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ABSTRACT

Diffusion-weighted magnetic resonance imaging (DW-MRI) provides a novel insight into the brain to facilitate our
understanding of the brain connectivity and microstructure. While in-vivo DW-MRI enables imaging of living
patients and longitudinal studies of brain changes, post-mortem ex-vivo DW-MRI has numerous advantages. Exvivo imaging benefits from greater resolution and sensitivity due to the lack of imaging time constraints; the use
of tighter fitting coils; and the lack of movement artifacts. This allows characterization of normal and abnormal
tissues with unprecedented resolution and sensitivity, facilitating our ability to investigate anatomical structures
that are inaccessible in-vivo. This also offers the opportunity to develop today novel imaging biomarkers that
will, with tomorrow’s MR technology, enable improved in-vivo assessment of the risk of disease in an individual.
Post-mortem studies, however, generally rely on the fixation of specimen to inhibit tissue decay which starts
as soon as tissue is deprived from its blood supply. Unfortunately, fixation of tissues substantially alters tissue
diffusivity profiles. In addition, ex-vivo DW-MRI requires particular care when packaging the specimen because
the presence of microscopic air bubbles gives rise to geometric and intensity image distortion. In this work,
we considered the specific requirements of post-mortem imaging and designed an optimized protocol for ex-vivo
whole brain DW-MRI using a human clinical 3T scanner. Human clinical 3T scanners are available to a large
number of researchers and, unlike most animal scanners, have a bore diameter large enough to image a whole
human brain. Our optimized protocol will facilitate widespread ex-vivo investigations of large specimen.
Keywords: Diffusion-weighted magnetic resonance imaging, Protocol, Ex-vivo, Human clinical scanner, Diffusion compartment imaging
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1. INTRODUCTION
Diffusion-weighted magnetic resonance imaging (DW-MRI) provides a novel insight into the brain to facilitate
better understanding of the brain connectivity and microstructure in healthy anatomy and in disease. In-vivo and
ex-vivo DW imaging both have their advantages. In-vivo DW-MRI enables non-invasive imaging of living patients
and longitudinal analysis of structural changes in clinical practice and in research. In contrast, post-mortem exvivo imaging provides greater spatial resolution due to the lack of imaging time constraints. It enables unlimited
scanning time without movement artifact and offers the opportunity to use tighter fitting coils, providing higher
SNR.1 This creates the opportunity of characterizing normal and abnormal tissues with unprecedented spatial
resolution and sensitivity, providing insight into small anatomical structures that are inaccessible in-vivo. In
the aggregate, ex-vivo imaging holds promise for facilitating better understanding of the healthy brain anatomy
and enables the development of novel imaging biomarkers that will, with tomorrow’s MR technology, provide
improved in-vivo assessment of the risk of disease in an individual.
Post-mortem studies, however, generally rely on the fixation of specimen to inhibit tissue decay which starts
as soon as tissue is deprived from its blood supply. Unfortunately, fixation of tissues substantially alters tissue
diffusivity profiles.2 In addition, ex-vivo DW-MRI requires particular care when packaging the specimen because
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the presence of microscopic air bubbles substantially impacts the echo planar imaging (EPI) slice read-out
trajectory used in DW-MRI, giving rise to images with geometric and intensity distortion.
Importantly, the choice of parameters of a DW-MRI protocol strongly depends on the diffusion model considered for analysis. The DW-MRI model used most often is diffusion tensor imaging (DTI),3 which describes
the average diffusion direction and strength at each voxel at a single diffusion scale with a diffusion tensor.
Characterization of the diffusion with DTI has been shown to be sensitive to detecting abnormal tissues, e.g., as
in traumatic brain injury,4 in schizophrenia5 and in neurodegenerative disease.6 DTI, however, only provides a
macroscopic summary of the diffusion in each voxel. It describes the diffusion in each voxel with a model with
only 6 degrees of freedom and is unable to 1) capture the intra-voxel orientation heterogeneity (IVOH) of WM
fascicle in voxels; and 2) separately characterize the spectrum of isotropic diffusion components arising from the
presence of partial voluming with cerebro-spinal fluid (CSF)7 and of neuroinflammation and edema.8 Therefore,
while DTI is, to some extent, sensitive to detecting microstructural changes in disease, it shows poor specificity
in depicting the precise nature of these changes.9, 10
Many models have been proposed to overcome DTI’s limitations, including constrained spherical deconvolution (CSD)11 and q-ball imaging (QBI).12 CSD and QBI rely on an acquisition with a single non-zero b-value and
primarily seek to characterize the orientation profile of the diffusion in order to assess the connectivity. However,
they do not model the signal decay as a function of b-value. The information about various diffusion scales is
missed and the ability to describe the underlying microstructure is limited.
Instead, a primary alternative is diffusion compartment imaging (DCI), which reflects the presence of tissue
compartments within voxels13 (e.g., partial voluming with CSF and with multiple white matter fascicles within
a voxel14 ) and relates biophysical features of each compartment to the measured DW signal with a generative
model. Estimation of the DCI model parameters from the acquired DW images corresponds to solving an inverse
problem and enables extraction of structural information at a sub-voxel resolution.13, 15, 16 Importantly, DCI
allows for the characterization of each fascicle in each voxel. It provides insight into both neural connectivity
and microstructural tissue changes with improved sensitivity and specificity compared to DTI.17 However, DCI
requires the acquisition of multiple non-zero b-values to distinguish between the decay curves of each compartment
in each voxel.14, 18, 19
In this work, we considered the specific requirements of post-mortem imaging and, building upon previous
ex-vivo protocols proposed in the literature,20, 21 designed an optimized, multiple b-value protocol for ex-vivo
whole brain DCI using a human clinical 3T scanner. Human clinical 3T scanners are available to a large number
of researchers and, unlike most animal scanners, have a bore diameter large enough to image a whole human
brain. Our protocol will facilitate widespread DCI ex-vivo investigations of large specimen in research.
The paper is organized as follows. In Section 2, we detail each step of our protocol including the choice of
imaging solvent, of specimen container, of field-of-view placement and of propective and restrospective distortion
correction strategy. We also describe the choice of diffusion gradient table and b-value range to enable diffusion
compartment imaging. We report results in Section 3 and conclude in Section 4.

