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ABSTRACT

HUMAN MUSCLE STRUCTURE-FUNCTION RELATION
IN-VIVO USING MAGNETIC RESONANCE IMAGING
MODALITIES

Non-uniform muscle deformation has become a frequent finding in biomechanics
research, using imaging modalities operating at different resolution levels from sarcom-
eres to fascicles. Mainly due to technical limitations, interpretations of these findings
are detached from a theoretical foundation that considers the muscle with mechanical
links to its surrounding. To enable this vital consideration, this thesis aims at devel-
oping and testing the validity of a multimodal MRI method that bridges the under-
standing between non-uniform mechanical deformations and their myofascial origins,
in-vivo. 1) Supplemented with DTI tractography, registration-based fiber direction
deformations and principal strains on NVTs characterized the myofascial loads in re-
lation to the strain heterogeneity pattern in active muscle (proximally shortened (up
to 22%), distally lengthened (up to 108%) fascicles). Inter-subject deviations from
the general pattern were in agreement with subject specific anatomy. 2) A multiverse
analysis was performed on the tuning parameters of the demons registration algorithm
to assess the validity of strain distribution pattern against algorithmic choices. Results
showed that the overall deformation pattern was immune to such perturbations, yet the
strains amplitudes underwent significant changes. 3) To add orthogonal information
to the myofascial origin assessment and validation of strain distributions, quantitative
and velocimetry MRI were used. T1 mapping showed promising results in associating
microstructural content with the strain distribution pattern. SR patterns from 2D VE-
PC showed weak similarities with registration-based principal strains, whereas those
from compressed sensing 4D-PC showed much better agreement. Collectively, these
studies show a way forward for the understanding of in-vivo muscle structure function

relationship with implications for muscle physiology in health and disease.

Keywords: Magnetic Resonance Imaging (MRI); Diffusion Tensor Imaging (DTI);
Myofascial loads; quantitative MRI; Velocimetry; Validation
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OZET

INSAN KASININ YAPI VE FONKSIYON ILISKISININ
MANYETIK REZONANS GORUNTULEME
MODALITELERI KULLANILARAK IN-VIVO
DEGERLENDIRILMESI

Cegitli goriintiilleme yontemleri kullanilarak yiiriitiilen biyomekanik ¢alismalarda,
heterojen gerinim dagilimi yaygin bir bulgu haline gelmistir. Ancak, bu bulgularin
yorumlanmasinda, kasin cevresi ile olan mekanik baglantilarini gozeten bir yaklagim
benimsenememektedir. Bu nedenle, mevcut tez calismasi, heterojen kas deformasyon-
larinin miyobagdokusal kokenlerini arastirmayi saglayacak ¢cok modaliteli bir MRG yon-
teminin gelistirilmesini ve gegerliliginin test edilmesini hedeflemektedir. 1) DTG trak-
tografisi destegiyle, goriintii ¢akistirma temelli fiber yonlii deformasyonlar ve NVY iiz-
erinde hesaplanan hakim gerinimler, miyobagdokusal yiikleri gerinim heterojenitesinin
oriintiisii dahilinde nitelendirildi (%22’ye varan proksimal kisalma ve %108’e varan
distal uzama). Oriintiiye uymayan gerinim dagilimlari, NVY’lerin kisisel anatomik
farkhliklar1 ile agiklandi. 2) Gerinim dagilim oriintiisiiniin gegerliligi, demons goriintii
cakistirma yontemine ait algoritmik secimler karsisinda caligildi. Elde edilen sonuclar,
bu parametrelerin fiber yonlii gerinim oriintiisiiniin degil; ancak genliklerinin anlaml
bir belirleyeni oldugunu ortaya koydu. 3) T1 haritalama yontemi, gerinim dagilim
ortintiisii ile doku mikroyapisal igerik arasindaki ilintiye cevap tegkil edebilecek bul-
gular sagladi. 2B velosimetre MRG ile elde edilen gerinim hiz haritalari, goriintii
cakistirma temelli gerinimlerle zayif benzerlik gosterdi; ancak sikigtirilmig algilama
temelli 4B velosimetre ile yapilan karsilagtirmalar daha mukayese edilebilir oriintiiler
ortaya koydu. Sonug olarak bu ¢alismalar, insan kas yapi ve fonksiyon iligkisinin an-
lagilmasi icin etkin bir in-vivo yontem ortaya koymustur. Bu yontemlerle elde edilecek
bulgularin, saglikli ve patolojik kas fizyolosine yeni bir bakis acis1 getirebilecek 6nemli

implikasyonlar sunmasi1 beklenmektedir.

Anahtar Sozciikler: Difiizyon Tensor Gortintiileme (DTG); Manyetik Rezonans Go-
riintiileme (MRG); Miyobagdokusal yiikler; Kantitatif MRG; Velosimetre;Validasyon
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Figure 1.1

Figure 1.2

LIST OF FIGURES

Schematic illustration of the combined MRI-DRTI method to
calculate fiber direction strain distributions, exemplifying the
deformation in passive medial gastrocnemius (GM) muscle be-
tween flexed (undeformed) and extended (deformed) knee joint
configurationss.

Diffusion Tensor Imaging (DTI) tractography of human medial
gastrocnemius (GM) muscle. a) GM fascicles (red) are visualized
within the reconstructed surface mesd model (gray) of the mus-
cle. b) Spatial distribution of nodal fractional anisotropy (FA)
values. c¢) Coronal anatomical image showing the crossection of

the FA-mapped GM fascicles.

XV

10



Figure 2.1

Figure 2.2

(a) Subject position in the undeformed (relaxed) and deformed
(15% MVC) states was constant. The body was positioned prone
on the patient table in the bore of the MRI machine. A custom
made MRI compatible fixation device was used to fix the ankle
angle at 90°. The foot pedal located in this device is equipped
with an MRI compatible dynamometer (Biopac TSD121B-MRI,
CA, USA) to measure the MVC level during scanning. An MRI
compatible monitor allowed subjects to adjust and maintain ac-
tivation at the target level. A piece of Velcro under the heel and
strapping over the ankle allowed ?xation of the ankle angle. To
locate the knee joint in extended position, a piece of Velcro was
attached to the patella and a corresponding piece of Velcro was
placed on the MRI table. (b) A sagittal-oblique anatomical MR
image, aligned with the longitudinal axis of the GM (indicated in
turquoise). (c¢) A matching diffusion weighted image (DWI) set is
superimposed semi-transparently on the corresponding position
of the GM. The region between the white dashed lines marks the
longitudinal boundaries of the collected DWI. (d) The tracked
GM fascicles (indicated in black) in the section considered are
shown.

Fiber direction strain distributions occurring due to the original
(a), and the repeat (b) protocols. The left panels show the ante-
rior and the right panels show the posterior view of the tracked
GM fascicles. The GM volume studied was divided into ten mus-
cle parts (P4-1, M1-2 and D1-4) per each 10% volume along the
proximo-distal length. These muscle parts are indicated using
dotted lines, where P4, D4 and M1-2 represent the most proxi-

mal distal and mid parts, respectively.

Xvi

29

35



Figure 2.3

Figure 2.4

Box and whisker plots for (a) error strains and (b) strains along
the GM fibers caused by 15% MVC effort. The horizontal line
inside each box represents the median strain value; the upper
and lower edges of each box itself represent upper and lower
quartiles respectively (i.e., the 75th and 25th percentiles), and
lines extending from each end of the box (whiskers) indicate the
peak values of the principal strains plotted. (c) Distribution of
fiber direction strains of different nodes for the pooled data from
all subjects.

Effects of 15% MVC isometric submaximal plantar-flexion activ-
ity on GM fascicles and neurovascular tracts for subjects A-C.
Fiber direction strain values are mapped on tracked GM fascicles
(the leftmost and mid panels show the anterior, and the right-
most panel shows the posterior view) per subject. The mid and
the rightmost panels also show the superficial (dark gray) and
deep (light gray) NVTs and the continuity of these structures
with the GM tissues. The intersections of the NVTs with the
GM fascicles are highlighted. The insets (dashed boxes) focus
on muscle regions showing high fiber direction strain amplitudes
indicating fascicle lengthening. The first principal strains calcu-
lated for those NVT sites are visualized using glyphs to indicate
presence of myofascial loads. The direction of each glyph is de-
termined by the corresponding Eigen vector. The length of each
glyph is proportional to the size of local peak strain. The larger
color bars on the left report the fiber direction strains and the
smaller ones on the right reports the first principal strains on the

NVT structures per subject.
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Figure 2.5

Figure 3.1

Effects of 15% MVC isometric submaximal plantar-flexion activ-
ity on GM fascicles and neurovascular tracts for subjects D-E.
Fiber direction strain values are mapped on tracked GM fascicles
(the leftmost and mid panels show the anterior, and the right-
most panel shows the posterior view) per subject. The mid and
the rightmost panels also show the superficial (dark gray) and
deep (light gray) NVTs and the continuity of these structures
with the GM tissues. The intersections of the NV'Ts with the
GM fascicles are highlighted. The insets (dashed boxes) focus
on muscle regions showing high fiber direction strain amplitudes
indicating fascicle lengthening. The first principal strains calcu-
lated for those NV'T sites are visualized using glyphs to indicate
presence of myofascial loads. The direction of each glyph is de-
termined by the corresponding Eigen vector. The length of each
glyph is proportional to the size of local peak strain. The larger
color bars on the left report the fiber direction strains and the
smaller ones on the right reports the first principal strains on the
NVT structures per subject.

Serial distribution of local fiber direction strains (&) along tracked
fascicles of the medial gastrocnemius (GM) on knee extension are
visualized across participants (participants A-E, rows) and for
tuning parameters where « equals o (C*=7, columns). Horizontal
color-bars show min-max (turquoise), range (white) and zero-
crossing (yellow) of the respective ¢ distributions. Dashed white
lines indicate 10 muscle parts along with corresponding tags and

categorical color palettes.
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Figure 3.2

Figure 3.3

Figure 3.4

Annotated heatmaps plot median fiber direction strain values
at each muscle part (é;z;?) across all tuning parameter config-
urations (C{®?) columns). The color scales are adjusted in-
dependently per tuning parameter combination to inspect the

) patterns against parameter

consistency of proximo-distal 5;%’5
changes. The C'*=? pairs are indicated by white quotation marks
for the reader’s convenience.

