessment of myelin in white matter
(WM) has become a useful tool for investigations of myelin-related
diseases such as multiple sclerosis (Laule et al., 2004; Bammer et al.,
2000). One approach commonly used to quantify myelin is based on
analyses of T2 relaxation times. It has been reported that the T2 spectrum
of healthy brain tissue and severalmyelinated tissue samples consists of
three components (MacKay et al., 1994; Whittall et al., 1997; Does and
Gore, 2002; Wachowicz and Snyder, 2002; Lancaster et al., 2003;
Andrews et al., 2005; Valentine et al., 2007). Because the water trapped
in the myelin sheath has the shortest T2 relaxation time among those
three components, the myelin water fraction (MWF), defined as the
ratio of the signal intensity of the shortest T2 component to the total, can
represent the myelin content in WM. A strong correlation between
MWF and the myelin content has been validated by histopathology
studies (Webb et al., 2003; Moore et al., 2000; Laule et al., 2006).

MWF is commonly calculated by fitting the T2 decay signal from
multi-echo acquisition data. A regularized non-negative least-squares
(NNLS) algorithm (Whittall and MacKay, 1989; Whittall et al., 1997;
MacKay et al., 1994; Laule et al., 2004; Does andGore, 2002;Wachowicz
and Snyder, 2002; Valentine et al., 2007; Moore et al., 2000; Laule et al.,
2006; Oh et al., 2006) and a three-pool model (Lancaster et al., 2003;
Andrews et al., 2005) havebeenused formulti-exponentialfitting of the
multi-echo data. The regularized NNLS algorithm does not require any
prior knowledgeof the T2 spectrumexcept for a smoothing constraint. In
contrast, the three-poolmodelfits themeasured T2 decay signals ofWM
with three exponential terms. Andrews et al. (2005) showed the
advantage of using the three-pool model in terms of the capability to
separate T2 peaks.

The T2* signal decay, instead of the T2 signal decay, can also be used
to estimate MWF inWM (Du et al., 2007). T2* is related to T2 by 1/T2*=
1/T2+1/T2′, where 1/T2′ is determined by mesoscopic field inhomo-
geneities (Yablonskiy, 1998; Fernandez-Seara andWehrli, 2000), thus
T2* represents a shortened version of T2. Therefore, to calculate MWF
based on the T2* signal decay, similar methods to those used to estimate
MWF from the T2 signal decay can be used. There are several advantages
to using T2* signal decay data acquired using a multi-gradient-echo
sequence rather than T2 signal decay acquired using a multi-spin-echo
sequence. Tomeasure T2* signal decay, a very short first-echo time (TE1)
(e.g., TE1=2 ms), a short echo spacing (ES) (e.g., ES=1 ms), and an
increased number of temporal samples at early echoes, where most of
the myelin water signal is contained, can be used. Furthermore, a very
low specific absorption rate (SAR), which is especially beneficial for
imaging at a field strength of 3 T or higher, can be achieved with multi-
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gradient-echoacquisition. In addition, volume coveragewithmulti-slice
2D acquisition is technically practical because of the use of slice-
selective radiofrequency (RF) excitation.

The technique of MWF mapping using T2* decay measurements
was validated with fixed brains in a preliminary study (Du et al.,
2007), but the feasibility of applying this technique in vivo remains to
be demonstrated. Various challenges to applying this technique to in
vivo brains exist. First, the motion of the brain, including the bulk
patient motion and the regional brain motion introduced by the
pulsation of nearby arteries, elevates the level of noise in T2* signal
decay. Second, multi-gradient-echo acquisition is sensitive to B0 field
fluctuation caused by respiration (van Gelderen et al., 2007; Raj et al.,
2000). Third, the low-frequency signal fluctuation observed in the
brain (Lowe et al., 1998) can also contribute to non-white noise in T2*

signal decay. Furthermore, the local field gradient along the slice
direction introduces a component of non-exponential signal decay in
regions with moderate or severe field inhomogeneity (Fernandez-
Seara and Wehrli, 2000). Considering that the multi-exponential
fitting is sensitive to noise in the signal decay, additional brain
motion, physiological fluctuations, and non-exponential signal decay
are substantial challenges to robust quantification of MWF in brains
in vivo.

