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1 | INTRODUCTION

Skeletal muscle is a highly plastic tissue, able to alter its
structural and functional properties based on environmen-
tal factors, such as exercise, disuse, injury, and pathology.l’2
These factors often affect muscle fiber size, a key feature
of muscle microstructure directly related to muscle fiber
isometric force generating capacity.l’3'5 Currently, the gold
standard for assessing muscle fiber size is histology, which is
highly invasive, destructive to the muscle, semi-quantitative,
and only provides information about a fraction of the entire
muscle volume. This has driven interest in developing quan-
titative, noninvasive techniques to study muscle microstruc-
tural changes resulting from injury for the clinical assessment
of muscle pathology.

Diffusion tensor imaging (DTI) is an MRI technique
used to assess restricted diffusion in skeletal muscle, which
is thought to track microstructural and, thereby, functional
changes. A key parameter in the DTT acquisition (or pulse se-
quence) is diffusion time (A); the time between two diffusion
sensitizing gradient pulses. Previously, it has been demon-
strated that prolonging A results in increased restricted dif-
fusion transverse to the longitudinal axis of a muscle fiber
(eg, radial diffusivity), with no change in diffusion parallel
to the longitudinal axis of a fiber.”” This suggests that ra-
dial diffusivity is likely restricted by the sarcolemma (cell
membrane) of the muscle fiber, indicating that a relationship
exists between radial diffusion, A, and fiber size. However,
the amount of restricted diffusion relative to A for muscle
with a given fiber size is unknown. Furthermore, the majority
of studies that utilize DTI only acquire data at a single A due
to scan time and signal-to-noise ratio (SNR) limitations.'°
Currently, there is no consensus on the optimal A that maxi-
mizes sensitivity to changes in muscle microstructure related
to disease or injury, nor a consensus on how to interpret data
acquired at different diffusion times.

Acquisition of diffusion-weighted data at multiple A,
when scan time permits, may provide a more complete view
of the relationship between muscle microstructure and the
DT. As A increases, water molecules are able to diffuse over
greater distances, increasing the possibility of interaction
with and restriction by the sarcolemma. The time dependence
of transverse diffusion in muscle fibers has led to the devel-
opment and implementation of the random permeable barrier
model (RPBM) in order to estimate muscle microstructural
parameters from the DT.'" RPBM uses the time-dependent
restricted diffusion profile of muscle to derive outcome mea-
surements related to the underlying muscle microstructure
including surface-to-volume ratio (S/V) and fiber diame-
ter (5;1).8’11 Generally, the microstructural effects observed
with RPBM reflect expected changes in the microstructure,
such as increasing fiber size during postnatal growth,9 post
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exercise fiber dilation in healthy patients but not in patients
with chronic extracellular compartment syndrome,7 and de-
creased fiber size after rotator cuff repair.8 However, RPBM
routinely appears to underestimate fiber size measurements
compared to histology, which is often acknowledged as a lim-
itation. Although not perfect, this is currently the only model
that directly relates the time-dependent DT to muscle fiber
size.

The relationship between muscle microstructure, the dif-
fusion time A, and the measured diffusion signal as a func-
tion of diffusion direction in healthy and injured muscle is
complex and requires a systematic analysis if DTI is to be a
useful clinical tool. In silico modeling allows for the precise
control over simulated fiber size, fiber geometry, and A in
order to calculate the resulting DT. Several groups have used
in silico simulation to study the effect of imaging parameters
on the DT such as SNR, diffusion directions, diffusion time,
and diffusion weighting, in order to inform guidelines for de-
veloping DTI protocols.'*"” Other studies have investigated
the influence and sensitivity of microstructural features of
muscle such as fiber geometry, diffusivity, and permeability
on the DT."! No studies have systematically evaluated the
relationship between muscle microstructure, A, and the DT.
Furthermore, most modeling studies do not experimentally
validate their results with acquired data.