Kernel density ridgeline plots of modified z-score distributions
across all the tuning parameter combinations (z(*)) are dis-
played for the P4, M1, and D4 muscle parts (rows) of the partic-
ipants B-D (columns). The horizontal axis limits of each panel
are determined individually by the min-max across all the density
plots.

Number of significant post-hoc comparisons across muscle parts
are shown for the tuning parameter combinations as annotated
heatmaps per participant. The color scales are adjusted to min-
max of 0-9, as the maximum possible number of significant post-
hoc differences for 10 groups is 9 (i.e., one muscle part can be
significantly different than all the remaining 9 muscle parts at

the most).
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Figure 3.5

Figure 3.6

Figure 4.1

Steps of hierarchical shift function (HSF) analysis illustrated for
the difference between C* and C{%19 in participant C: (a)
An individual shift function (SF) of muscle part D4 (right) is
constructed based on the quantile differences (yellow circles) in
association with the location of compared quantile pairs (beige

. (44) (10,10
bars) in zp); "’ and z)),

) distributions (green swarmplots). (b)
Individual SFs are constructed for each muscle part and over-
laid by vertically aligning their quantile differences (right). The
quantile difference at g5 approximately equals to the difference

(4,4) 10,10)

between z,,.; and z;art (left) for a given muscle part. (c) Fish-

par
bone plot showing muscle part comparisons by white circles at
(20% trimmed) means of quantile differences and confidence in-
tervals of the corresponding one-sample t-test.

Hierarchical shift function (HSF) plots are shown for the differ-
ences between the binary pairings of modified z-score distribu-
tions where o equals o (rows) per participant (columns). Panels
contain 10 colored shift functions (SF), one for every muscle part.
Each SF is plotted by the quantile differences of compared tuning
parameter pairs (2§57 - 25-7) against the quantiles of the first
pair (2§57). The bold white SF outlines the quantile differences
in muscle parts by trimmed means (white markers) and confi-
dence intervals (CI). The y-axis limits are the same (from -3 to
3) to allow easy visual comparison across the panels. Inclusion
of the null value of 0 in a CI indicates no significant effect for the
respective decile differences.

Sagittal plane images from 3D volumes acquired using different
sequences and by altering specific parameters for the qMRI ex-
periement. Inset figure (upper right) shows the relation between
input /output data and respective information for each image by

their placement on the layout.
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Figure 4.2

Figure 4.3

Figure 4.4

Figure 4.5

Schematic illustration of the data structure acquired for the cross-
modality validation of the demons-generated-strain distribution.
a) Velocity-encoded phase-contrast (VE-PC) data acquired dur-
ing repetitive 15% MVC isometric plantarflexion. b) Undeformed
(relaxed) and deformed (15% MVC sustained isometric plan-
tarflexion) high-resolution anatomical datasets acquired using 3D
spoiled gradient-echo (SPGR) sequence.

Medial gastrocnemius (GM) muscle fibers reconstructed using
new acquisition parameters and tractography pipeline. Densely
packed streamlines are representative of the muscle structure and
present across the longitudinal coverage of the FOV of diffusion
weighted volume. Tracts were transparently colored at random
to provide a better sense of orientation.

Serial fiber direction strains are visualized on the tracked fascicles
of the medial gastrocnemius (GM) muscle for paired alpha (rows)
and sigma (columns) combinations.

Lower triangle: Scatter plots for the paired alpha-sigma combina-
tions ( C'*?)| Vo, € {4,6,8,10}) of mean fiber direction strains
(€7). Pairs underwent at least one sign swap among these pairs
are shown by yellow markers, green otherwise. Upper triangle:
Shift function plots for the same alpha-sigma combinations are
given in the lower triangle. These plots show 9 markers to repre-
sent intervals from 10 deciles. Horizontal axis gives the first pair,
whereas vertical axis represents differences between the deciles
of pairs. Vertical lines crossing each marker represent confidence
intervals (CI) of the respective decile. Inclusion of zero (hori-
zontal dashed line) indicates that the compared deciles are not
significantly different (green). Significantly different deciles are
indicated by yellow vertical line. Note that distributions are
z-score normalized. Therefore 5th marker from the beginning
corresponds to the mean decile. Remaining markers to its right

and left represent strain deciles above and below the mean decile.
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Figure 4.6

Figure 4.7
Figure 4.8

Figure 4.9

Figure 4.10

Figure 4.11

Heatmap of the normalized mean squared errors calculated be-
tween the registered (transformed undeformed state) image and
the deformed state image for all parameter combinations.

An axial slice of the quantitative T1, MTR and MTsat maps.
Serial and mean distributions of fiber direction strains (obtained
at C%9) T1, magnetization transfer saturation index (MTsat)
and radial diffusivity (RD).

Positive eigenvalues of the strain rate tensor plotted through-
out the contraction cycle (22 frames) at the proximal (red), me-
dial (green) and distal (blue) regions of the medial gastrocne-
mius. Negative eigenvalues (SRyfier) upon plantarflexion are
shown (top row) for 8 out of 22 frames, corresponding to the
contraction phase (approximately from 3th to the 10th frame).
Positive eigenvalues of the strain rate tensor plotted through-
out the imaging cycle (22 frames) at the proximal (red), medial
(green) and distal (blue) regions of the medial gastrocnemius.
Positive eigenvalues (SRy,—piane) upon plantarflexion are shown
(top row) for 8 out of 22 frames, corresponding to the contraction
phase (approximately from 3th to the 10th frame).

Side-by-side comparison of (left) the negative eigenvalue map of
the SR (SR fipe,) from 2D VE-PC (the peak plantarflexion phase
of cyclic 15% isometric contraction) and (right) third principal
strains calculated from the non-rigid demons registration of 3D
SPGR images (relaxed vs on sustained 15% isometric plantarflex-
ion). Note that the slice location of the demons-based strain map

(right) was set manually to mimic that of VE-PC.
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Figure 4.12

Figure 4.13

Figure 4.14

Figure A.1

Figure B.1
Figure C.1

Side-by-side comparison of (left) the positive eigenvalue map of
the SR (SRin—piane) from 2D VE-PC (the peak plantarflexion
phase of cyclic 15% isometric contraction) and (right) first prin-
cipal strains calculated from the non-rigid demons registration of
3D SPGR images (relaxed vs on sustained 15% isometric plan-
tarflexion). Note that the slice location of the demons-based
strain map (right) was set manually to mimic that of VE-PC.
Comparison of deformation patterns between highly accelerated
4D compressed sensing (CS) flow acquisition and demons-based
strains. a) Negative eigenvalue map of the SR (SR ) and b)
Negative eigenvalue map (SRin—piane) from 4D CS PC. ¢) Third
and d) first principal strains from demons-based strain quantifi-
cation.

Comparison of 4D compressed sensing (CS) flow magnitude re-
constructed image (left, 2x2x5mm) and turboFLASH T1w high-
resolution (right, lmm iso) images.

Parallel distribution of fiber direction strains for each subject.
Mean fiber direction strains of different tracts are mapped on a
reference cross-sectional slice separately for each subject. The
reference slice is chosen so as to maximize the fiber representa-
tion within the muscle cross section. Negative values represent
shortening and positive values represent lengthening. Strain lim-
its are not normalized to reflect individual parallel distribution
differences.

hjgfd

Split-violin plot matrix visualizing the serial fiber direction short-
ening (red) and lengthening (turquoise) distributions yielded by
paired alpha (rows) and sigma (columns) combinations. Sus-
pected outliers (1.5 interquartile range far from the median) were
represented by markers, whereas outliers were discarded from vi-

olin plots.
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Figure C.2

Figure C.3

(a) Box and whisker plots for magnetization transfer ratio (MTR)
distribution in medial gastrocnemius (GM), lateral gastrocne-
mius (GL), soleus (SOL), tibialis anterior (TA) and peroneus
(PER) muscles. (b) Axial cross-section of MTR map. (c) Region
of interest (ROI) masks. Small interquartile ranges indicate low
variability in the distribution of MTR vales in axial cross-sections
for all ROIs. All target muscles appear to have a quite similar
mean MTR value with noticeable number of outliers.

[llustration of the difference between Lagrangian and Eulerian
mesh descriptions. In Lagrangian coordinates, the relative posi-
tion of material points (blue dots) remain stationary against the
grid locations (black dots on the mesh) as the material deforms.
In other words, the material coordinates are fixed, the mesh de-
forms with the material. In Eulerian coordinates, the material
coordinates (blue dots) change in time, whereas the grid locations

(black dots) remain constant.
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1. OVERVIEW

1.1 Seed, Soil and Force Transmission: A Wholistic Look at
the Muscle Function

The views on how in-vivo musculoskeletal force is transmitted to determine the
muscle function draw surprisingly close parallels to the hypotheses that shaped the
modern research methods in cancer treatment. Regarded as one of the most outstand-
ing scientific concepts, the cancer seed and soil hypothesis nicely captures some of the
key aspects of considering skeletal muscles within their surroundings to understand
how they function, namely epimuscular myofascial force transmission (EMFT) [2]. As
the seed and soil hypothesis predates the EMFT by over a century and its implications
have already been widely established in developing treatment strategies [3], this section

will start with a brief look at its concept.