The purpose of this studywas to investigate the feasibility of applying
the multi-gradient-echo acquisition technique to quantify the MWF of
the brains of healthy subjects. The MWF was calculated using multi-
compartment analysiswith the three-poolmodel ofWM(Lancaster et al.,
2003; Andrews et al., 2005). Moderate B0-inhomogeneity effects were
estimated from the acquired multi-slice data and compensated for by
data processing. Multi-slice MWF maps were obtained in a clinically
acceptable imaging time.
Materials and methods

Data acquisition

Five healthymale subjects ranging in age from30 to 47 yearswere
scanned using an 8-channel phased-array head coil with a 2D multi-
gradient-echo pulse sequence on a 3 TMRI scanner (General Electric,
Waukesha, WI, USA). This pulse sequence uses a train of readout
gradients with alternating polarity immediately after phase-encod-
ing, similar to the pulse sequence used in echo-planar spectroscopic
imaging (Posse et al., 1997). The echoes were acquired on both the
flat-top and the ramps of the readout gradient to further shorten the
TE1 and ES. Gradient spoilers were applied to all three axes at the end
of the readout train to destroy any residual transverse components of
magnetization. High-order shim was performed to minimize field
inhomogeneity. The following settings were used: dimensions of the
imagematrix=256×256, TR=2 s, field of view (FOV)=24 cm, slice
thickness=4 mm, TE1=2.1 ms, and ES=1.1 ms. The total number
of echoes was 64. Eight axial slices were acquired in a region slightly
above the Circle of Willis. In one subject, sagittal slices were acquired
for better depiction of MWF in the cross-section of the corpus
callosum. The pulse sequence described above would allow the
acquisition of 24 slices acquisition at a TR of 2 s if gradient heating
were not a limiting factor. The acquired k-space data of each slice
were reconstructed into the (x, y, t) domains on an off-line computer
using reconstruction software developed in our lab using MATLAB
(MathWorks, Natick, MA, USA). Composite images were obtained
using the root-sum-square value of the images acquired with each
element of the phased-array coil. The SNR in the composite was
evaluated bymeasuring themean and standard deviation in a region-
of-interest (ROI) with 663 pixels in air and the mean signal in WM
(Gilbert, 2007). The study was approved by the Institutional Review
Board of the University of Colorado Denver, and written informed
consent was obtained from all five subjects.
Data analysis

Correction of field inhomogeneity
The presence of local field gradients (LFGs) induces additional non-

exponential signal decay in themulti-gradient echo data in regionswith
field inhomogeneity. This additional signal decay can be modeled as a
sinc function with a first-order approximation of the LFG (Yablonskiy,
1998):

S tð Þ = S0 tð Þ⋅ sin c γGZ
ΔZ
2

t
� �

ð1Þ

where S(t) is the measurement, S0(t) is the decay signal without LFG,
γ is the gyromagnetic ratio, and ΔZ is the slice thickness. GZ, the LFG
along the slice direction, was estimated at each voxel. The effect of GZ

on the T2* signal decay was corrected using Eq. (1) prior to multi-
exponential T2* analysis with a three-pool model. GZ was estimated
using the complex signals acquired with one element of the phased-
array coil at two echoes along the echo train at two adjacent slices as
follows:

Gz r; zð Þ = arg S r; z; TE1ð ÞS* r; z; TE2ð ÞS* r; z + δz; TE1ð ÞS r; z + δz; TE2ð Þ½ � = γδzΔTEð Þ;
ð2Þ

where r is the in-plane coordinate of a voxel, z is the location of the
slice, δz is the distance between two slices, ΔTE is the difference of the
echo times, the symbol arg denotes an operation of taking the angle
(in rad) of a complex value. A small ΔTE of 2.2 ms was used in our
calculations to prevent a phase wrapping.

Anisotropic diffusion filtering
To further improve the SNR for robust fitting, an anisotropic

diffusion filter (ADF) was applied to images at each time point of the
signal decay. This approachwas used by Jones et al. (2003) to improve
SNR and the robustness of MWF quantification. Another non-linear
filter, a median filter, was used by Oh et al. (2006) for the same
purpose. We chose to use ADF rather than the median filter because
ADF better preserves the details of brain structures. Input parameters
for ADF, κ=3σ (κ is the control parameter which determines the
strength of diffusion filtering and σ is the noise standard deviation of
the image acquired at TE1 (Gerig et al., 1992). The same κwas used for
images at other TEs), and five iterations were used as suggested by
Jones et al. (2003).