Previously, we have used the DTI simulator DifSim,
to investigate the sensitivity of a spin-echo DTI pulse se-
quence to muscle microstructure in histology informed
models of healthy and injured skeletal muscle at a single
short A.*° However, spin-echo DTI pulse sequences cannot
be used to assess the DT at long A due to the short T2
of muscle (~50 ms at 3T,?? ~25 ms at 7T23’24). Stimulated
echo DTI pulse sequences are an attractive alternative to
spin-echo DTI pulse sequences, as they are less sensitive
to T2 relaxation, which allows for DT measurements at
long A.>>?7 Therefore, the goal of this study was to use
DifSim to simulate a stimulated echo DTI pulse sequence
on histologically informed models of healthy and injured
muscle across a range of relevant A. In order to identify
the optimal A at which changes in muscle fiber size may
be detected, the difference in the DT at each A between
healthy and injured skeletal muscle models was calculated.
Furthermore, to identify how acquiring the DT at multi-
ple A may increase the ability to discern between injured
and healthy muscle, the DT’s of these models at short, me-
dium, and long A were compared. Additionally, the RPBM
was used to estimate S/V and fiber size from the simulated
DT measurements at all A and compared to known S/V
and fiber size of the simulated models. Finally, in order to
experimentally validate simulated DT measurements, the
time-dependent DT between in silico simulated and in situ
experimentally acquired data were directly compared.
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Schematic depicting histology informed models of skeletal muscle. Botox, denervation, and tenotomy models are from animals

30 d post injury. Cardiotoxin models are from animals 3 d post injury. Scale bar indicates 100 pm

2 | METHODS

The approach used in this study is similar to the approach
used in a previous investigation of the same models using
a spin-echo DTI sequence at a single A.*° The “Overview
of DifSim,” “Histology informed model generation,”
and “Simulation details” sections of the methods section
that follows have been previously reported.zo’28 All stud-
ies involving animals were approved by the University of
California, San Diego Institutional Animal Care and Use
Committee.

2.1 | Overview of DifSim

DifSim embeds MCell, a Monte Carlo simulator for cellular
microphysiology,?®*' within a MRI simulator which tracks
particle location, magnetization amplitude, and phase, in a
user defined arbitrarily complex geometrical model] >
DifSim is capable of supporting boundary interactions, parti-
cle interactions, and multiple molecular species with different
diffusion coefficients. A detailed explanation of DifSim can
be found in Balls et al 2009.** A brief summary of DifSim
can be found in Supporting Information, which is available
online.

2.2 | Simulation DTI pulse
sequence parameters

Pulse sequence parameters used in these MRI simulations
were based on those used on a 7T MRI scanner at our institu-
tion (Bruker, Billerica MA).34 A series of stimulated echo
pulse sequences were simulated, with echo time (TE) =21 ms,

15 gradient directions, voxel size = 200 x 200 x 200 pm3,
b = 500 s/mmz, O =2ms, and A = 20 ms, 30 ms, 40 ms,
50 ms, 90 ms, 130 ms, 170 ms, 250 ms, 325 ms, 400 ms,
500 ms, and 750 ms.

2.3 | Histology informed model generation
In order to relate the diffusion tensor to physiologically ac-
curate models of muscle, we created models with geom-
etry from previous animal histology experiments. Masson’s
Trichrome stained histology of muscle fibers from control,
cardiotoxin injected, botulinum toxin (botox) injected, surgi-
cally denervated and surgically tenotomized rat tibialis an-
terior muscles at 1, 3, 7, 14 and 30 d post injury were used
in this study. Cardiotoxin is venom from the naja mossam-
bica snake, and induces depolarization of the sarcolemma
that results in a massive, rapid onset muscle degeneration
and inflammation, with new muscle fiber formation begin-
ning at 3 d, from which muscle can heal in approximately
30 d.* Botox is a bacterium-produced neurotoxin that pre-
vents acetylcholine release in motor neurons and results in
muscle atlrophy.36’37 Surgical denervation creates a physical
nerve injury that prevents a muscle from contracting, result-
ing in chronic atrophy.38 Surgical tenotomy severs the tendon
attaching muscle to bone, resulting in acute fiber hypertrophy
due to isovolumetric contraction of the muscle, followed by
chronic atrophy.* Average fiber diameters and S/V were re-
corded for each model. A detailed description of the injury
models can be found in Supporting Information.

Histology informed models were generated from man-
ually traced histology images that were extruded in the
z-direction and triangulated using Blender* (Figure 1). Each
histologic image was 600 X 600 pm?, which allowed for nine
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unique diffusion experiments to be simulated, each with
200 pm isotropic voxels. Extracellular water volume frac-
tions (corresponding to the magnitude of edema) were
approximated from histologic and MRI studies of these
tissues and assigned to each model (Table 1). No model was
made with geometry from a day 1 cardiotoxin model, as there
are no clearly defined muscle fibers at this timepoint.