The paradigm shift in cancer metastasis research started in 1889 with the pos-
tulation of the seed and soil hypothesis by Stephen Paget [4]. In hindsight, the key
argument of this seminal hypothesis appears too reasonable to be flouted: the biologic
events involved in the spread of malignancy does not take place at random, instead
they are determined by a unique interaction between the tumor ("the seed") and or-
gan microenvironments ("the soil"). On the other hand, the traditional approach to
metastasis research was focused merely on the seed to explain why they proliferate in
multiple locations. Given that seeds necessitate an arable soil for growth, de-linking
them from where they naturally exist (i.e., studying the cancer cells in isolation) missed
out on crucial information in a life-or-death race against the clock. Unfortunately, this
traditional approach remained as mainstay of the cancer research, until the seed and

soil hypothesis was challenged by Ewing in 1928.



Offering a coarser explanation, the anatomical /mechanical hypothesis attributed
the metastasis on the organization of the circulatory structures and the rate in which
the organs were hit by cancerous cells traveling within the vascular and lymphatic
pathways [5]. As an epitome of the importance of having competing hypothesis on the
scientific progress, Ewing’s explanations triggered a wave of research on this matter.
Soon later, several studies presented strong sevidence in support of the seed and soil
hypothesis [6, 7], highlighting that what is considered as random biological processes
are highly likely to be complex effect mechanisms we simply fail to understand. This

realization has set the cancer research on a new course.

Today’s modern oncology does not regard these hypotheses as mutually exclu-
sive: anatomical structures responsible for circulation indeed play an important role in
the transportation of malignancy to the remote organs, yet the growth of metastasis
eventually comes down to the interaction between the cancerous tissue and organ mi-
croenvironments [5]. The recent consensus is that the relationship between the function
and structure prevails in a continuum of scales, and the complex interaction between
the tumor and its environment does determine the characteristics of the metastasis. In
other words, the seed should be studied in presence of its soil (Paget) without over-
looking the importance of the larger landscape structures that intrinsically function to

supply them (Ewing).

Like the anatomical/mechanical view on cancer metastasis, the classical ap-
proach to musculoskeletal biomechanics argues that the force generated by sarcomeres
(the seed) is transmitted to the bones solely by myotendinous pathways. This consid-
ers skeletal muscles as independent mechanical actuators that are isolated from their
surroundings. Even though myotendinous pathways carry over considerable portion
of the generated force to the joints, ascribing muscle function only to a mechanical
equilibrium between the muscle and tendinous structures is an oversimplification. As a
result, this view assumes that skeletal muscle undergoes uniform length changes with

equal amount force transmitted to both ends [8].

In-vivo muscle operates within a fascial integral system in which the collagenous



network is tied together continuously at all levels (the soil). The epimysia of adjacent
muscles are linked [9]. Furthermore, collagen reinforced neurovascular tracts (NVT) are
also continuous with this network that links neighboring and distant muscles, allowing
direct intermuscular interactions [10, 11]. Not only muscular, but also non-muscular
structures have also been shown to provide a pathway for force transmission [12|. The
transmission of the force via these structures (e.g. intermuscular septum, interosseal
membrane and bones) is described as extramuscular force transmission. Finally, me-
chanical loads exerted by both inter- and extramuscular mechanical interactions can
be transmitted inside of the muscle, as the muscle fibers are connected to the fascial
integrity via the extracellular matrix (ECM), along their full peripheral surface [13]|. As
a result, inter- and extramuscular mechanical interactions can alter the force balance

within the muscle fibers, collectively defined as EMFT [2].

To address the effects of EMFT on muscle function, many studies were carried
out using finite element modeling, animal experiments and intraoperative experiments.
Several studies were carried out using a finite element model [14], which is specifically
designed to study mechanical interactions between muscle fiber and ECM domains.
These theoretical studies focused on the effect of both isolated and combined epimus-
cular connections during activation in altered muscle lengths [15, 16, 17|, muscle relative
position change [15], surgical procedures [18|, and botolinum-toxin (BTX) application
[19, 20]. Results from in-situ animal experiments [17, 20] were in good agreement
with those from modeling studies, implying heterogeneous sarcomere length distribu-
tion. Clinically highly relevant findings from intraoperative experiments with spastic
cerebral palsy patients revealed that spastic muscle can show normal mechanics and
epimuscular interactions have a critical role in the determination of the impeded joint
range of force exertion [21]. Collectively, all these studies indicate that EMFT has

major effects on the muscle function.

Being guided by the history of cancer research summarized above, overlooking
the importance of the EMFT (i.e., the importance of the soil) for in-vivo muscle func-
tion is more likely to slown down the development of effective treatment strategies

for musculoskeletal diseases rather than being helpful for advancing our understand-



ing. For example, in the treatment of spastic muscle, widely adopted methods include
BTX administration and surgical procedures such as myotomy. These approaches are
based on killing the seed, i.e., incapacitating the force production of the sarcomeres.
Interestingly, both methods have been shown to have unintented downstream [22| or
longitudinal effects [23]. On the other hand, animal studies have demonstrated that
disturbing the soil, i.e., modifying the extramuscular connections of a skeletal mus-
cle can notably reduce muscle’s undesired contribution to the joint torque with more
precise targeting [24] Nevertheless, the potential practical outcomes are yet to be real-
ized in clinical settings. Another important example is the assumptions on the inner
workings of the sarcomere. Although it has been long accepted that the active muscle
force emerges from actin and myosin myofilaments sliding past each other depending
on the cytosolic levels of calcium [25, 26], a recent body of studies have reported that
the titin is also involved in the force regulation due to its calcium-dependent mechan-
ical properties [27, 28, 29, 30, 31, 32, 33|. Incorporating this three-filament paradigm
of muscle contraction into a linked fiber-matrix mesh FEM, it has been shown that
active state titin restricts the sarcomere lengthing nonuniformly within a fascicle [34].
Coupled with the contributions from myofascial loading, the eventual non-uniform sar-
comere length distribution becomes a primary determinant of muscle’s length of force

generation [35].

Nevertheless, conveying consistent research that examines the skeletal muscle
without de-linking it from its in-vivo surroundings comes with its own set of technical
challenges. This is mostly because the measurement methods typically call for inter-
fering with the integrity of a targeted muscle or muscle groups. Fortunately, magnetic
resonance imaging (MRI) offers a powerful non-invasive method to study in-vivo mus-
cle in a decently large field-of-view, with the added benefits of an arsenal of contrasts
mechanisms that can inform us about the structure, kinetic and mechanical properties,
and even about tissue microstructure. The following section provides a brief overview

on the use of MRI in the study of musculoskeletal biomechanics.



1.2 Non-invasive Musculoskeletal Biomechanics Imaging

Principal advances in studying in-vivo musculoskeletal biomechanics have come
in the fields of ultrasound (US) and magnetic resonance imaging (MRI). Recent devel-
opments in US have mostly focused on the real-time quantification of tissue stiffness.
Exploiting the use of propagation of shearwaves in soft tissue, ultasonographic fast
measurements can give a measure of tissue stiffness in terms of shear wave velocity
[36]. For example, this technique was utilized to study association between the tissue
stiffness and activation level [37]|. In addition to US, MRI has also ability to perform
elastographic measurements with the help of an external mechanical perturbation of
the target tissue [38]. On the other hand, recent multi-parametric quantitative MRI
applications those aiming at in-vivo histology provide even more intriguing measure-
ments, such as the determination of macromolecular content. In the last year, different
combinations of diffusion and quantitative MRI techniques have been employed in an
attempt to quantify collagen content in eye [39], breast [40], cortical bone and tendon
[41] and cartilage [42]. Although such techniques are not applied on skeletal muscle
yet, future research is warranted in the determination of in-vivo collagen content in

muscular structures.

The appeal of the forthright measurement of in-vivo mechanical properties and
structural content of the skeletal muscle is obvious. However, a complete assessment
further requires in-vivo quantification of architectural parameters and deformation
characteristics. Fortunately, there are tailored MRI and US techniques available to
satisfy this requirement. Planar sonographic measurements were commonly taken as
a basis to calculate fiber length, curvature and pennation angle in various passive and
active conditions [43, 44, 45, 46]. Such measurements become more even popular dur-
ing the following years, emphasizing the importance of a non-invasive quantification in
evaluating muscle function. A decade later, Bojsen-Moller et al. have presented a novel
approach by calculating relative displacements between the triceps surae muscles upon
the changes in knee joint angle and selective stimulation [47, 48]. They showed evidence
for the presence of a differential displacement between the Soleus and Gastrocnemius

muscles, raising a question concerning the efficiency of 2D US measurements. Despite



the accepted validity of such measurements in biomechanical imaging [31], Rana et
al have shown that planar measures can hardly be regarded as an assured basis for a
comprehensive estimation of in-vivo muscle mechanics [49]. Their findings from 3D US
reconstructions have shown that the majority of the previous US measurements have

missed out highly critical mechanical interactions.

MRI on the other hand, enables multiplanar data acquisition with superior soft
tissue contrasts and without the need for repositioning. Therefore, it is highly suitable
for encoding soft tissue motions that cannot be captured by US in all spatial dimensions,
which opens the way for volumetric quantification of strain. Tissue displacement in
MRI is resolved by velocimetry encoding based approaches, which are spin tagging
(e.g. displacement encoded stimulated echoes, (DENSE)) and phase contrast (PC)
techniques. Spin tagging methods track the signal voids occurring due to tissue motion
on the prescribed grid locations and provide displacement information at those labeled
points. This data can be used with respect to the muscle deformation [50]. The PC
technique provides velocity information for each voxel in the field of view [51], which
makes it possible to quantify 3D displacements on a single plane. Nevertheless, with the
advent of highly-undersampled non-cartesian acquisition and reconstruction methods
[52, 53|, it has become possible to study muscle contraction using 3D time-resolved
velocity-encoded PC data [54]. Nearly a fourfold reduction in scan time has enabled the
study of muscle activation under higher maximum voluntary contraction (MVC) than
ever before, as it requires a considerably less number of consistent contractions [55]. In
that study, Malis et al. (2020) have reported non-uniform strain rate distribution along
the muscle fiber direction in triceps surate muscles at varying MVC, resolved across 50
temporal frames of the isometric contraction-relaxation cycle [56]. This opens a whole
new avenue for using MRI in new experimental settings by tapping into the tradeoff
between the high spatial and temporal resolution, such as monitoring muscle motion on
nerve stimulation and in-vivo characterization of the force-strain temporal correlation
patterns [55]. Given that it is less demanding on the MVC, accelerated acquisition
expands the research gamut of musculoskeletal pathologies to recruit the patients who

cannot sustain higher levels of muscle activity (e.g., Duchenne muscular dystrophy).