2. MATERIAL AND METHODS
Brain fixation. Fixation is necessary to inhibit tissue decay, or autolysis, which starts as soon as tissue is
deprived of its blood supply. As commonly used in the literature,20, 21 we immersed the specimen in 10%
neutral-buffered Formalin (4% formaldehyde) to inhibit the autolysis of tissues and to preserve tissues and cellular morphology.
Choice of a solvent during imaging. Imaging a specimen for multiple hours requires the use of a solvent to prevent the tissues from drying and deteriorating. Some studies have imaged brains in fixative solution
such as Formalin.20 However, and consistently with Miller et al.,21 we found that this solvent gave rise to a
very large background signal due to its high proton content, limiting the dynamic range of the tissue intensities
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Figure 1. Illustration of the limited dynamic range when a solvent with high proton content is used. A high proton
content solvent such as Formalin gives rise to a large background signal intensity (ibackground ) compared to the intensity
of tissues (itissues ) (ibackground >> itissues ). Because the numerical encoding of intensities is limited with MRI scanners
(e.g., each intensity is encoded with a 12 bits integer number on Siemens scanners), a high maximum intensity in the
background reduces the ability to encode lower intensities corresponding to tissue (left). In contrast, using a proton-free
solvent enables description of the tissue intensity with all the available range of intensity values (right).
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Figure 2. Design of the 3-D printed brain holder. Illustration of the universal holder base (orange, blue and pink parts
in Fig.a) and of the top and bottom separate compartments specific for a brain (green and yellow parts in Fig.b). Fig.c
shows a 3-D rendering of the brain holder sitting in the scanner coil.

(See Fig. 1a). We instead used Galden which does not contain protons and therefore does not give rise to MR
signal in the background. In addition, Galden is a highly viscous oil which has the additional advantage of limiting potential brain motion that may be caused by the application of diffusion-sensitizing gradients in DW-MRI.
Specimen container. We investigated two containers for imaging specimen:
• 3-D printed brain holder. A 3-D printed brain holder was designed to support the brain and to minimize
brain motion. First, a universal holder base was designed and printed with hard transparent plastic to
fit exactly in our scanner coil (orange, blue and pink parts in Fig. 2a/b). Second, internal compartments
specific for each brain were designed (yellow and green parts in Fig. 2a) to fit in the universal holder
base. The brain-specific compartments were obtained by acquiring a CT image of the brain from which the
cortical surface was extracted. The image was smoothed with Gaussian filtering and then dilated by 5mm
to define the brain holder walls. The brain-specific compartments were printed with transparent plastic
too. The strategy of using a separated universal base and internal compartments for each brain was chosen
to reduce printing plastic consumption in the long term.
• Brain bagging. We also considered packing the brain specimen into a sealed, close-fitting bag to minimize
the distance between the loop coil and the sample. A shaker was used to ensure even distribution of fluid.
Since water-based solutions such as Formalin are less dense than Galden, any remnants of the fixative
solution floated to the top and could be easily discarded. Because brain tissue is less dense than Galden, it
was useful to partially seal the tissue in the bag before pouring in the Galden. Adding a few angled seals

at the top of the bag allowed air bubbles to be vacuumed out, and allowed more space for Galden to be
delivered. Once the sample was fully immersed in the Galden, a final seal was placed in the bag. The seal
was inspected all around before imaging.