2.4 | Simplified model generation

The complex polygonal, geometry of a muscle fiber was re-
duced to simple, tessellated hexagons, in order to minimize
the number of defining characteristics of the model.? Fiber
size was varied by systematically changing the diameter of
the hexagon structures. Edema was simulated by varying the
volume fraction of water in the “extracellular” space.

2.5 | Simulation details

Each model was simulated 10 times with a different initial
location of diffusion particles to measure variance in an in-
dividual model. No noise was added in order to measure the
exact relationship between muscle microstructure and the
DT under ideal conditions. Intra- and extra-cellular particles
were assigned different diffusion coefficients and magnetic
relaxation (T1, T2) rates based on literature values of these
tissues at 7T; intracellular: T1/T2: 1,740/25 ms,23’24’41 D:
1.8%1073 mm2/s42'44; extracellular: T1/T2: 2,500/95 ms,23’41
D: 2.2%107° mm?/s.**® Particles were defined as imperme-
able to the sarcolemma. A minimum of 200,000 particles
were simulated in order to accurately converge on an analyti-
cal solution based on the diffusion coefficients and b-value
chosen for this experiment.32 Myofilaments within a muscle
fiber, or extracellular matrix proteins outside of muscle fib-
ers were not physically defined in this model, although it is at
least partially reflected in the assigned diffusion coefficients,
taken from previous studies of diffusion of small molecules

TABLE 1
histology informed muscle models

Extracellular water volume fractions applied to

Day
Dayl Day3 Day7 Dayl4 30
Botox 20 15 10 10 10
Denervation 10 10 10 10 10
Tenotomy 10 5 5 5 5
Cardiotoxin - 45 35 10 5

Extracellular water volume fractions were estimated from prior histology and
MRI studies of these injury models at relevant time points. The volume fractions
listed in bold are considered edematous (>20). The model with control geometry
had 5% extracellular water volume fraction.
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in these tissues. All simulations were run on a Linux cluster
with an Intel Xeon E-2697 CPU (2.60 GHz), with one node
with 56 cores. The amount of time to run each simulation
varied between 2 min and 54 h, depending on the number of
particles simulated and the simulated A.

2.6 | Experimental data collection

Bilateral hindlimbs were obtained from three uninjured New
Zealand White rabbits following sacrifice.’ Data were col-
lected using a 7T Bruker small animal imaging system (Bruker,
Billerica MA). DTI data were collected using a stimulated
echo diffusion-prepared sequence with a multi-shot echo pla-
nar imaging (EPI) readout and: repetition time (TR)/TE =
4700 ms/21.74 ms, field of view (FOV) = 48 x 40 mm?, acqui-
sition matrix = 120 x 62 (5/8th partial Fourier), reconstruction
matrix = 120 X 100, segments = 4, slice thickness = 1 mm,
number of slices = 5, averages = 4, directions = 15, targeted
effective b = 500 s/mmz, 8 =2ms, A =20 ms, 50 ms, 90 ms,
150 ms, 400 ms, scan time = 100 min 15 s. Following imaging,
the tibialis anterior and soleus muscles were dissected, pinned
and snap frozen. Histologic sections were obtained and stained
with wheat germ agglutinin to stain the basement membrane,
from which mean fiber size was calculated.

2.7 | DTI data processing

The analysis of functional neuroimages (AFNI) command
3dDWtoDT was used to calculate the DT for each voxel.*®
For the experimentally collected data, the effective b-matrix
(calculated by the MRI scanner) was used to solve the DT,
as the b-value in each direction is scaled due to the addition
of imaging gradients.* Diagonalization of the DT yields the
eigenvalues (A1, A2, and A3), which were used to calculate
mean diffusivity (MD), radial diffusivity (RD), and fractional
anisotropy (FA):

MD=% )
RD=% )
2 2 2
A =MD)>+ (4, —MD)’ + (4, —MD
FA= % (1 ) (2 ) (3 ) 3)

/924 42, 52
AT+ A+ AL

MD is a measure of the average overall diffusion. RD is a
measure of diffusion orthogonal to the main axis (transverse dif-
fusion). FA is a normalized scalar measure of how anisotropic
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the diffusion profile is and varies from O (perfectly isotropic) to
1 (perfectly anisotropic). Generally, as the restricted diffusion
profile increases (increased FA), there is less overall diffusion
(decreased MD, RD) and vice versa.