Despite these recent advencements, applications of the velocimetry techniques
still remain peculiar to certain experimental (e.g., dynamic) conditions in musculoskele-
tal research. In addition, such advanced acquisition sequences are not easily available
to the most imaging sites. On the other hand, deformable image registration tech-
niques offer a more accessible means to quantify deformation between deformed and
undeformed anatomical image sets that are not necessarily captured during muscle ac-
tivation [57]. Forming the foundation of in-vivo strain quantification technique utilized
by our study group, Demons registration has been commonly used for this purpose
[58, 59]. When applied on 3D high-resolution anatomical image sets, voxel wise strain
tensors can be calculated in an arbitrary frame of reference [57, 60, 61]. However,
information contained by strain tensor is physiologically relevant when expressed with
respect to the muscle fiber direction. Fortunately, versatile nature of the MRI can be
leveraged to localize fiber directions with the employment of diffusion tensor imaging
(DTI). The following section dwells on the methodological aspects of the combined

MRI-DTI method for the assessment of in-vivo musculoskeletal mechanics.

1.3 Combined MRI-DTI Method for In-Vivo Soft Tissue Me-

chanics
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Figure 1.1 Schematic illustration of the combined MRI-DRTT method to calculate fiber direction
strain distributions, exemplifying the deformation in passive medial gastrocnemius (GM) muscle be-
tween flexed (undeformed) and extended (deformed) knee joint configurationss.



1.3.1 Voxel-wise strain tensor calculation using demons algorithm

Demons non-rigid image registration takes two images as input and generates
a displacement field that maps each undeformed state voxel P(X,Y, Z) onto each de-
formed state voxel P(x,y,z). Since both anatomical image sets were acquired using
a high-resolution 3D MRI sequence (Figure 1.1), each voxel in the displacement field

obtained represents a vector (%) in 3D Cartesian coordinates:

Uy r—X
U3 z— 7

Using the displacement field determined, the deformation gradient matrix F is
obtained by arranging the derivatives of the position vectors of the undeformed and

deformed configurations in Jacobian format as follows:
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Lagrangian description of the displacement gradient matrix (Au) is computed

as follows:

Au=F—1 (1.3)

where [ is a 3x3 identity matrix.



Finally, local deformations in Cartesian coordinates are quantified by calculating

Green-Lagrange strain tensor (£) as follows:

1 1
E = §(FTF —I)= §(Au + Aul) + (Auru®) (1.4)
where T" denotes the transposition operator.

1.3.2 Reconstructing fascicles and probing the tissue microstructure using

diffusion imaging

Streamline tractography is a commonly used technique in the treatment of the
DT-MRI data to probe underlying geometric pathways. This tracking knowns to fail
reconstructing representative tracts in the presence of complex fiber architecture due
to within-voxel direction dispersions [62]. This has been one of the long standing
challendes in the reliability of tracking white-matter tracts [63]. However, solutions to
even such problems have been developed such as acquiring multishell diffusion data at
higher b-values, which aims at resolving multiple intravoxel fiber orientations by higher
order signal expansions |64, 65| or mesoscopic biophysical models |66, 67, 68]. On the
other hand, streamline tractography performs well if the physical arrangements of the
fibers within the anatomy of interest are not complex [69]. Skeletal muscles are a good
example to this, as the principal axis of diffusion is dominated by a single direction,
where the fibers do not cross or converge [70, 71|. Nevertheless, the signal to noise
ratio (SNR), the trade-off between increasing the number of excitations vs encoding
more diffusion directions, the b-value optimization (typically around 500 s/mm?) and
confounding T2 changes (e.g., muscle injury or high intensity exercise) are among the
core factors that determine the accuracy of DTI indices in the muscle [72], as well
as the intramuscular fat infiltration [73|. To form an opinion about the uncertainty
of tractography is to analyze the distribution of Fractional Anisotropy (FA), as lower

FA values lead to higher errors in the calculation of the principal eigenvector of the
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diffusion tensor that encodes the orientation of the myofibers [74]:

o \[¢ (A =N+ A= N+ (A — ) (15)

/\2+A2+A2

where ) is the average of eigenvalues (A1, Ao, A3) of the diffusion tensor. FA takes a
value between 0 and 1, and specifies what fraction of the diffusion directionality is

restricted within a voxel.
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Figure 1.2 Diffusion Tensor Imaging (DTI) tractography of human medial gastrocnemius (GM)
muscle. a) GM fascicles (red) are visualized within the reconstructed surface mesd model (gray) of
the muscle. b) Spatial distribution of nodal fractional anisotropy (FA) values. c¢) Coronal anatomical
image showing the crossection of the FA-mapped GM fascicles.

Note that in structures with simple fiber orientation distribution, a high spatial
variation in FA distribution is unlikely. For example, white matter of the human brain

has a quite wide FA distribution ranging from 0.1 to values as high as 0.9 [75|, whereas
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human thigh muscles show a much lower FA variation. For example, a mean FA value of
0.27 and 0.18 with a very small standard deviation (0.02 and 0.03) has been reported
for human lateral and medial gastrocnemius muscles, respectively [76]. The spatial
distribution of FA values in Figure 1.2 agrees well with these expectations (0.213 +
0.019). Similarly, the FA values reported for the skeletal muscle vary around 0.2 [77, 69].
This is mostly because these studies employed spin-echo based acquisitions with short
diffusion times, resulting in a mean square displacement that is shorter than the average
fiber length [78]. When performed using stimulated echoes, longer diffusion times can
be achieved for the skeletal muscle without considerable SNR penalty, which is the case
for spin-echo based DTI. As a result, higher FA values, e.g., up to 0.5 in GM, can be
achieved in skeletal muscle. Nevertheless, the variation still remains low [79]. Since the
in-vivo validation of musculoskeletal DTT tractography 2002 [80], it has been applied
in several studies to reveal cytoarchitecture in passive muscle deformation [81, 82, 83|,
muscle damage [84, 85|, pathology [73, 86], muscle activation [87, 76|, exercise [88] and
to investigate anthropological differences [89]. In conclusion, DTI tractography is a
powerful tool for probing 3D orientation of in-vivo muscle fibers wihen the acquisition

protocols are optimized pertinently.

1.3.3 Calculation of fiber direction strains

Voxelwise strain tensors calculated by demons algorithm as described in Sec-
tion 1.3.1 express the deformation in an arbitrary frame of reference. Even though
eigen composition and strain invariants can be used to calculate principal and shear
strains, physiologically relevant deformation occurs along the muscle fiber direction. It
is worth nothing that the orientation of muscle fibers does not neccesarily align with
the direction pointed by the eigen vector of the highest principal strain. To supplement
voxelwise strain tensors with the relevant information, vector expression of the direc-
tion muscle fiber direction () can be given as a normalized tangent vector between two
successive fiber tract nodes. Next, a fiber direction strain coefficient (e¢) is obtained
at each tract node by aligning strain tensor to the direction specified by corresponding

t vector as follows:
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ef=1"El (1.6)

where T is the transposition operation and FE' is the strain tensor. To obtain strain
scalars at the corresponding off-grid tract nodes, tensor interpolation methods can be

applied.

1.3.4 Non-rigid registration for tissue morphometry has a track record of

accomplishment

Recognized as one of the most groundbreaking methods in the computational
neuroanatomy, deformation-based morphometry defines the coupled use of registered
images and the deformation fields obtained by the registration itself [90]. This approach
has been being extensively used for the longitudinal and across-subject evaluation of
the relative positions of the structures in the brain [91]. Drawing upon deformation
based morphometry, tensor-based morphometry calculates the spatial derivate of the
deformation field to extract information to characterize differences in the local shape
of brain structures. These applications of continuum mechanical approaches on in-
vivo anatomical images has become such popular in the realm of brain imaging that
the work by Ashburner and Friston [90] became the most cited article in the history
of neuroimaging. Today, collection of these methods is recognized by almost every
computational neuroscience researcher in the world under the name of the open software

package that implements them, statistical parameter mapping, i.e., the SPM [92].

Surprisingly, the concept of characterizing mechanical deformation through a
non-linear registration is not such widely accepted by the biomechanics community, de-
spite the higher acclimatization of the field to the continuum mechanical calculations.
Quite the contrary, it spurred some controversy [93], in part due to lesser popularity of
non-rigid registration in the biomechanics literature. Nevertheless, this approach has

proven track record of application, dating back to almost two decades ago. For exam-



13

ple, Fox et al. (2001) used the Jacobian determinant of the deformation field obtained
by non-linear registration to assess brain atrophy in Alzheimer?s disease patients with
a follow-up period up to 8 years [91]. Obviously, as it is possible to quantify Jacobian
determinant, it is also possible to derive Green-Lagrange strain tensor from the defor-
mation field to inform voxels about the length changes, which ensures that principal
strain is positive for elongations and negative for contractions. This approach has been
first applied by Yaman et al. (2013) to quantify strain tensors by using demons algo-
rithm to non-rigidly align images acquired in successive anatomical scans at deformed

(flexed) and undeformed (extended) knee joint configurations [57].

However, applying morphometrical analyses to skeletal muscle comes with its
own set of challenges. Expressing deformation tensors in an arbitrary frame of refer-
ence may suffice to study neuroanatomical changes. However, physiologically relevant
length changes in skeletal muscle occurs in the fiber direction. Fortunately, DTI clears
the way for probing this directionality in voxel level, which forms the input for the
reconstruction of myofascicles as 3D streamlines via tractography. Rotating voxel-wise
strain tensors to the fiber direction pointed by the unit vectors between individual
streamline segments (nodes) yields length changes in fiber direction (Section 1.3.3).
This allows visualization of local strain distributions on the tracked streamlines and

provides a powerful tool for in-vivo exploration of musculoskeletal mechanics.