Prospective minimization of DW image distortion by elimination of air bubbles. Conventional DWMRI sequences employ echo planar imaging (EPI) read-out to rapidly acquire each slice after the RF slice
excitation. EPI, however, is very sensitive to magnetic field inhomogeneities caused by susceptibility changes
at tissue interface such as air and tissue interface. The field inhomogeneity gives rise to phase perturbation in
k-space which accumulates during the acquisition of each slice.22 This results in severe distortion in the form of
voxel shifts in the image space, of largest magnitude along the phase-encoding direction.23 The accumulation of
phase perturbation (and therefore the amount of distortion) is especially large when high spatial resolution EPI
is sought because of the large number of phase-encodes employed. This makes high resolution ex-vivo DW-MRI
imaging very sensitive to the presence of microscopic air bubbles in tissue samples.
To minimize the presence of air bubbles, we required an overnight-24 hr immersion of the brain in a bucket of
Galden prior to transferring the brain to the custom-made holder or to the brain bag. Then, we kept the brain
in its container (3-D printer holder or bag) for a second 24h prior imaging, regularly and slowly rotating the
container to facilitate the extraction of air bubbles. Full immersion with rotation allowed air bubbles to escape
from the ventricles. The brain holder could easily be refilled with more Galden to replace the volume freed by
air bubbles. Additional angled seals at the top of the brain bag were applied to isolate air bubbles when the
brain bag strategy was used.
Scanner and coil setup. The acquisitions were achieved on a 3T Siemens Skyra scanner with a 64 channel head coil and a 7mm loop coil. The 3-D printed brain holder was designed to fit inside a 64 channel head coil
such that the specimen is at similar distance to the anterior and posterior elements of the coil. With this setup
all 64 coils were utilized, but the distance from the coils to the specimen was higher compared to the plastic bag.
With the plastic bag, the tissue was close to the posterior element of the tissue but much farther to the anterior
element. Therefore we used a 7mm surface coil instead of the anterior element.
Choice of image acquisition orientation during MR scanning. The orientation of the MR acquisition was
chosen to obtain the smallest possible field of view to minimize the matrix size at the desired spatial resolution.
This enabled reduction of the number of phase encodes for each slice and therefore reduced the amount of image
distortion caused by the susceptibility artifact. We found that the coronal acquisition orientation with phase
encoding direction set as HF or FH offered the smallest number of phase encodes at the desired isotropic spatial
resolution.
Quantitative T2 mapping. In order to optimize the imaging parameters for diffusion acquisition, T2 relaxation time of the tissue was measured. This was achieved by acquiring a multi-slice spin echo sequence with
5 echoes (echoes: 13, 26, 39, 52, 65ms; in-plane resolution: 0.5mm; slice thickness: 3mm) and by fitting an
exponential T2 decay curve with stimulated echo correction using Levenberg Marquardt algorithm.
While T2 is typically on the order of 80ms at 3T in the adult brain white matter in-vivo,24 T2 can be much
higher in early brain development (up to 150-300ms)25 and is substantially reduced by fixation.26 Measuring the
T2 is important because it provides insight into the expected quality of diffusion weighted images. Indeed, the
measured attenuated DW signal S exponentially decreases with decreasing T2, as described by the relation:
S = S0 exp(−
2

TE
) exp(−bD),
T2

(1)

where S0 is the b = 0s/mm signal with no gradient gradient applied, TE is the echo time, b is the b-value and
D is the apparent diffusion coefficient (ADC). Assessment of the T2 in post-mortem tissues provides insight into
the expected DW signal amplitude (see Fig. 3) and therefore into the expected signal-to-noise ratio (SNR) of
DW images. This may guide the choice of number of repetitions needed to obtain DW images with a desired SNR.

Figure 3. Plot of the isolines of exp(− TE
) for varying TE and T2 representing the multiplicative DW signal attenuation
T2
due to TE and T2. It shows that those two parameters have a substantial impact on the signal amplitude and therefore
on the SNR of DW images, regardless of the b-value applied.