The RPBM model and its implementation have been ex-
tensively discussed in Novikov et al'' and Fieremans et al.®
Briefly, the input arguments to the model are RD(A) and
HA>100ms' From this model the free diffusion coefficient
(Dy), the characteristic time scale associated with a single
membrane (t), and the effective “volume fraction” (§) are fit
using nonlinear least squares analysis. From these parame-
ters, S/V and fiber size (a) are derived:

2¢
Dy *7

S/V=

“4)

2y/Dyxt 4 )
a=———=

¢ S/

2.8 | Statistics

In order to determine the A that maximizes contrast or differ-
ence in the DT profile between control and injured skeletal
muscle, the difference between control and injured DT was
calculated at each A for each injury timepoint. Bland Altman
analyses were performed to assess agreement between the
RPBM predicted and histologically obtained muscle micro-
structure measurements. All statistics were done in Prism
(7.0c, La Jolla, CA). All data are presented as mean + SD.

3 | RESULTS

3.1 | Muscle model microstructure

Average fiber diameter of the models ranged between 28.5 pm to
64.5 pm (Figure 2A). Average S/V of the models was 0.121/pm
to 0.258/pm (Figure 2B). The average muscle fiber diameter
of the control muscle was 56.7 pm + 5.3 pm with an S/V of
0.135/pm =+ 0.008/pm. Overall, atrophy models (botox, dener-
vation, tenotomy) tended to have smaller fiber size and larger
S/V than the control model except for tenotomy at days 1 and 3
due to acute unloading of the muscle. Cardiotoxin models dem-
onstrated recovery of fiber size and S/V by 14 d, with overall
larger muscle fibers and smaller S/V than control muscle at 30 d.

3.2 | Relationships between the DT and
diffusion time for muscle injury models

Prolonging the diffusion time led to increased FA and
decreased diffusivity, regardless of fiber size (Figure 3;
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FIGURE 2 Average fiber diameter (A) and surface area to
volume ratio (B) for each model at all post-injury time points. Gray
area represents mean + SD of control, uninjured muscle

Supporting Information Figure S1). Generally as a function
of fiber area, FA was found to decrease, and diffusivity was
found to increase as a model’s mean fiber size increased.
Models with edema (cardiotoxin day 3, 7, botox day 1) had
lower FA and higher MD and RD, especially at longer dif-
fusion times (A > 400 ms), even though the mean fiber size
was smaller than for models without edema. Additionally
in models with edema, a plateau in DT measurements was
observed at diffusion times greater than 400 ms, resulting
in a different overall diffusion profile compared to models
without edema.

3.3 | Difference in DT measurements
between injured and control muscle

Across all models, FA provided greater contrast between
injury models and the control model than diffusivity meas-
urements, with a larger contrast observed for RD than MD
(Figure 4; Supporting Information Figure S2). Compared
to healthy muscle, botox and denervation models had the
greatest contrast in FA at diffusion times between 130 ms
and 250 ms. Generally, the greatest contrast for FA was
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FIGURE 3 Example fractional anisotropy (left), mean diffusivity (middle), and radial diffusivity (right) from each injury model at

each diffusion time. Mean fiber size of each model at each time point is reported in the figure legend. Full results can be found in Supporting

Information Figure S1
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FIGURE 4 Example difference in fractional anisotropy (left), mean diffusivity (middle), and radial diffusivity (right) between the control and

injured model at each diffusion time. A positive difference indicates that the injury model has a larger diffusion measurement at that time point. The

difference in mean fiber size between the control and injury models at each time point is reported in the figure legend. Full results can be found in

Supporting Information Figure S2

found at A = 170 ms and the greatest contrast for diffusiv-
ity measurements was found at A = 130 ms. The difference
between atrophic injury and the control model was found
to increase as the difference in mean fiber size increased.
Large differences in the DT were not observed in tenot-
omy models or in day 14 or 30 cardiotoxin models, likely
because the models had similar fiber sizes to the control
model. The largest contrast between control and tenotomy
models was observed at day 30, with a difference in FA of
0.09 at 250 ms, which coincides with the largest difference
in mean fiber size between the two models (—12.6 pm).
When comparing models with edema (cardiotoxin day 3,
7, botox day 1) to control muscle, a local maxima or minima
in the diffusion profile between control and injury models was
not observed (Figure 4; Supporting Information Figure S2).
For example at small A, the day 7 cardiotoxin model
was found to have a larger FA and smaller MD than con-
trol model, which is suggestive of smaller overall fibers.
However, at long A this is reversed, with cardiotoxin having
a smaller FA and larger diffusivity than control muscle which
suggests larger muscle fibers, even though the cardiotoxin
model has slightly smaller muscle fibers (—4 pm) than con-
trol muscle. Interestingly at A = 250 ms, no effective differ-
ence in FA between control and the day 7 cardiotoxin model
would be observed, while at smaller or larger A, a difference