The three-pool model
The corrected T2* decay curves for each pixel were fitted with three

exponential signals (three-pool model) using a Quasi-Newton
algorithm for multi-variable optimization in MATLAB. The following
equation represents the three-pool model:

S tð Þ = Amye
−t =T�

2;my + Amae
−t =T�

2;ma + Amxe
−t =T�

2;mx + Abl; ð3Þ

where my, ma, and mx represent water pools within the myelin
sheaths, within the myelinated axons, and all others, respectively
(Lancaster et al., 2003). A and T2* are the amplitude and T2* relaxation
time for each water pool, respectively. Abl represents any residual
baseline signal. The Quasi-Newton algorithm estimates the above
parameters by fitting Eq. (3) to the measurements in the sense of
minimum least-squares error. After fitting the measured decay
signals, MWF is estimated as:

MWF = Amy = Amy + Ama + Amx

� �
: ð4Þ

Average MWF values for several WM regions were evaluated. All
ROIs were drawn by hand and the numbers of pixels in each ROI were
140±38 for genu, 217±116 for splenium, 143±63 for frontal WM
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(left), 154±59 for frontal WM (right), 98±21 for posterior WM
(left), and 130±38 for posterior WM (right).
Results

Eight slices with an echo train length of 64 echoes were acquired in
8.5 min. The images acquired at the first time point, TE1 (2.1 ms), show
details of the brain anatomy, as shown in Fig. 1. For the left splenium of
the corpus callosum (in the fourth slice in Fig. 1), SNR=100 at the first-
echo image (the number of pixels in this ROI was 90). The average SNR
including other WM and slices for this subject was 97.5±5.36. Similar
SNRs were obtained from other subjects. Overall, the mean SNR inWM
across subjects was 94.8±5.82.

Fig. 2 shows the estimated local field gradient (GZ) maps in these
eight slice locations. The absolute values of GZ are displayed, because
sinc is an even function. The measurements of signal decay were
corrected using Eq. (1) and then fitted with the three-pool model to
quantify MWF. A high GZ was, however, observed at the two inferior
slices located above the orbitofrontal region and at the lateral temporal
regions. The signals in these regions were almost completely absent
30 msafter excitation, a rate of decaymuch faster than that predicted by
T2* decay of brain tissue. Our study shows that the sinc correction of LFG
does not work well in these regions of severe field inhomogeneity
because of the fast signal decay and the likely presence of high-order
signal decay. To further reduce any degradation due to LFG, only thefirst
44 echoes were used in the final fitting process in this study.

Fig. 3 shows the MWFmaps obtained without (a) and with (b) LFG
correction for the fourth slice, at the same location as the GZmap shown
in Fig. 2, with arrows indicating high GZ regions. ADF was applied in (a)
and (b) of Fig. 3. The GZ in the frontal regionwas too high to be properly
corrected and the MWF values for this region are not displayed (set to
zeros) in the correctedMWFmap (b). In the left region, abnormally high
values (∼0.25) were obtained (a), due to the additional signal loss
introduced by GZ. These high MWF values were reduced to a more
reasonable range (∼0.10) in the LFG-corrected MWF map (b). We also
observed that the MWF values in some of the GM regions were falsely
elevated due to the presence ofGZ as indicated in the uncorrectedmaps.
They were also reduced in the LFG-corrected map, resulting in better
delineation between WM and GM in the MWF map. The MWF map
Fig. 1. Images acquired at the first echo, TE1 (2.1 ms), at eight slice
obtained from corrected measurements but without ADF is shown in
(c).

Fig. 4 shows the MWF maps at eight slice locations. The frontal
regions indicated by arrows in the two inferior slices were severely
affected by the strong GZ so that the correction did not work well, thus
the MWF values were set to zeros in these regions. On average, these
maps showed MWF of about 10% in WM and high values of 13% in the
corpus callosum. TheseMWFmaps also showed good contrast such that
WM had a substantial amount of myelin (MWF ∼0.10) while GM had
negligible amount (MWF∼0.03), which is consistentwith other studies
(Whittall et al., 1997; MacKay et al., 2006). A very high MWF (∼0.22)
was observed in the middle regions of the second inferior slice
(indicated by an ellipse) in regions without the presence of significant
GZ. These areasmatch a sub-cortical structure called the globus pallidus,
a region known to have a high iron deposition in adults. Increased iron
deposition in this regionmaybe responsible for shortening the apparent
T2* decay and result in falsely elevated MWF values.