Gradient encoding set. Characterization of both the connectivity and of microstructural properties with
diffusion compartment imaging (DCI) requires the acquisition of multiple non-zero b-values to disentangle the
signal arising from each compartment in each voxel.14, 18, 19 Varying the b-value in a pulse gradient spin echo
(PGSE) DW-MRI sequence can be achieved by either modification of the diffusion pulse gradient duration δ,
the separation time ∆ between the pulses or the norm of the applied diffusion sensitization gradient ||g||, as
described by Le Bihan:27
b = γ 2 δ 2 (∆ − δ/3)G2 ||g||2 ,
(2)
where γ the gyromagnetic ratio and G is the scanner maximum gradient strength.
Imaging multiple b-values is often achieved by using a multiple shell HARDI. Unfortunately, imaging large
b-values with a multiple shell HARDI requires an acquisition with extended echo time (TE). This is especially
true when using a clinical scanner, for which the maximum gradient strength G is limited and high b-values are
obtained by using long duration δ and ∆ and therefore long TE. The long duration TE leads, in turn, to an
exponentially lower SNR for all the b-value shells due to T2 relaxation (see Eq. (1) and Fig. 3). Equal SNR
might be achieved by repeating the measurements but leads to significantly increased scan times.
Instead, we employed the CUSP (Cube and Sphere) gradient set14 which combines spherical and cubic
sampling in q-space (see Fig. 4). CUSP is based on the modification of a 2-shell HARDI. In contrast to a
multi-shell HARDI, the pulse duration and separation δ and ∆ of the PGSE sequence are fixed to achieve the
b-value of the inner shell (instead of the outer-shell for multi-shell HARDI), which requires a shorter TE and
provides a significant SNR boost. The gradients of the outer shell have maximally separated gradients orientation
with respect to the inner shell28 but cannot be imaged with the fixed low δ and ∆. Instead, we reduce their
strength (red gradients) so that they lie in the cube enclosing the inner shell. This cube is a cube of constant
TE in q-space, in which any gradient can be imaged without modification of δ and ∆ but by modification
of ||g||. This enables imaging b-values up to three times the b-value of the inner-shell, corresponding to the
diffusion gradients g = (±1, ±1, ±1), with low TE defined by the inner-shell. Using a gradient g = (±1, ±1, ±1)
corresponds to imaging high b-values by using maximum current intensity in all the diffusion gradient encoding
coils simultaneously, without increasing TE.
We designed a CUSP gradient set in which high-norm vectors (i.e., high b-value images) are preceded by a
2
b = 0s/mm and distributed through the entire scan to reduce the scanner burden (see Appendix). For a given
largest imaged b-value, the TE gain of CUSP compared to a multiple-shell HARDI was on the order of 30ms to
40ms at 3 Tesla with G = 40mT/m, which is equivalent to a two- to three-fold reduction in scan time at equal
SNR.
Choice of the optimal b-value range. Scherrer et al.14 suggested that the b-value of the inner shell of
CUSP should be set to the optimal b-value boptimal for imaging the white matter. This allows imaging of a
spherical sampling at b=boptimal with uniformly distributed gradient orientations as well as other additional
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Figure 4. The CUSP90 gradient encoding scheme. Intra-shell gradients are shown in a different hemisphere than inner-shell
and outer-shell gradients for visualization purpose.