in magnitude in FA of up to 0.1 would be observed. This
highlights the importance of understanding how selection of
A affects the ability to resolve microstructure driven differ-
ences in the DT between normal and injured skeletal muscle.

3.4 | DT in simplified models of muscle
microstructure at short, medium, and long A

As fiber size and edema were determined to be the main
microstructural features of muscle driving differences in the
DT, models with a simplified, tessellated hexagon geometry
were used to elucidate these relationships at short (50 ms),
medium (170 ms), and long (400 ms) A. A normal mus-
cle fiber diameter is approximately between 40 pm and
60 pm. For fibers in this span, the greatest dynamic range
in the DT measurements was found for A = 170 ms for
FA, MD, and RD (Figure 5A-C). Interestingly, these find-
ings also demonstrate that, if the normal fiber diameter that
one is expected to measure is smaller (eg, mouse; 20 pm to
40 pm), a shorter A of 50 ms may actually increase the dy-
namic range of DT measurements, increasing sensitivity to
detect changes in this range. Generally, the dynamic range of
the DT in muscles with larger average fiber size (>60 pm) is
similar across short, medium, and long diffusion times. For
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models simulating edema, as the extracellular volume fraction
increased, the DT measurements made at short, medium, and
long diffusion times were found to converge (Figure SD-F).
In comparison to models varying fiber size, edema was found
to have less of an effect on the diffusion tensor overall at
short, medium, and long diffusion times.

3.5 | RPBM model to predict muscle
microstructure

Key output variables from the RPBM model included D, T,
and {, which were used to estimate S/V and fiber size of the
histology informed muscle models. RPBM was found to sys-
tematically underestimate fiber size compared to the actual
diameter of the muscle fibers in the model for each voxel
for each simulated model, with a bias of 22.6 pm + 7.1 um
(Figure 6A,B). However, RPBM was found to accurately
predict actual S/V of the muscle fibers simulated in this study
(Figure 6C,D). When actual fiber diameter was compared to
the RPBM estimated S/V of each model, an inverse relation-
ship between the two variables was observed (Figure 6E,F).
Given that Equation 9 from Novikov et al'l is an approxi-
mate relationship derived from the geometry of a square lat-
tice and not from actual muscle microstructure, a physiology
based supplementary analysis was performed. Fiber diame-
ter, area, and S/V was measured from 14,221 muscle fibers
with geometry extracted from separate histology not used for
the simulation models of control and a botox injury model at
acute and chronic timepoints after injury. An inverse relation-
ship was found between S/V and both fiber diameter (= 2'723

and area (= 959'#

ing 89.5% and 87.0% of the variance in the models, respec-
tively (Figure 7).

), with inverse nonlinear regression explain-

3.6 | Comparing simulated and
experimentally acquired time-dependent
diffusion data

The average fiber diameter of the skeletal muscle from the
experimentally acquired DT data was 50.0 pm + 10.0 pm.
The average fiber diameter from the simulated DT data was
49.5 pm + 2.4 pm. The apparent diffusion coefficient (ADC)
in experimentally acquired data was 1.2 x 10~ mm?s, which
was lower than that used for simulation (1.8 X 1073 mmz/s).
Therefore, to account for the offset in diffusivity between
measured and simulated experiments, MD and RD were nor-
malized to their respective ADC. Experimental MD/ADC
and RD/ADC decreased as a function of diffusion time, in
agreement with the simulation data (Figure 8). In general,
FA increased over the range of diffusion times and was in
good agreement between both the simulation and experimen-
tal data.

4 | DISCUSSION AND
CONCLUSIONS

DTI has the potential to be a useful clinical tool if it can
successfully identify microstructural changes that are as-
sociated with injury, disease, or aging. As fiber size is a
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fiber size. F) Actual surface area to volume ratio versus RPBM predicted fiber size

fundamental metric of muscle health, understanding the
limits of DTT’s sensitivity to fiber size is important if DTI
is to be adopted as a functional alternative to invasive bi-
opsy and histology. Furthermore, these findings can be
used to select a A that will maximize the statistical SNR in
the DT measurements (note: not signal to noise ratio of the
images themselves) between normal and injured muscle,
which in turn can be used to minimize sample sizes for
between group comparisons.