The mean MWF and standard deviation (STD) were measured in
several WM regions from five subjects. The mean (STD) MWF was
0.127 (0.021) at the genu of the corpus callosum, 0.134 (0.009) at the
splenium of the corpus callosum, 0.091 (0.012) at the frontal WM
(left), 0.093 (0.017) at the frontal WM (right), 0.082 (0.008) at the
posterior WM (left), and 0.084 (0.010) at the posterior WM (right).
Overall, the average MWF of WM was 0.102 (0.023).

RepresentativeMWFmaps from the other four subjects are shown in
Fig. 5. The top row of images depicts the anatomical images acquired at
TE ∼15 ms, and the bottom row of images are the corresponding MWF
maps.

Discussion

The results of this study demonstrate the feasibility of performing in
vivo multi-slice mapping to estimate MWF by applying multi-
compartment analysis to T2* decay. In vivo MWF maps with a sub-
millimeter in-plane resolution were successfully obtained. Eight slices
were obtained in a clinically acceptable scan time of 8.5 min.

The difficulty in applying T2* decay analysis to in vivo data arises from
a reduced SNR, susceptibility-induced gradients, bulk motion, and
cardiac/respiratorymotion, amongother factors. TheSNRplays a critical
role in the estimation of MWF because the underlying exponential
locations. SNR in WM was measured to be 97.5±5.36 at TE1.



Fig. 2. Local field gradient (GZ) maps at the eight slice locations depicted in Fig. 1. The absolute values (|GZ|) are displayed because the sinc is an even function. The arrows in the
fourth slice indicate regions with relatively high GZ, whose effect on MWF quantification is shown in Fig. 4.
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fitting is an ill-posed inverse problem. Inotherwords, small variations in
themeasurementsmay result in substantial differences in the estimated
values. Therefore, any effects that may reduce SNR, such as bulkmotion
and cardiac/respiratory motion, can degrade the final MWF estimation.
Weobserved that the temporal SNR(whichwasestimatedas the ratio of
the signal intensity at TE0 to the standard deviation of the fitting
residuals (Laule et al., 2008)) of the in vivo T2* decay signals was
substantially lower than that of the in vitro signals in our preliminary
studies (Hwang and Du, 2009a). In a WM region, the fitting error of the
multi-compartment analysis in the in vivo dataset was 3.0 times higher
than that in the in vitro dataset, suggesting that physiological noise was
the dominant source of noise in the in vivo datasets. We demonstrated,
however, that an adequate SNR for myelin mapping was achieved in a
single acquisitionwith the use of an 8-channel phased-array RF coil. The
mean SNR inWM across all subjects was 94.8±5.82. Although this SNR
seems lower than that suggested by Jones et al. (2003), wewould like to
point out that the temporal interval between the acquisitions of the two
imageswas1.1 ms in ourdata and10 ms in Jones' data. The substantially
Fig. 3. Effects of GZ on the quantification of MWF (fourth slice location in Fig. 1). The MWFma
The arrows indicate regions where high GZ led to falsely elevatedMWF values (∼0.25) in (a);
correction also led to the better delineation between WM and GM in the MWF map. The M
reduced temporal interval is expected to greatly improve the accuracyof
multi-exponential fitting.

SNR was further improved in our study by applying ADF to images
at each echo for more robust fitting. The temporal SNR was increased
by a factor of 2–2.5 after filtering.

LFG along the slice direction introduces non-exponential signal
modulation and leads to increased error in the multi-exponential
analysis of the T2* signal decay. The comparison between theMWFmaps
estimated from the uncorrected and corrected measurements suggests
that the signal loss due to LFG results in overestimation of MWF values
and reduces contrast between WM and GM in the MWF maps.
Correction with the sinc approximation can reduce error in MWF
mapping effectively.