b-value images up to 3boptimal with low TE and therefore high SNR. Jones et al.29 showed that, when estimating
an apparent diffusion coefficient ADC from two measurements, the optimal non-zero b-value that minimizes the
2
estimation error was given by boptimal = 1.11/ADC. This typically leads to boptimal ≈ 1000s/mm in the in-vivo
adult brain white matter.
Preliminary ex-vivo DW-MRI acquisitions at our institution identified ADC values in the order of 1.8E−4 mm2 /s
2
2
to 3.6E−4 mm2 /s in fixed specimens, leading to boptimal between 3000s/mm and 6000s/mm according to Jones
29
et al. However, imaging the inner shell of CUSP with such a high b-value is challenging with a clinical scanner
because clinical scanners have a relatively limited maximum gradient strength (typically 20mT/m to 70mT/m
compared to several hundreds of mT/m on animal scanners). As a consequence, high b-values for unit-norm
gradients are imaged by using long gradient pulse duration δ and separation ∆ (see Eq. (2)). This leads, in turn,
to long duration TE and therefore exponentially attenuated signal and low SNR for all the images due to T2
relaxation, regardless of the applied b-value (See Eq. (1)).
This highlights a fundamental trade-off in ex-vivo DW-MRI imaging with a clinical scanner: while high
2
b-values 3000 − 6000s/mm may in theory minimize the error in model parameters,29 imaging high b-values
also leads to a substantial SNR loss due to increased TE (in addition to lower SNR due to increased diffusion
sensitization) that may counter-balance the benefit of using high b-values.
We evaluated this trade-off by comparing at each voxel confidence intervals on the estimated ADC when
2
using a single-shell HARDI with b = 1000s/mm (minimum achievable TE: 95ms) and a single-shell HARDI
2
with b = 2000s/mm (minimum achievable TE: 107ms). Confidence intervals were computed by using residual
bootstrapping 30 and by assessing the variance of ADC across model estimated at each bootstrap iteration. Contrary to the wild bootstrap,31 the residual bootstrap does not assume any symmetry in the distribution of the
residuals, which has been shown to lead to smaller biases and reduced overall errors, leading ultimately to more
accurate estimates of confidence intervals.30
Correction of residual geometric and intensity distortions. While the presence of air bubbles was
minimized prior scanning, residual microscopic air bubbles may remain and give rise to residual geometric and
intensity distortion. We acquired each CUSP scans twice using opposite phase encoding directions between each
scan (HF and FH). This resulted, for each diffusion gradient orientation, in pairs of DW images with opposite
geometric distortions caused by the susceptibility artifact. The susceptibility-induced off-resonance field was
2
estimated from the pairs of b = 0s/mm images using Topup implemented in FSL.32 All the DW images were
then corrected using the estimated off-resonance field.
Acquiring all the diffusion gradient orientations with opposite phase encoding direction provides improved
2
intensity distortion correction compared to acquiring only the b = 0s/mm images with opposite phase encoding direction. Indeed, correcting for intensity distortion in regions of local geometric compression (i.e., regions
in which the signals from different voxels ’pile up’ in a voxel) corresponds to a ’one-to-many’ ill-posed correspondence problem. Imaging these regions using opposite phase encoding direction leads to regions of local
geometric expansion (see Fig. 7) (many-to-one correspondence problem) which enables image intensity correction.

Diffusion Compartment Imaging with 1 × 1 × 1mm3 isotropic spatial resolution. We imaged a onemonth old newborn ex-vivo brain. Acquisitions were approved by the Institutional Review Board (IRB). We
considered a CUSP gradient table with 90 gradient orientations (see Fig. 4 and Appendix) containing a large
number of different b-values:
2
• 12 images with b = 0s/mm
• 30 gradients on the inner shell at b = binner
• 30 gradients on the cube of constant TE providing gradients with b-values between binner < b ≤ 3binner
• 3 intra-shells of 6 directions each at 0.4binner , 0.6binner and 0.8binner
2

Based on preliminary scans to determine the optimal b-value range (see Section 3) we used binner = 1000s/mm .
2
The echo time using this CUSP90 was only 95ms, while b-values up to 3000s/mm corresponding to gradient
vectors g = (±1, ±1, ±1) were acquired. Other parameters were: matrix size = 128 × 76, FOV=128mm ×76mm,
resolution=1×1×1mm3 , coronal orientation, 60 slices. Parallel imaging with an acceleration factor of 2 was used
to reduce the number of phase encoding line to 54. The scan time duration for one CUSP90 was 17 minutes.
A total of 17 repetitions with phase encoding HF and 17 repetitions with phase encoding FH was acquired.
After each repetition, a 6 minute pause was added to reduce the load on the gradients, leading to a total scan
duration time of 13h02min. We also acquired a T2-weighted turbo spin echo (TSE) with spatial resolution
0.45 × 0.45 × 2mm3 for visualization purpose.
We considered a DCI model that reflects the presence of tissue compartments in each voxel and captures
the non-monoexponential decay of the diffusion observed in voxels. More precisely, we considered that each
compartment is in slow exchange and modeled the signal arising from each of them with a diffusion tensor.
We considered in each voxel a multi-tensor model (MTM)14, 33 with 1) an isotropic diffusion compartment to
model the diffusion of free water; and 2) a series of anisotropic diffusion compartments to model the combined
contribution of hindered and intra-axonal diffusion arising from each WM fascicle, leading to the attenuation
DW signal Si (gg , bg ):
f