In this study, we evaluated how A affects the resulting
DT through simulation in physiologically relevant models of
muscle injury. Driven by fiber size variation and simulated
edema, differences in the diffusion profile were observed be-
tween muscle injury models with increasing A. In atrophic
models without edema, maximum contrast between healthy
and injured skeletal muscle was found between diffusion en-
coding times of 130 ms and 250 ms. In models with larger or
similar average fiber size compared to control, small differ-
ences in the DT were found at all A, with no clear time where
there was maximum contrast compared to control models.
This suggests that DTI may not be as sensitive to detecting
muscle hypertrophy compared to muscle atrophy, depending
on the extent of relative change in fiber size. This is sup-
ported by our previous study and the models with simplified
geometry in this study, which demonstrated increased sen-
sitivity to atrophy and decreased sensitivity to hypertrophy
in DTI-based measurements of muscle microstructure.”’ In
models with simulated edema, a different characteristic diffu-
sion profile was observed compared to non-edematous mus-
cle; lower FA and increased diffusivity were observed at long
A. Compared to the control muscle, these findings demon-
strate that only measuring the DT at a single A in edematous

muscles may result in improper characterization of the under-
lying muscle microstructure.

If only a single A can be measured, a A between
130 ms and 250 ms maximizes sensitivity to detecting mus-
cle atrophy for physiologically relevant muscle fiber sizes
(40 pm-60 pm). However, as mentioned previously, this
approach is prone to mischaracterizing underlying micro-
structure if significant edema is present. Therefore, when
scan time permits, we propose that the DT be measured at a
minimum of three A—short (A < 90 ms), medium (130 ms
< A <250 ms), and long (A > 400 ms)—from which a more
complete understanding of how underlying microstructure
influences the DT may be attained. For example, if a muscle
is undergoing atrophy, at short A slightly elevated FA com-
pared to control would be observed, with a larger elevation
of FA observed at a medium A, and an FA between short A
and medium A at long A. However, if a slightly elevated FA
was observed at short A and a decreased FA compared to
control was observed at long A, this may indicate edema is
present. The expected difference between injured and con-
trol muscle for FA and diffusivity measurements for atro-
phic, hypertrophic, and edematous muscle are summarized
in Table 2.

A secondary goal of this study was to evaluate the ability
of the RPBM model to predict muscle fiber size. While the
RPBM model was found to systematically underestimate
muscle fiber size, it accurately estimated the S/V ratio. When
directly compared, RPBM predicted S/V ratio appeared to be
inversely related to the actual fiber size. However, the dy-
namic range of S/V was greatest for fiber diameters less than
50 pm, indicating that S/V may be more sensitive to muscle
atrophy than hypertrophy. While, S/V is traditionally not
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measured in histological assessments of muscle, diameter
and area are common metrics of muscle health as they are
related to whole muscle function.*? To investigate the po-
tential relationship between fiber diameter, area, and S/V
over a physiologically relevant range of fiber sizes in healthy
and injured muscle, a supplementary analysis was performed
on 14,221 muscle fibers with histology informed geometry.
Since S/V is a direct output measurement of the RPBM
model, and fiber size is based on an approximation, a physi-
ology informed conversion from S/V to fiber size was deter-
mined to be more appropriate than simply scaling in order to
fit the RPBM model alone. This analysis determined that

6.29
a==

o is a more appropriate relationship to convert RPBM
measured S/V to estimated muscle fiber size than the previ-
ous conversion (Equation 5), which was based on the geome-
try of a square lattice.

This study used a stimulated echo DTI pulse sequence,
as the A’s probed in this study are not feasible using the
spin-echo DTI pulse sequence used in our prior simulation
study.20 Spin-echo pulse sequences are sensitive to the short
T2 relaxation of skeletal muscle as a result of the relatively
long TEs that are required to apply diffusion weighting. This
generally limits A to ~40 ms or less in most spin-echo DTI-
based studies of muscle microstructure, with even shorter
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TABLE 2 Summary of DT measurements of general muscle
injury models compared to control muscle

DT (A)
Short Medium Long
<90ms 130 ms-250 ms >400 ms
FA Atrophy + +++ ++
Hypertrophy — — - -
Edema =/+ =/— _
Diffusivity  Atrophy - - —
Hypertrophy — =/+ + +
Edema =/— =/+ +

+ Indicates that the diffusion measurement would increase relative to control
muscle. — indicates that the diffusion measurements would decrease relative
to the control muscle. The number of symbols is related to the approximate
magnitude of the difference between control and injured muscles.