Corrections using the sinc approximation failed in regions with
high GZ (N4.5 mG/cm). In these regions, the fitting errors were larger
than twice those obtained in other regions with low GZ. Therefore, the
MWF values for these regions were not displayed (set to zeros) in the
final MWF maps. In regions with high GZ, the signals ended (became
p obtained from uncorrectedmeasurements (a), and from corrected measurements (b).
these highMWF values were reduced tomore reasonable values (∼0.10) in (b). The LFG
WF map obtained from corrected measurements but without ADF is shown in (c).



Fig. 4.MWFmaps at the eight slice locations shown in Fig. 1. On average, these maps showed about 10%MWF inWM and 13%MWF in the corpus callosum. The frontal regions in the
two inferior slices were severely affected by GZ and the correction did not work well in these regions (indicated by arrows). The globus pallidus (indicated by an ellipse) had very
high MWF values (∼0.22). This region is known to have a high iron deposition which shortens the apparent T2* decay.
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subsumed by noise) before 50 ms. In regions with low GZ, the signals
remained detectable over the noise level, but inclusion of these echoes
over 50 ms degraded the overall quality of MWF maps. Therefore, we
used only the first 44 echoes (∼50 ms) in the fitting process for all
datasets in our study.

Someerroneously highMWFvalueswere observed in several regions
such as the veins and globus pallidus. These abnormal MWF values are
attributable to T2* shortening due to the increase of deoxyhemoglobin in
venous blood (Haacke et al., 2004), and the increased concentration of
Fig. 5. MWF maps obtained from the remaining four subjects. The top row of images show
corresponding MWF maps.
non-hemo iron in certain brain regions (Xu et al., 2008). In this study,we
did not attempt to exclude voxels with abnormally high MWF values. A
susceptibility-weighted imaging technique can be used to identify the
venous vasculature and exclude these voxels of the veins from theMWF
maps (Haacke et al., 2004, Haacke et al., 2007).

Three-pool model was used in the analysis of T2* decay signals for
the calculation of MWF in this study. The use of the three-pool model
has been reported for the analysis of T2 relaxation in other literatures,
as described in the Introduction. Its potential for application to T2*
the anatomical images acquired at TE ∼15 ms, and the bottom row of images are the
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decay signals is promising, as our results have demonstrated. The
MWF values reported in Results are comparable to values reported
previously for these regions (Laule et al., 2004; Oh et al., 2006; Jones
et al., 2004). However, further investigations are needed before our
proposed technique can be acknowledged as a robust clinical tool. For
example, it has been reported that there is a frequency (and phase)
shift between brain tissue and interstitial/cerebrospinal fluid (ISF/
CSF) (He and Yablonskiy, 2007; He et al., 2008; Bender and Klose,
2009), and an additional intravascular component from the venous
blood (He and Yablonskiy, 2007; He et al., 2008). It is not clear yet
whether or not the frequency shift and the intravascular component
may have significant effects on the quantification of MWF, since their
volume fractions are relatively small (less than 1% of the intravascular
component and 5% of ISF/CSF in WM) and they have not been
analyzed together with the myelin water component in previous
studies. Nevertheless, their effects need to be further investigated for
the accurate MWF quantification.

Another issue regarding the current setup of the three-pool model is
its application to pathologic datasets. The model parameters used in our
study were optimized for healthy WM regions (see Appendix A).
Therefore, itmay introduceerrors inpathologic situationswithadditional
T2* components that may be quite different from normal brain. These
aspects should be investigated through studies using pathologic datasets.

The multi-slice mapping of MWF is an important aspect of our
proposed method since it will facilitate a more detailed analysis of the
volumetric distribution of myelin and lesions as suggested by Deoni
et al. (2008). Multi-slice mapping of MWF has previously been
demonstrated by Oh et al. (2006) (a total of eight slices with 128×128
matrices and a scan time of 16 min), and by Deoni et al. (2008) (a total
of 118 slices with 256×160 matrices and a scan time of 30 min, or a
total of 60 slices with 128×128 matrices and a scan time of less than
16 min). Currently, our proposed method can acquire up to eight
Fig. 6. Fitting examples. (a)Measuredsignal evolutionof twodifferent voxels, oneofwhich is tak
of the ma andmx pool fractions, respectively. (d) Fitting error map (fourth slice in Fig. 1) with
maps with different model parameters; (e) τ1=8 ms, (f) τ1=40ms and (g) initial value for A
slices with 256×256 matrices or 16 slices with 128×128 matrices in
8.5 min.