In agreement with recent finite element modelling [34|, proximal and distal GM
fascicle regions undergo differential length changes. In passive muscle, this trend mani-
fests as proximally lengthened and distally shortened fascicle bundles, explained by the
effect of distally directed myofascial loads ascribed to the mechanical interaction of the
muscle with its surrounding tissues. This is contrary to the classical viewpoint, which

ignores myofascial loads and expects uniform length changes along the fiber length.

In conclusion, non-invasively decoupling origins of epimuscular mechanical inter-
actions within a wide and volumetric field of view is challenging. Therefore, MRI-DTI
approach as an intriguing step to examine the intricate link between muscle anatomy

and function in-vivo. The following section will look into the success of demons algo-



14

rithm in calculating tissue deformations.

1.4 Earlier use and success of Demons algorithm in calculating

tissue deformations

Demons registration was introduced by Thrion (1998) as a method based on
the optical flow principles. The purpose of this technique is to non-rigidly deform
one image into another on a sub-voxel basis in order to establish a spatial matching
between the images. Thirion?s algorithm regularizes the total displacement field in
each iteration by smoothing it with a Gaussian kernel until the convergence criterion is
satisfied [94]. Therefore, this algorithm can be described as a diffusion-like optimization
process that is performed on the entire displacement field [95]. The earliest applications
of Demons algorithm involve multi-modality registration for assisting transbronchial
biopsy [96] and automatic detection of hippocampal atrophy on magnetic resonance
(MR) images [97]. In those years, a study focusing on theoretical understanding of
Demons algorithm indicated that this method can be considered as an application of a
second order optimization to minimize the sum of squared differences of voxel intensities
[98]. Note that such image similarity measure is especially recommended for intra-
modality image registration (Hutton et al. 2003, Nestares et al. 2000). Consequently,
Demons algorithm is commonly preferred for registration of medical images from the

same modality in the more recent years [99, 100, 58, 61].

Demons algorithm has been utilized for calculating deformations in various tis-
sues such as pelvic floor [59], lung [100], myocardium [58] and finger flexor muscles
[99]. In those studies, good agreements were shown among strains calculated us-
ing Demons algorithm and those determined by other registration methodologies and
imaging modalities. A commonly used reliable method to test algorithm success is to
use synthetic image sets with known deformations imposed on the test image itself
[101, 95]. On the other hand, physical phantoms are used for a more direct testing
[102, 59]. Wang et al. (2005) validated the algorithm quantitatively by using both of
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these testing methods. Their method involves known deformation tests for synthetically
deformed prostate and neck computerized tomography (CT) images and for a phys-
ically deformable pelvis phantom. They showed that Demons algorithm successfully
establishes spatial correspondence between the features of synthetically transformed
images with the mean error margin at a level of sub-millimeters. Results from phan-
tom tests revealed a spatial matching accuracy of better than 1.5 mm for this algorithm.
Furthermore, based on their findings from dynamic tumor contour deformation tests,
the authors concluded that Demons algorithm has sufficient mapping accuracy to be
implemented in the targeting of radiotherapy to the cancerous tissue. Also Samant et
al. (2008) indicated such potential application of the algorithm in adaptive radiother-
apy [103]. This points out the reliability of Demons algorithm in estimating non-rigid
deformations even for such critical clinical implementations. Note that such radiother-
apy oriented registration studies were carried out using CT. Although MR images have
relatively less spatial resolution compared to CT images, they provide a superior soft
tissue contrast, which facilitates successful spatial matching for non-rigid registration

of also anatomical MR image pairs.

This technique reliability of which was well established was employed recently
to assess the deformation of human lower leg musculature [57, 61]. Knee angle changes
were imposed passively to alter the length of m. gastrocnemius, whereas the ankle
was fixed to restrain distally the lengths of all lower leg muscles. Yaman et al. (2013)
devised a synthetic known image deformation test involving very similar displacements
to those occurring in the experiments, which were imposed exclusively on m. gas-
trocnemius, forcing the remaining tissue volume to be absolutely undeformed. Such
challenging registration yielded no false deformations to be calculated in that volume
and strains of similar order of magnitude as those imposed by image deformation were
calculated for m. gastrocnemius. This confirms success of Demons algorithm for muscle
tissue analyses, but also shows its limitations: (1) strains were somewhat underesti-
mated suggesting that they are conservative estimators of actual local deformations.
(2) Sharp discontinuities in deformation yield errors for narrow regions separating the
deformed and undeformed volumes indicating that deformations in boundaries between

anatomical units need caution. However, strict discontinuities as such are unrealistic
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during actual joint movement and also in the present test protocol, which does not
involve joint movement. Huijing et al. (2011) and Yaman et al. (2013) conducted also
a rigid body motion test by imposing synthetic motion representing a much larger scale
motion than possible motion of subjects during imaging. As this should theoretically
cause zero strain it is a good test of the algorithm, which yielded very small strains,
calculated in those studies and presently. Robustness of this technique to quantify
physiologically relevant in-vivo deformations in human lower leg musculature has also
been tested against actual subject repositioning [60]. Those authors quantified local
tissue deformations caused by Kinesio Taping within the entire lover leg in a unique
way. They showed that error strains caused by subject positioning were larger than
those imposed by synthetic rigid body deformation. However, both of them were signif-
icantly smaller than those caused by Kinesio Taping indicating effects induced by this
treatment do dominate such artifacts and Demons algorithm is sensitive to discrimi-
nate those. This is important because according to some researches this treatment is
not capable of causing considerable effects [104, 105]. In contrast, quantifying local
tissue deformations due to Kinesio Taping yielded a great novel insight for an objec-
tive understanding of the effects of this treatment. Note that the experimental testing
conditions in the present study did not require the subjects? repositioning. Therefore,

an additional testing of such repositioning was not performed.

It is important to note that all medical images are subject to noise due to imper-
fections of the utilized image acquisition hardware. Therefore, possible adverse effects
of such noise on quantitative image analysis must be considered. This becomes even
more critical if a directional change estimator, e.g., spatial gradient operator is uti-
lized, as done presently. As a consequence, strain quantification may be affected by
intensity non-uniformity [106] in acquired anatomical images due to MRI instrumen-
tation based imperfections [107|. Those include variations in the main magnetic field,
radiofrequency (RF) inhomogeneity and eddy current distortions. Anatomy dependent
properties such as shape and electromagnetic characteristics can also lead to such im-
perfections [108|. Utilization of the same coils for both transmission and reception is
known to make image acquisition insensitive to RF inhomogeneity for the fast-low-

angle-shot FLASH sequence [109]. It is highly possible that the presently employed
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anatomical image acquisition method partly compensated plausible hardware-based
intensity non-uniformity because FLASH sequence was employed with an acceptable
nominal flip angle of 30°using surface coils for both transmission and reception. How-
ever, this alone may be inadequate to resolve such stochastic effect. Taking that into
account, we performed an additional test and assessed the effect of inevitable different
noise distributions in different scans on strain quantification using Demons algorithm:
subsequently acquired separate anatomical image sets in identical subject position were
registered. This assessment showed that strain artifacts caused by hardware-based
noise were much smaller than strains occurring due to submaximal activity. In addition,
those artifacts did not show a sizable variance that would cause sizable strain hetero-
geneity across a region. This indicates objectively that strain artifacts are present due
to sources of noise in MR imaging, but the experimental deformations both regarding
strain amplitudes and distribution patterns are not ascribable to them. We antici-
pate that further technical developments marginalizing any artifacts of the employed
advanced MRI analyses and tailoring them also to other protocols of musculoskeletal

applications can yield highly relevant new studies.

1.5 Aims of the Thesis

In light of the overview presented above and the developments needed to study

muscle structure function relationship in-vivo, this thesis aims at:

1. Building a relational analysis framework that enables numerical investigation of
mechanical relationships between fiber direction strains and any information layer

with spatial correspondance.

2. Testing the hypothesis that neurovascular tracts indicate exposure to the my-
ofascial loads in human GM muscle upon sustained isometric plantar-flexion by

using the methodology developed in (1).

3. Performing a robustness analysis to test the hypothesis that demons algorithm

tuning parameters are not a significant determinant of fiber direction strain het-
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erogeneity on passive joint motion.

4. Using velocimetry and quantitative MRI for the cross-modality validation of
demons algorthm based strain quantification and to explore the added value
of microstructure imaging in assessing muscle structure function relationship,

respectively.

1.6 Thesis Overview

1.6.1 Magnetic resonance and diffusion tensor analyses indicate heteroge-
neous strains along human medial gastrocnemius fascicles caused by

submaximal plantarflexion

The first aims of the thesis is addressed by first developing a MATLAB codebase
that enables using DTT reconstructed fascicles as a basis to compare image registration
derivatives (e.g., the displacement field, strain tensors and invariants) with macroscale
extramuscular linkages. This was achieved by using a spatial statistics framework in
the context of continuum mechanical analyses. Second aim was achieved by applying
this methodology on the analysis of fiber direction strains upon sustained submaxial
isometric plantarflexion. First principal strains were calculated on manually segmented
neurovascular tracts (NVTs) and visualized along with fiber direction strain encoded
fascicles. Findings are presented in Chapter 2. The results suggested a dominant
existence of distally directed myofascial loads (proximally shortened, distally length-
ened deformation pattern, consistent across participants) that are locally modified at
the intersection of NVTs, confirming the hypothesis that neurovascular tracts indi-
cate exposure to the myofascial loads in human GM muscle upon sustained isometric
plantar-flexion. These findings are discussed in the context of myofascial force trans-
mission and its relevance for in-vivo muscle function, including an assessment of the

parallel distribution of strain in Appendix A.