A at higher magnetic field strengths.zl50 However, even at
shorter diffusion times (A = 9 ms), we have demonstrated
that fiber size accounts for 40% of the variance in the DT
using spin-echo DTI, and up to 70% of the variance in the
DT when a multi-echo spin-echo DTI pulse sequence is used
to separate diffusion from the intracellular and extracellu-
lar compartments based on differences in compartmental
T2 relaxation.”” The results from the present study indicate
that, when edema is present, there is less contrast between
models with different fiber sizes and the diffusion signal
arising from the increased extracellular water is dominating
the overall diffusion signal, especially at long A. While spin-
echo DTI may not have the same sensitivity to muscle fiber
size as stimulated echo DTI in non-edematous muscle, in the
presence of edema, multi-echo spin-echo DTI may provide
enhanced sensitivity to muscle fiber size compared to stim-
ulated echo DTI. Therefore, the decision to use a spin-echo
or a stimulated echo DTI pulse sequence to monitor muscle
fiber size may be informed by the potential inflammatory
state of the muscle.

All of the simulations in this study were performed with
no noise in order to investigate the precise relationship be-
tween microstructure and the DT. As stimulated echo DTI
pulse sequences only refocus half of the magnetization, they
have a lower SNR than spin-echo DTI pulse sequences at the
same TE. Therefore, the DT calculated from stimulated echo
DTT is more susceptible to noise. Under low SNR conditions,
A3 is typically underestimated, resulting in overestimation of
FA."” This is likely to decrease the sensitivity of FA and RD
to detect fiber size differences between muscles. Prior studies
have demonstrated that the minimum SNR required to get ac-
curate DT measurements is 20.'>! Therefore, future studies
will investigate the effect of noise on the ability to discern
differences in the DT in models of known muscles size at the
optimal A under low SNR (<20), minimum SNR,20 and high
SNR (>40) conditions.

An additional goal of this study was to validate the sim-
ulated findings by comparing DT measurements in simu-
lated models with histology informed geometry and real
muscle tissue under similar imaging parameters. Relative
agreement between the trajectory of MD, RD, and FA were
found between simulated and experimentally acquired data
over the diffusion times evaluated. The reduced ADC in un-
normalized experimental data was likely due to thermally
driven differences in the diffusion of water, as the tissue
was from sacrificed animals and scanned at room tempera-
ture. There is an expected 2%/°C change in ADC as a func-
tion of temperature.52 While the sample temperature was
not explicitly measured, if we assume body temperature =
37°C and room temperature = 21°C, this would result in a
reduction of ADC by about 30%, which would result in and
ADC=1.26x% 1073 mmZ/s, similar to what was experimen-
tally measured (ADC = 1.2 X 10" mm?%s). This phenom-
enon may explain that, when MD and RD were normalized
by ADC, good agreement in the DT was found between
simulated and experimentally acquired measurements at
multiple A. This highlights the relationship between dif-
fusion and temperature; if the overall diffusion is lower,
the mean squared displacement of diffusing particles de-
creases, resulting in fewer potential interactions with the
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restrictive membrane. Future in situ MRI scans will be
performed using a heating pad in order to standardize dif-
fusion measurements at body temperature. Additionally, a
future in silico study will investigate the relationship be-
tween the DT and muscle microstructure as a function of
thermally controlled diffusion.