"
Si (gg , bg ) = S0 f0,i exp(−Diso bg ) +

Ni
X

#
fj,i exp(−bg ggT Dj,i gg )

,

(3)

j=1

where gg is a unit-norm diffusion gradient, bg the corresponding b-value, Nif is the number of WM fascicles
at voxel i, {fj,i , j = 1, . . . , Nif ) are the volumic fractions of occupancy of each compartment and sum to one,
Diso is the diffusivity of free water and {Dj,i , j = 1, . . . , Nif } are tensors describing each compartment. The
number of fascicles at each voxel Nif was estimated by assessing the generalization error of models of increasing
complexities.34 The DCI parameters at each voxel were estimated using the approach described in Scherrer et
al.14
For comparison, we also estimated a single diffusion tensor at each voxel (DTI).3 Whole brain DTI and DCI
tractography were performed using same parameters (seeding for all voxels with FA> 0.25; FA stopping criteria:
FA< 0.2; angular stopping criteria: Angle> 35◦ ; 5 streamlines per voxel). We then selected streamlines going
through a one-slice ROI drawn in the body of the corpus callosum.

3. RESULTS
Specimen container. Fig. 5 shows pictures of the two considered container strategies. In our experiments,
we found that using the sealed bag provided 1) easier access to the brain; 2) easier visualization of residual air
bubbles; and 3) easier removable of residual air bubble by massaging the specimen and applying a new seal. In
addition, although the setup with the 3D printed brain holder used 64 coils, the SNR was lower due to the longer
distance of each coil to the specimen. In the setup with the plastic bag we used 33 coils for acquisition but each
coil was much closer to the tissue giving a higher SNR. We therefore chose to use the sealed bag container strategy.
Quantitative T2 mapping. The T2 measured in the white matter of the newborn specimen was 152ms,
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Figure 5. Illustration of the two container strategies. (a) 3-D printed brain holder. (b) brain in its sealed bag.
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Figure 6. Amplitude of 95% confidence intervals on ADC estimates at each voxel. It shows that using b = 1000s/mm2
provides narrower confidence intervals.
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Figure 7. Distortion correction using acquisitions with opposite phase encoding direction. (a): One b=0s/mm2 image
acquired with phase encoding direction FH (top) and HF (bottom). (b): b=0s/mm2 image averaged over the 17 repetitions
for phase encoding direction FH (top) and HF (bottom), from which the susceptibility-induced off-resonance field is
estimated. (c) b=0s/mm2 image after distortion correction.

leading to a T2-relaxation induced attenuation factor of exp(− TE
T2 ) = 0.53 (for TE=95ms) which favorably compares to human adult in-vivo imaging (typically T2=80ms and TE=95ms and therefore exp(− TE
T2 ) = 0.31)
Choice of optimal b-value range. The ADC measured in the WM of the fixed newborn specimen was
2
≈ 3.1E−4 mm2 /s. It corresponds to an optimal b-value boptimal ≈ 3600s/mm according to Jones et al.29 We
2
investigated the precision of ADC estimation when using a single-shell HARDI with b = 1000s/mm and a

2

single-shell HARDI with b = 2000s/mm with residual bootstrapping.30 Fig. 6 reports the amplitude of 95%
confidence intervals on ADC for the two acquisition strategies. It shows that the increased TE necessary to
2
2
achieve b = 2000s/mm compared to b = 1000s/mm leads to larger confidence intervals and therefore to less
2
reliable ADC estimates. We therefore used binner = 1000s/mm for CUSP.
Correction of residual geometric and intensity distortion. Fig. 7 shows the geometric and intensity
distortion caused by residual microscopic air bubbles. The distortion amplitude is especially large because high
spatial resolution is achieved (1 × 1 × 1mm3 , matrix size = 128 × 76). Fig. 7c illustrates the corresponding
corrected image.
High spatial resolution diffusion compartment imaging. Fig. 8 reports the results from high spatial
resolution (1 × 1 × 1mm3 ) diffusion compartment imaging. Fig. 8b shows that free water diffusion was detected
in the ventricules, probably due to some remaining fixative solution that was unsuccessfully replaced by Galden
in this region difficult to access inside the brain. Fig. 8c shows that the orientation of anisotropic DCI compartments matches the known anatomy and that crossing fascicles are detected, despite the known low diffusion
anisotropy in newborn brains.35 Finally, Fig. 9 reports the results from both DTI and DCI tractography. It
shows that tract streamlines with DTI are prematurely stopped, likely due to the presence of crossings and due
to the low diffusion anisotropy in newborn brains.35 In contrast, DCI tractography provides streamlines with
substantially larger extent that better matches the expected anatomy.