19

1.6.2 In-vivo along muscle strain heterogeneity is not affected by image
registration parameters: robustness testing of combined magnetic

resonance and diffusion tensor imaging method

The second aim of the thesis is addressed by performing a multiverse analysis
on the tuning parameters (o and o) of the demons non-rigid registration algorithm
using a multimodal passive knee extension dataset consisting of 5 healthy participants.
Findings are presented in Chapter 3. Combined use of tile charts, analytical statistical
tests and the hierarchical shift function analysis have shown that demons algorithm
tuning parameters do not determine the heterogeneity pattern across muscle parts of
the GM, confirming the hypothesis. Nevertheless, parameter selection substantially
modifies the amplitude of fiber direction strains. Outlier strains that appear to be
affected the most by the parameter changes are found near the areas of discontinuity,

not in the proximity of NVTs (Appendix B).

1.6.3 Velocimetry and quantitative MRI for cross-validation, generalizabil-
ity and microstructural origin assessment of fiber direction strains

as calculated by demons non-rigid registration

The third aim of the thesis is first achieved by acquiring a single participant
dataset at a different imaging center (passive knee extension experiment, with refer-
ence to [82]) along with a quantitative imaging protocol to calculate T1, magnetiza-
tion transfer ratio (MTR) and saturation index (MTsat) maps for the assessment of
the relevance of the underlying microstructure. The processing was performed using
a processing pipeline that is different than the reference method for the assessment
of generalizability. As for the cross-modality validation, 2D velocity-encoded phase-
contrast (VE-PC) and compressed sensing accelerated 4D PC dataset derivatives were
used (kindly acquired, processed and shared by the research team of Drs. Usha and
Shantanu Sinha from San Diego State University, CA, USA) . Findings are presented
in Chapter 4. Fiber direction strains upon passive knee extension show a similar dis-

tribution pattern and strain amplitudes to those reported by the reference study [82].
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This indicates the generalizability of MRI-DTI methodology to study in-vivo musle
mechanics. Among the quantitative metrics tested, T1 distribution were the strongest
predictor of the strain distribution, whereas no significant relationships were observed
for MTR and MTsat. There exist a subtle similarity between the strain rate (from
2D VE-PC, cyclic contraction) and fiber direction strain (demons algorithm, sustained
contraction) show subtle distribution similarities. Nevertheless, 4D PC data provides
a better comparison basis. Distribution of principal strains on GM as calculated by
demons algorithm show comparable patterns to those revealed by strain rate maps.
Overall, the results shown in this work constitute a proof-of-concept for the validation
and understanding of the physiological relevance of demons algorithm based strains
with orthogonal information provided by highly accelerated and quantitative acquisi-

tion sequences.
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2. MAGNETIC RESONANCE AND DIFFUSION TENSOR
IMAGING ANALYSES INDICATE HETEROGENEOUS
STRAINS ALONG HUMAN MEDIAL GASTROCNEMIUS
FASCICLES CAUSED BY SUBMAXIMAL
PLANTAR-FLEXION ACTIVITY

2.1 Introduction

Sarcomere is the basic functional element of skeletal muscle and its length is the
key determinant of force production [25]. Sarcomere length changes are also central
to the excursion of the muscle. Therefore, in order to characterize the contribution of
activated human muscle to joint function in vivo, it is crucial to quantify length changes
along the fascicles. Nevertheless, this is quite challenging because the target muscles
are not directly accessible to be tested with techniques such as laser diffraction [110].
Taking biopsied muscle samples from patients with cerebral palsy, sarcomere length
estimation has been done fairly precisely [111]. However, these samples characterize
length changes at only selected few locations. Moreover, laser diffraction imaging was
used to sample large numbers of sarcomeres in thick whole longitudinal sections of
isolated rat muscle [112]. The finding from this study revealed prominent regional
sarcomere length variations across the muscle. even though it was not performed in
vivo, and individual fascicles were not tracked, these findings underpin the significance

of such applications in human skeletal muscle.

In vivo, muscle operates in a system of a fascial integrity. The epimysia of
neighboring muscles are linked [9]. Additionally, collagen reinforced neurovascular
tracts (NVT) continuous with the compartmental boundaries interconnect neighboring
and distant muscles [10, 2|. On altered relative position of the muscle with respect
to its surroundings, epimuscular myofascial loads originating from that system act on

the muscle belly [113, 16]. These loads can be transmitted inside the muscle because
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the extracellular matrix (EMC) is a part of the fascial integrity. The ECM is also
connected to muscle fibers along their full peripheral surface [13]. Therefore, for muscle
in vivo, epimuscular myofascial loads and intramuscular ones originating from the
ECM and muscle fibers can manipulate local deformation along the fascicles [16, 2.
Finite element modeling has indicated theoretically that strain distribution can be
non-uniform such that shortened and lengthened segments can be present along the
same fascicle of stimulated muscle [17, 114]. This is considered to manipulate force
production and length range of force exertion [15] and as an important determinant for

the outcome of orthopedic surgery [113, 115] and botulinum toxin treatment [19, 20].

Magnetic resonance imaging (MRI) techniques are highly suitable for studying
human muscles, in vivo. MRI deformation analyses enable calculation of local muscle
tissue deformations in active [116, 117, 118, 119] and passive conditions [61, 57]. More-
over, 3D orientation of the skeletal muscle fibers can be determined using Diffusion
Tensor Imaging (DTT) [71]. DTI has previously been used to study fascicle architec-
ture in human muscles [120, 121], including the medial gastrocnemius (GM) [122]. Yet,
only few studies have combined both aspects of the MRI technique [123, 124]. Recently,
Pamuk et al. (2016) studied human GM fascicle strains caused by passively imposed
knee joint angle change [82]. However, assessments of local tissue deformations along

human skeletal muscle fascicles caused by in-vivo activity are lacking.

Based on the findings of the reviewed experimental studies and finite element
modeling we hypothesized that submaximal plantar flexion activity causes heteroge-
neous length changes along the fascicles of human medial gastrocnemius (GM) muscle,
in vivo. In this study, using MRI based deformation analyses and DTT based tractog-

raphy combined, our aim was to test this hypothesis.
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2.2 Methods

2.2.1 Subjects

Experimental procedures were in strict agreement with the guidelines and reg-
ulations concerning human welfare and experimentation set by Turkish law and ap-
proved by a Committee on Ethics of Human Experimentation at Bogazi¢i University,
Istanbul. Five healthy female subjects (age=26+3year, height=162+7cm and body
mass=b1+5kg) volunteered (Table 2.1). Subjects from the same gender minimized an-
thropometric differences and women subjects less prone to fatigue [125] were preferred.
Following a detailed explanation of the purpose and methodology of the experiments,

the subjects gave their written informed consent.

Table 2.1
Anthropometric Data

Sub- Age Height Mass Upper leg Lower leg Knee angle
ject (years) (cm) (kg) length length attained during
(cm) (cm) testing (°)
A 25 160 47 42.0 37.0 178
B 27 154 45 49.0 36.0 176
C 29 160 52 43.0 37.0 178
D 28 165 56 51.0 36.0 170
E 27 158 52 44.0 38.0 176

2.2.2 Experimental protocol and image acquisition

Subjects were positioned in prone position. The right foot was fastened to
a custom-built foot pedal equipped with an MRI compatible dynamometer (Biopac
TSD121B-MRI, CA, USA) at an ankle angle of 90°and the knee joint was fixed at full

extension. Subsequently, the subjects were asked to perform MVC during 5 seconds of
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plantar flexion followed by a two minutes rest period. This was repeated three times

and the highest plantar flexion force value measured was determined to represent the

MVC.

The subjects were trained to perform sustained isometric plantar flexion activity
corresponding to 15% of MVC during six minutes with the help of a visual feedback
interface. Such activity level was selected based on previous reports showing 15% of

MVC as the highest activity, which in sustained conditions causes no substantial fatigue

[126].

Each subject was positioned in a 3T clinical MR scanner (Magnetom Trio;
Siemens, Erlangen; Germany) in prone position. The right foot was firmly fastened
to the custom-built MRI compatible foot pedal at an ankle angle of 90°(Figure 2.1a).
A piece of Velcro under the heel and straps over the ankle allowed joint position fixa-
tion. The knee was brought to fully extended position and fixed on the scanner table
using a piece of Velcro attached over the patella and also on the MRI table. The knee
angle in this position equaled (mean 4+ SD) 175°+3°. These joint configurations were
maintained throughout the experiment. In relaxed condition of the subjects, image
acquisition was done (undeformed state). Subsequently, the subjects performed sus-
tained isometric plantar flexion at 15% MVC and maintained that during a second
image acquisition (deformed state). Separate sets of 3D high-resolution anatomical

(MR) and diffusion images (DT) were acquired for both states.
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Figure 2.1 (a) Subject position in the undeformed (relaxed) and deformed (15% MVC) states was
constant. The body was positioned prone on the patient table in the bore of the MRI machine. A
custom made MRI compatible fixation device was used to fix the ankle angle at 90°. The foot pedal
located in this device is equipped with an MRI compatible dynamometer (Biopac TSD121B-MRI,
CA, USA) to measure the MVC level during scanning. An MRI compatible monitor allowed subjects
to adjust and maintain activation at the target level. A piece of Velcro under the heel and strapping
over the ankle allowed 7xation of the ankle angle. To locate the knee joint in extended position, a
piece of Velcro was attached to the patella and a corresponding piece of Velcro was placed on the
MRI table. (b) A sagittal-oblique anatomical MR image, aligned with the longitudinal axis of the
GM (indicated in turquoise). (c¢) A matching diffusion weighted image (DWI) set is superimposed
semi-transparently on the corresponding position of the GM. The region between the white dashed
lines marks the longitudinal boundaries of the collected DWI. (d) The tracked GM fascicles (indicated
in black) in the section considered are shown.