Fatty infiltration and fibrosis are common hallmarks of
muscle degeneration often occurring in parallel with, or
secondary to muscle atrophy. In particular, fat has consis-
tently been demonstrated to confound DTI measurements
in patients with neuromuscular degenerative disorders.’'
Generally, increased fat signal percentage has been shown
to decrease overall diffusivity and increase fractional an-
isotropy.53 To combat this, several groups implement fat
suppression techniques in order to isolate the diffusion sig-
nal originating from muscle tissue. > In the context of
this study, the histology informed models came from rat
injury models, which traditionally demonstrate very low
overall fatty infiltration and any fat signal is unlikely to
significantly alter the overall effect of the diffusion signal.
Future simulation studies will systematically evaluate the
role of fatty infiltration on diffusion measurements from
histology informed models of human neuromuscular de-
generation. The effect of fibrosis on the diffusion signal
is less clear. Previously, we have evaluated the effect of
fibrosis using a simplified model; increasing the spacing
between muscle fibers.?’ Of the four main muscle micro-
structural features evaluated (fibrosis, fiber size, permea-
bility, edema), fibrosis was routinely found to have the least
overall effect on the diffusion signal. Furthermore, collage-
nous tissues present in fibrosis generally have an extremely
short T2 relaxation time, which is difficult to assess using
traditional spin-echo and stimulated echo preparations.
However, fibrosis is a complicated biological process that
results in tissue properties that are not easily characterized
and, thus, difficult in which to model the diffusion effects.

This study had a few limitations. The models in this
study were of 2D structures that were extrapolated into 3D,
because it is difficult to histologically assess 3D geome-
try of multiple muscle fibers. However, it should be noted
that this is also an assumption in histology, and that muscle
fiber geometry is relatively uniform longitudinally; there-
fore, slight variations in longitudinal microstructure are
unlikely to significantly affect the DT. Additionally, small
extracellular and intracellular structures (ie, collagen, my-
ofilaments) were not directly modeled, as they could not
be clearly identified from histology. The presence of these
structures was partially accounted for by the assigned dif-
fusion coefficients for particles in these regions as they
were derived from studies measuring the diffusivity of
small macromolecules around these structures. Another
limitation of this study was that the simulated model that
was compared to the experimentally acquired data was

generated from rat histology with nearly identical fiber size
(acquired 50.0 pm vs simulated 49.5 pm), not from histol-
ogy from the rabbits themselves. This was chosen because
fiber size is considered the primary barrier to diffusion,
and there is no evidence that the diffusion coefficient of
water in muscle varies between species. Future compari-
sons between simulated and acquired data will use histol-
ogy from the acquired data to generate in silico models.
Finally, at prolonged A in experimentally collected data,
slice selection gradients substantially contribute to the ef-
fective b-value. In order to account for this, the nominal
b-value was adjusted such that the effective b-value would
remain ~500 s/mm? (Supporting Information Figure S3).
Furthermore, to account for directional variations in the
effective b-value in experimentally collected data, the
b-matrix was used to solve for the DT.

Using in silico modeling to carefully relate microstructural
features of muscle to the DT allows for precise control over the
entire diffusion experiment. The findings of this study provide
a framework for identifying what single A, or combination of
A may provide the most accurate interpretation of the relation-
ship between DTI measurements and muscle microstructure.
Furthermore, this study also helped to independently validate
RPBM as potential tool to translate DTI data to the underlying
muscle microstructure, when scan time allows for multiple A
to be sampled. RPBM was found to accurately predict S/V of
muscle fibers and is inversely correlated with fiber size. The
sub-analysis in this study determined a better conversion be-
tween S/V and fiber size measurements, which may increase
the accuracy of RPBM for predicting muscle fiber size. Taken
together, these findings explore how to maximize sensitivity
of DTT to muscle microstructure so that this technique can be
used clinically with the long-term goal of noninvasively iden-
tifying disease, monitoring disease progression, evaluating
treatments, and reducing the need for muscle biopsies.
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SUPPORTING INFORMATION
Additional Supporting Information may be found online in
the Supporting Information section.

FIGURE S1 Fractional anisotropy (left column), mean dif-
fusivity (middle column), and radial diffusivity (right col-
umn) of each injury model at each diffusion time. Mean fiber
size of each model at each time point is reported in the figure
legend

FIGURE S2 Difference in fractional anisotropy (left col-
umn), mean diffusivity (middle column), and radial diffusiv-
ity (right column) between the control and injured model at
each diffusion time. A positive difference indicates that the
injury model has a larger diffusion measurement at that time
point. The difference in mean fiber size between the control
and injury models at each time point is reported in the figure
legend

FIGURE S3 Mean and standard deviation of the b-values
for each diffusion direction as a function of diffusion time.
The applied b-value at increasing diffusion times was varied
(blue) in this study, to ensure that the effective b-value re-
mained near 500 s/mm?. If the applied b-value was not varied
(red), the effective b-value increased greatly with increasing
diffusion time due to imaging gradients
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