4. CONCLUSION
Post-mortem imaging enables long duration image acquisition that is conducive to higher resolution DW-MRI
than is possible in vivo. However, imaging specimens for several hours requires fixation that alters tissue diffusivity.2 This creates the need for appropriate choice of imaging solvent, distortion minimization and correction
techniques, gradient encoding scheme, optimal b-values and acquisition matrix size in order to obtain high quality
multi b-value DW images.
In this work we considered the specific requirements of post-mortem imaging together with the constraints of
clinical scanners to design an optimal protocol for ex-vivo diffusion compartment imaging. Our protocol enables
post-mortem DCI investigations of neuropathologies and of the brain connectivity using conventional clinical
scanners which are available to a large number of researchers and, unlike most animal scanners, have a bore
diameter large enough to image a whole human brain.
In future work we will evaluate the benefits of using read-out segmented EPI (ros-EPI)36 instead of conventional EPI to reduce geometric and intensity distortion. The scan duration time when using ros-EPI is directly
proportional to the number of segments used, limiting the number of repetitions achievable for a fixed scan time.
We will evaluate the impact on SNR, distortion and ultimately on confidence intervals on DCI parameters of
using ros-EPI instead of conventional EPI.
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Appendix: CUSP90 Gradient Encoding Scheme.
We provide the CUSP90 gradient set in the Siemens format. Gradients with high b-value were distributed
throughout the table to reduce the scanner burden. Imaging CUSP90 with an inner-shell with b-value binner
requires to set the imaged b-value to 3binner in the Siemens diffusion tab (Free Mode). This is because the
b-value provided in Free Mode corresponds to the b-value of the gradient with largest norm (±1, ±1, ±1). With
this choice, the resulting minimum achievable TE correctly matches the minimum achievable TE of a single-shell
HARDI at binner .
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Figure 8. (a) T2-weighted image. (b) Fraction of freely diffusing water at each voxel. (c) Orientation of each anisotropic
compartment superimposed on the b = 0s/mm2 image. A region in which crossing fascicles are estimated is highlighted.
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Figure 9. Tractography results for both DTI (a) and DCI (b).
[directions=90]
CoordinateSystem = xyz
Normalisation = none
Vector[0] = ( 0.00000, 0.00000, 0.00000 )
Vector[1] = ( 0.00000, 0.00000, 0.00000 )
Vector[2] = ( -1.00000, -1.00000, -1.00000 )
Vector[3] = ( 1.00000, 0.00000, 0.00000 )
Vector[4] = ( 0.16600, 0.98600, 0.00000 )
Vector[5] = ( 0.11000, -0.66400, -0.74000 )
Vector[6] = ( 0.90100, -0.41900, -0.11000 )
Vector[7] = ( 0.16900, 0.60100, -0.78100 )
Vector[8] = ( 0.81500, 0.38600, -0.43300 )
Vector[9] = ( -0.65600, -0.36600, -0.66000 )
Vector[10] = ( 0.00000, 0.00000, 0.00000 )
Vector[11] = ( 1.00000, -1.00000, -1.00000 )
Vector[12] = ( -0.58200, -0.80000, -0.14300 )
Vector[13] = ( -0.90000, -0.25900, -0.35000 )
Vector[14] = ( -0.69300, 0.69800, -0.17800 )
Vector[15] = ( 0.35700, -0.92400, -0.14000 )
Vector[16] = ( 0.54300, -0.48800, -0.68300 )
Vector[17] = ( 0.52500, 0.39600, -0.75300 )
Vector[18] = ( 0.63900, -0.68900, -0.34100 )
Vector[19] = ( 0.00000, 0.00000, 0.00000 )
Vector[20] = ( -1.00000, 1.00000, -1.00000 )
Vector[21] = ( -0.33000, -0.01300, -0.94400 )
Vector[22] = ( 0.52400, 0.78300, -0.33500 )
Vector[23] = ( 0.60900, -0.06500, -0.79100 )
Vector[24] = ( 0.22000, -0.23300, -0.94700 )
Vector[25] = ( -0.00400, -0.91000, -0.41500 )
Vector[26] = ( -0.51100, 0.62700, -0.58900 )
Vector[27] = ( -0.41400, -0.73700, -0.53500 )
Vector[28] = ( 0.00000, 0.00000, 0.00000 )
Vector[29] = ( 1.00000, 1.00000, -1.00000 )
Vector[30] = ( -0.67900, 0.13900, -0.72100 )
Vector[31] = ( -0.88400, 0.29600, -0.36200 )
Vector[32] = ( -0.26200, -0.43200, -0.86300 )
Vector[33] = ( 0.08800, 0.18500, -0.97900 )
Vector[34] = ( -0.29400, 0.90700, -0.30200 )
Vector[35] = ( 0.88700, -0.08900, -0.45300 )
Vector[36] = ( -0.25700, 0.44300, -0.85900 )
Vector[37] = ( 0.00000, 0.00000, 0.00000 )