3D turbo fast low-angle shot (Turbo FLASH) based (Table 2.2) coronal MR
image sets were collected using two 6-channel surface coils. Choices of high bandwidth
and frequency encoding in proximo-distal direction (Weis et al. 1998) allowed mini-
mizing potential chemical shift artifacts. Region between the most proximal part of

the head of the tibia and the most proximal location of the transverse crural ligament

comprised the field of view (FOV) (Figure 2.1b).
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Table 2.2
MR and DT imaging parameters.

Modality MR imaging DT imaging
Sequence Turbo FLASH ss-EPI
Slice orientation Coronal Axial
Repetition time (TR) (ms) 1750 4900
Echo time (TE) (ms) 3.36 61
FOV (mm?2) 320x320 180x180
Matrix 320x320 128X128
Pixel size (mm2) 1.0x 1.0 1l4x1.4
Slice thickness (mm) 1.0 2.8
Flip angle (degrees) 12 90
Bandwidth (Hz/pixel) 130 2003
b-value (s/mm2) N/A 450
Number of diffusion directions N/A 12
Inversion time (TI) (ms) 1100 N/A
Acquisition time (mm:ss) 05:41 07:48

Subsequently, a 2D single shot echo planar imaging (ss-EPI) based multidi-
rectional clinical DTT sequence was utilized (Table 2). Fat saturation and posterior-
anterior direction frequency encoding were applied to minimize chemical shift artifacts
in the region of interest. FOV of DT images along the proximo-distal axis include the
region between the proximal neck of the tibia and the most distal border of the axial

DT images (Figure 2.1c).

2.2.3 Calculation of deformations

Using sagittal localizer images, GM belly length was calculated as the distance

between the femur condyle and GM muscle-tendon junction [127].
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In vivo displacements caused by muscle activation were obtained by implement-
ing Demons algorithm [128] a non-rigid and non-parametric image registration method,
in MATLAB (The Mathworks Inc., USA) [129]. Following registration, displacement
volume in the global coordinates was transformed on the deformed state b0 images.
In order to assess deformations within the GM, Green-Lagrange strain tensors were
calculated voxel-wise. The validity of Demons algorithm in quantifying tissue defor-
mations has been shown earlier [59, 95]. The algorithm?s success in reproducing known

deformations was tested vigorously for muscle tissue [57].

Rician noise was removed [130] from raw DT images. Subsequently, diffusion
tensor of each voxel was calculated from these images. To reconstruct GM muscle fiber
tracts, streamline tractography with 4th order Runge-Kutta numerical integration [131]
was performed using custom software built on VAVframe framework [132]. Tract seed
points were generated from voxels showing a minimum diffusion directionality (FA>0.1)
[133]. The seed points were bi-directionally tracked with integration steps of half of

the smallest voxel dimension (0.7mm) [134]. Each integration point forms a fiber node.

Tracking termination conditions were defined based on diffusion tensor and tract
parameters to reconstruct GM muscle tracts. This operation was terminated when at
least one of the following conditions was met: (i) The current tract node?s FA<0.5, (ii)
tract curvature>5°(Froeling et al. 2012), (iii) total tract length exceeds 50mm [135].
Based on known muscle geometry of GM, tracts shorter than 30mm were discarded.
One distally and one proximally located polygonal sections were defined across the GM
within the non-weighted DT images (b0 images) of the deformed state and only the
tracts running along both of them were accepted for further processing. Please see the

supplementary material on fascicle tracking.

Strain tensors were linearly interpolated onto the nodes of the tracts based on
the weighted means of the grid neighbors of a given voxel in the strain field. Finally,
each strain tensor was rotated to align with unit tangent vector of the tract for each
given node yielding fiber direction strain values. Nodal coordinates with corresponding

tract strains were transferred to 3D Slicer v4 for visualization [136].
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The GM volume studied was divided into ten muscle parts (P4-1, M1-2 and D1-
4) per each 10% volume along the proximo-distal length. P4, D4 and M1-2 represent
the most proximal distal and mid parts, respectively. Each muscle part was divided
into 25 equal sub-volumes representing tract bundle segments. Mean nodal strains
corresponding to each were pooled per muscle part for each subject and across all
subjects, and were used in statistical comparisons of fiber direction strains occurring

in different muscle parts.

Using anatomical MR images, arteries, veins and nerves perforating the GM were
segmented as the deep (including Rr. Musculares, branching from N. Tibialis, and A.
and V. suralis) and superficial (including N. cutanoues surae medialis, branching from
N. Tibialis, N. suralis, N. saphenus, V. saphena magna and V. saphena parva) NVTs
to the muscle. NVT intersections with the GM tracts were determined and visualized
in fiber direction strain maps as key locations of epimuscular myofascial loading. First
principal strains calculated for selected NVT sites were used to indicate presence of

such loads.

2.2.4 Estimation of errors and repeatability

2.2.4.1 Strain artifacts caused by hardware-based noise. Two separate MR

image sets of a subject in steady position were subsequently acquired and registered.

2.2.4.2 Test-retest repeatability. Repeatability After completing the original

protocol and acquiring separate sets of 3D high-resolution MR in the undeformed and
deformed states, the repeat protocol was executed in one subject: 3D high-resolution
MR and DT images were acquired first in relaxed condition and subsequently during
sustained isometric plantar flexion at 15% MVC. Deformation analyses and tractogra-

phy were performed for the original protocol and its repetition.
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2.2.4.3 Error strains caused by the algorithm. Error strains caused by the

algorithm Theoretically, rigid body motion should cause no strains. To estimate er-
ror strains for the polled data collected from the subjects, image sets of the unde-
formed state were transformed by a synthetic rigid body motion imposed on the data:
10°rotation within the cross-sectional plane representing endorotation of the knee dur-
ing ?exion [137], 3°rotations in the coronal and sagittal planes, and 4mm translation
axially. The displacement fields calculated using Demons algorithm were mapped onto

the tracked fibers and error fiber direction strains were determined.

2.2.4.4 Statistics. Paired sample t-test was performed to compare undeformed

vs. deformed state GM belly lengths. Fiber direction strains among parts P4 to D4
pooled across all subjects and within each subject were compared by Kruskal-Wallis
test followed by Dunn’s procedure, including the repeatability test. Non-parametric
Wilcoxon ranksum test was performed to compare experimental and error fiber direc-

tion strains. The differences were considered significant at P<0.05.

2.3 Results

Strain artifacts caused by hardware-based noise were small (2.3+1.2% and 2.0+1.4%
for lengthening and shortening, respectively). The original and repeat protocols yielded
a fairly good match between the deformation fields obtained (Figure 2.2): no significant
differences were shown between mean fiber direction strain values per muscle part, yet
strain values for the proximal muscle parts were significantly different from those of

the distal muscle parts for both protocols (Table 2.3).
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Table 2.3
Fiber direction strains (mean + SD) in different muscle parts for the repeatability test.

Muscle part! Original? Repeat?®
P4 -0.01£0.03 -0.01+0.03
P3 -0.02+£0.02 -0.0440.02
P2 0.03%0.03 -0.0140.02
P1 0.04=£0.05 0.04=+0.02
M1 0.04+0.04 0.0340.04
M2 0.0620.03 0.02+0.05
D1 0.0840.06 0.05+0.06
D2 0.0940.08 0.0740.05
D3 0.13+0.06 0.84+0.03
D4 0.09+0.02 0.6+0.01

! Muscle part: each one of the 10% of the GM volume (P4, P3, P2, P1, M1, M2,
D1, D2, D3 and D4), where P4 and D4 represent the most proximal and distal parts,
respectively and M1-2 represents the middle parts.

2 Significantly different fiber direction strains for different muscle parts are as follows:
For P4, P3 and P2: M2 and D1 to D4; for P1: D1 to D4; for D1, D2 and D4: P1 to
P4 and M1; for D3: P1 to P4 and M1 to M2.

3 No significant differences were shown between mean fiber direction strain values per

muscle part of the original and repeat protocols.

Pooled data from all subjects showed the following: (i) mean error strains (1£1%
and 2+1% for lengthening and shortening) (Figure 2.3a) are small and are significantly
different from mean fiber direction strains (13.7+12% and 7.94+4% for lengthening and
shortening) occurring due to maintained isometric plantar flexion activity (Figure 2.3b
and 2.3c). GM belly length shortened significantly (from 223.2+13.2mm to 219.3+13.8
mm). (ii) Fiber direction strains in different muscle parts are not the same: most
proximal muscle parts show shortening, whereas medial and distal muscle parts show

lengthening (mean strains are up to 2% and 16%, respectively as shown in Table
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2.4). The general nature of the deformation field throughout the GM indicate that
proximal muscle parts show significantly different length changes compared to the mid
and distal muscle parts and the mid muscle parts show that only compared to the less
distal muscle parts. These findings indicate a non-uniform strain distribution along

the tracked fascicles and confirm our hypothesis.
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Figure 2.2 Fiber direction strain distributions occurring due to the original (a), and the repeat
(b) protocols. The left panels show the anterior and the right panels show the posterior view of the
tracked GM fascicles. The GM volume studied was divided into ten muscle parts (P4-1, M1-2 and
D1-4) per each 10% volume along the proximo-distal length. These muscle parts are indicated using
dotted lines, where P4, D4 and M1-2 represent the most proximal distal and mid parts, respectively.