In summary, we have demonstrated the feasibility of multi-slice
quantitative in vivo mapping of MWF using multi-compartmental
analysis of the T2* decay in this study. An adequate SNR was achieved
with the use of an 8-channel phased-array coil and an anisotropic
diffusion filter in a single acquisition at 3 T. High-resolution and
multi-slice MWF maps were obtained in a clinically acceptable scan
time.
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Appendix A

Here, we provide more details of the three-pool model parameters
and the fitting results. The equation for the three-poolmodel is given in
Eq. (3). In general, multi-exponential fitting is considered an ill-posed
problem, which means that small variations in the measurements
may result in substantial differences in the estimated values. Therefore,
regularizations or constraints have been used to obtain more stable
solutions, such as smoothing constraints of T2 distribution in the
regularized NNLS algorithm (Whittall and MacKay, 1989; Hwang and
en inGM(‘O’) and theother inWM(‘·’), and the correspondingfitted curves. (b)–(c)Maps
arbitrary unit. The fitting error in GM seems slightly larger than that inWM. (e)–(g) MWF
mx=0.05 (other parameters unchanged).
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Du, 2009b). Since our three-pool model consists of discrete com-
ponents, the use of a smoothing constraint is not suitable. Instead, we
fixed the range of each T2* component (τ0bT2,my

⁎ bτ1bT2,ma
⁎ bτ2bT2,mx

⁎ ).
We selected τ0=3 ms because the first-echo time of 2.1 ms makes the
fitting for any signal with a T2* less than 3 ms unreliable. The proper
selection of τ1 is important for accurateMWFmeasurement.When τ1 is
set too low, a portion of myelin water signals may be misclassified as
the ma pool, resulting in an underestimation of the MWF and a higher
fitting error. When τ1 is set too high, some portion of the myelinated
axon water signals may be misclassified as the my pool, resulting in
an overestimation of the MWF and a higher fitting error due to the
misfitting of the ma signals. In this study, we defined τ1=25 ms and
τ2=45 ms. These T2* endpoints were determined by repeated test
fittings in which the optimal T2* endpoints resulted in minimal fitting
error andminimal variation of theMWFestimation (i.e., d(MWF)/dτ) in
WM (Du et al., 2007; Hwang and Du, 2009a). The initial values used for
fittingwere 10 ms, 38 ms and 78 ms for T2* and 10%, 30% and 60% for the
fraction in themy,ma, andmxpool, respectively. The same initial values
and T2* endpoints were used to fit all datasets in our study. Fig. 6 shows
examples of the fitting results. Two representative signal evolutions in
voxels of GMandWMare indicatedby ‘O’ and ‘·’with the corresponding
fitted curves, respectively (a). Figs. 6 (b) and (c) show maps of the ma
pool and themxpool, respectively. Themxpool (c) has high intensity in
pixels near sulci and fissures due to the effect of CSF as expected. Fitting
errors (sum of squares of residuals) were calculated for all voxels and
displayed as anerrormap (d). The errors in GMwere slightly larger than
errors in WM. This may be explained by the fact that the three-pool
model parameters in our studywere optimized forWM, rather thanGM.
In addition, the effects of frequency shifts on fitting may be more
significant in GM because the volume fraction of ISF/CSF in GM is
reported to be higher than that in WM. We observed some region-
dependent variation in T2* estimation. For example, in the splenium,
T2*s (ms) were estimated as 11.4±1.3, 33.5±1.1 and 67.8±2.9 for the
my,ma, andmxpools, respectively. In frontalWM, theywere 10.7±1.2,
37.3±1.3 and 76.2±3.2, respectively. Figs. 6 (e)–(g) showMWFmaps
estimatedwithdifferentmodelparameters: (e)τ1=8ms, (f)τ1=40 ms,
(g) initial value for Amx=0.05. Other parameters were the same as our
proposed values. Figs. 6 (e) and (f) clearly show the importance of proper
selection of τ1. Different initial value in Fig. 6 (g) resulted in a slightly
different MWF map from that depicted in Fig. 3 (b) and the contrast
between WM and GM was reduced.
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