Vector[38]
Vector[39]
Vector[40]
Vector[41]
Vector[42]
Vector[43]
Vector[44]
Vector[45]
Vector[46]
Vector[47]
Vector[48]
Vector[49]
Vector[50]
Vector[51]
Vector[52]
Vector[53]
Vector[54]
Vector[55]
Vector[56]
Vector[57]
Vector[58]
Vector[59]
Vector[60]
Vector[61]
Vector[62]
Vector[63]
Vector[64]
Vector[65]
Vector[66]
Vector[67]
Vector[68]
Vector[69]
Vector[70]
Vector[71]
Vector[72]
Vector[73]
Vector[74]
Vector[75]
Vector[76]
Vector[77]
Vector[78]

=
=
=
=
=
=
=
=
=
=
=
=
=
=
=
=
=
=
=
=
=
=
=
=
=
=
=
=
=
=
=
=
=
=
=
=
=
=
=
=
=

(
(
(
(
(
(
(
(
(
(
(
(
(
(
(
(
(
(
(
(
(
(
(
(
(
(
(
(
(
(
(
(
(
(
(
(
(
(
(
(
(

1.00000, 1.00000, 0.00000 )
0.08600, 0.86700, -0.49100 )
0.86300, 0.50400, -0.02500 )
1.00000, -0.18020, -0.20590 )
0.46220, 1.00000, -0.75080 )
-0.04830, -0.09000, -1.00000 )
1.00000, 0.21090, -0.32670 )
-0.55680, -0.28080, -1.00000 )
0.00000, 0.00000, 0.00000 )
0.00000, -1.00000, -1.00000 )
-1.00000, -0.27520, -0.05050 )
0.42240, 0.13530, -1.00000 )
-0.56590, 0.35890, -1.00000 )
-0.33420, -1.00000, -0.34050 )
0.42990, 1.00000, -0.15040 )
-1.00000, 0.51240, -0.20340 )
0.09110, -1.00000, -0.13310 )
0.00000, 0.00000, 0.00000 )
-1.00000, 0.00000, -1.00000 )
-1.00000, 0.02390, -0.43890 )
0.39690, -1.00000, -0.58550 )
-0.52710, 1.00000, -0.14230 )
0.01210, 0.44840, -1.00000 )
-1.00000, -0.71170, -0.42350 )
0.05690, -0.46620, -1.00000 )
1.00000, -0.46500, -0.59580 )
0.00000, 0.00000, 0.00000 )
-1.00000, 1.00000, 0.00000 )
-0.02240, 1.00000, -0.25290 )
0.86020, -0.24200, 0.03790 )
0.48110, 0.33730, 0.67440 )
-0.42240, 0.09940, 0.78210 )
-0.19110, 0.83790, 0.24770 )
0.22740, -0.56800, 0.65240 )
-0.60160, -0.62690, 0.21230 )
0.00000, 0.00000, 0.00000 )
0.00000, 1.00000, -1.00000 )
-0.34100, -0.24170, 0.65210 )
0.70050, 0.32220, 0.07430 )
0.46390, -0.30070, 0.54260 )
0.11770, 0.43100, 0.63280 )

Vector[79]
Vector[80]
Vector[81]
Vector[82]
Vector[83]
Vector[84]

=
=
=
=
=
=

(
(
(
(
(
(

-0.60190, 0.41770, 0.25150 )
-0.04180, -0.76620, 0.10560 )
0.14950, 0.52120, 0.32560 )
0.00000, 0.00000, 0.00000 )
1.00000, 0.00000, -1.00000 )
0.60300, 0.05650, 0.18220 )

Vector[85]
Vector[86]
Vector[87]
Vector[88]
Vector[89]

=
=
=
=
=

(
(
(
(
(

-0.43810, 0.21880, 0.40020 )
0.29580, -0.53310, 0.16830 )
-0.34770, -0.43280, 0.30300 )
0.11740, -0.07570, 0.61680 )
0.00000, 0.00000, 0.00000 )
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