Fiber direction strain distributions for subjects A-E agree with this general na-
ture of the deformation field to a large extent (see Table 2.4 for exceptions). However,
locally there are regions showing high fiber direction strain amplitudes and their lo-
cations vary between subjects. For subjects A, B and C, regions enclosed in muscle

parts D1-2, D3-4 and D2-3 show strains ranging between 17-33%, 59-71% (for certain
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nodes up to 100%) and 23-39% and indicating fascicle lengthening (Figure 2.4). For
subject D regions enclosed in muscle parts P3-4 and D4 and for subject E, in M1-2,
show strains ranging between 36-51% (up to 58%) and 8-16% also indicating fascicle
lengthening (Figure 2.4). Notably, these regions include NVT intersections with the
GM fascicles (across all subjects, fiber direction strains at those nodes show lengthen-
ing equaling mean+SD 0.09+0.13) and regions in the neighborhood. The first principal
strains calculated for these NVT sites (up to 60% in subject B) do indicate presence
of myofascial loads (Figs. 4 and 5).
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Figure 2.3 Box and whisker plots for (a) error strains and (b) strains along the GM fibers caused by
15% MVC effort. The horizontal line inside each box represents the median strain value; the upper
and lower edges of each box itself represent upper and lower quartiles respectively (i.e., the 75th and
25th percentiles), and lines extending from each end of the box (whiskers) indicate the peak values
of the principal strains plotted. (c) Distribution of fiber direction strains of different nodes for the
pooled data from all subjects.
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Fiber direction strains (mean + SD) in different muscle parts.
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Part! Pooled? A3 B C D E

P4 -0.02+0.06 -0.01£0.05 -0.04£0.05 0.024£0.04 -0.0840.06 -0.0140.02
P3 -0.01+0.07 -0.02+0.03 -0.07£0.04 -0.01£0.02 -0.014+0.10 -0.0140.03
P2 -0.014+0.10 -0.014+0.02 -0.09£0.04 -0.054+0.05 0.20£0.10 -0.0340.02
P1 0.03+£0.13 -0.034+0.04 -0.03+0.06 -0.01£0.09 0.27+0.06 0.01£0.04
M1 0.05+0.11 -0.07+0.03 0.07£0.10  0.05£0.05 0.1840.07  0.0740.04
M2 0.10#0.09 0.01£0.05 0.16£0.11 0.12+0.06 0.134+0.05 0.06%0.02
D1 0.14+0.11 0.12+0.04 0.20£0.13 0.23£0.10 0.08+0.06 0.0140.02
D2 0.15+£0.16  0.12+0.02 0.42+0.10 0.144+0.04 0.07£0.02 0.0240.04
D3 0.16+0.19 0.13+£0.03 0.43+0.19 0.014£0.07 0.114+0.09  0.01+£0.05
D4 0.10£0.12 0.124+0.02 0.124+0.11  0.05£0.02 0.19+£0.20 -0.06%0.08

! Muscle part: each one of the 10% of the GM volume (P4, P3, P2, P1, M1, M2,
D1, D2, D3 and D4), where P4 and D4 represent the most proximal and distal parts,
respectively and M1-2 represents the middle parts.

2 Pooled data: fiber direction strains per each part grouped across all subjects. Sig-
nificantly different fiber direction strains for different muscle parts are as follows. For
P4, P3 and P2: M1 to M2 and D1 to D4; for P1: M2 and D1 to D4; for D1 and
D2: P1 to P4 and M2; for D3 and D4: P1 to P4. Therefore, the general nature of
the deformation field throughout the GM indicate that proximal muscle parts show
significantly different length changes compared to the mid and distal muscle parts and
mid muscle parts show that only compared to the less distal muscle parts.

3 Key deviations from the general nature of the deformation field: For subject A, fiber
direction strains in proximal muscle parts are not significantly different from those
in the middle parts, but those in the distal parts are. For subject B, no significant
difference between the fiber direction strains in P4 and M1, P1 and M2 and middle
muscle parts and distal ones. For subject C, fiber direction strains in the proximal
muscle parts are significantly different than those in M2, D1 and D2. Unlike the
remaining subjects, for subject D fiber direction strains in P1 and P2 are significantly
different than those in P3 and P4. For subject E, fiber direction strains in the proximal

muscle parts are significantly different only from the middle muscle parts.
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Figure 2.4 Effects of 15% MVC isometric submaximal plantar-flexion activity on GM fascicles and
neurovascular tracts for subjects A-C. Fiber direction strain values are mapped on tracked GM fascicles
(the leftmost and mid panels show the anterior, and the rightmost panel shows the posterior view) per
subject. The mid and the rightmost panels also show the superficial (dark gray) and deep (light gray)
NVTs and the continuity of these structures with the GM tissues. The intersections of the NVTs with
the GM fascicles are highlighted. The insets (dashed boxes) focus on muscle regions showing high fiber
direction strain amplitudes indicating fascicle lengthening. The first principal strains calculated for
those NVT sites are visualized using glyphs to indicate presence of myofascial loads. The direction of
each glyph is determined by the corresponding Eigen vector. The length of each glyph is proportional
to the size of local peak strain. The larger color bars on the left report the fiber direction strains and
the smaller ones on the right reports the first principal strains on the NVT structures per subject.
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Figure 2.5 Effects of 15% MVC isometric submaximal plantar-flexion activity on GM fascicles and
neurovascular tracts for subjects D-E. Fiber direction strain values are mapped on tracked GM fascicles
(the leftmost and mid panels show the anterior, and the rightmost panel shows the posterior view) per
subject. The mid and the rightmost panels also show the superficial (dark gray) and deep (light gray)
NVTs and the continuity of these structures with the GM tissues. The intersections of the NVTs with
the GM fascicles are highlighted. The insets (dashed boxes) focus on muscle regions showing high fiber
direction strain amplitudes indicating fascicle lengthening. The first principal strains calculated for
those NVT sites are visualized using glyphs to indicate presence of myofascial loads. The direction of
each glyph is determined by the corresponding Eigen vector. The length of each glyph is proportional
to the size of local peak strain. The larger color bars on the left report the fiber direction strains and
the smaller ones on the right reports the first principal strains on the NVT structures per subject.
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2.4 Discussion

Tracked are whole fascicles originating from the superficial GM aponeurosis,
running through antero-inferior direction and inserting on the deep aponeurosis. Their
3D description agrees well with GM muscle structure [138], but represent a group
(approximately 20%) of GM fascicles located in the mid-GM belly. Possible distribution
of fiber activation within the muscle during the tested submaximal GM activity should
be considered. The size principle indicates activation intensity as a key factor for motor
unit firing [139]. Lower intensity forces in human GM is maintained by the recruitment
of small and intermediate muscle units through activation of Type I and Type Ila
muscle fibers [140]. Although approximately half of the GM is comprised of Type-I
muscle fibers [141], spatial distribution of different types of muscle fibers and possible
effects of that on distribution of activity within the muscle is not well known. However,
recent literature helps characterization of fiber activity in the presently studied GM
part. Active muscle unit [142] and muscle fiber clusters were shown in GM regions
during various efforts [143, 44, 45, 144|. During submaximal isometric fatiguing plantar
flexion at %50 MVC, distal GM parts exhibited more fatigue resistant characteristics
than the proximal parts [145|. Profound activation in distal GM parts during standing
indicates that slower motor units are more likely to be found distally whereas; faster
ones are located in the proximal regions [146, 45]. support this by showing a shift in
localized activity towards more proximal GM parts for increased submaximal plantar
flexion intensity (20-60% MVC). Their results show activity around the central GM
region for 20% MVC. These findings indicate that on imposed 15% MVC, the GM part

studied presently was comprised of activated fascicles.

Using ultrasound imaging, the GM architecture and fascicle length changes were
studied elegantly. Rana et al. (2013) assessed 3D fascicle orientations in the GM and
showed that submaximal isometric plantar-flexion causes more pronounced changes in
fascicle pennation angle in the distal regions compared to the proximal regions [49].
Hodson-Tole et al. (2016) showed in passive GM that for the same muscle-tendon
unit length changes imposed, fascicle length changes were greater with ankle motion

than knee motion [144|. Notably, those findings indicate differential effects regionalized
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within the GM, which shows parallelism with our present findings. To the best of our
knowledge, this is the first study, which reports strain occurring along fascicles of an
activated human muscle in vivo. On isometric activation, muscle fibers will undergo
shortening [147]. Nevertheless, instead of a uniform shortening, our results show a
heterogeneous strain distribution including also local lengthening in several regions of
GM fascicles. Therefore, loads suggest an impact on the fascicles that counteract sar-
comere shortening. In the undeformed state, passively extended knee position imposes
a stretch on the GM and changes the relative position of the proximal muscle belly
with respect to its surroundings. Consequently, the muscle’s epimuscular connections
in the proximal part are stretched proximally imposing distally directed epimuscular
myofascial loads on that part. Pamuk et al. (2016) showed that this causes local
lengthening in the proximal and shortening in the distal ends of the GM fascicles. In
contrast, the general pattern of fascicle strain shown presently is the opposite. There-
fore, 15% MVC effort could have changed the epimuscular myofascial loads acting on
the muscle. Two effects of this active condition are relevant. First is the shortening of
the tracked mid-GM belly fascicles causing their proximal and distal ends to displace
in the distal and proximal directions, respectively. This can diminish distally directed
epimuscular loads developed in the undeformed state on the proximal part of the GM.
Second, is the relative position changes with respect to the SOL causing distally di-
rected epimuscular loads to act in the distal parts of the GM. This is supported by
[48]. In extended knee position, their findings indicate a more pronounced displace-
ment of the GM aponeurosis in the proximal direction. Consequently, shortening of
the sarcomeres located proximally are plausibly accompanied by the ones distally lo-
cated being restrained from shortening caused by activation. However, such passive
epimuscular forces alone cannot explain local lengthening observed. Collagenous inter-
muscular connections stretched constitute a stiff pathway for transmission of also the
contractile forces between synergists [15]. Note that, at submaximal activation levels,
those pathways have been shown to be relatively more effectual [148]. During sustained
submaximal plantar-flexion, the SOL is activated more than the GM, producing a big-
ger contribution to ankle torque [149]. Transmission of some of its active force onto the
distal parts of the tracked GM fascicles can elevate the distally directed epimuscular

loads and cause the local lengthening observed. Such inter-synergistic myofascial force
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transmission has been shown not only between passive [61, 57] but also between active

human calf muscles [47, 150], which supports this reasoning.

On the other hand, the present data provides body to that reasoning. The NVTs
visualized with their first principal strains exemplify main structures facilitating inter-
muscular mechanical interactions, their continuity inside the GM and the presence of
myofascial loads. These loads are transmitted to the GM tracts at their NVT inter-
sections and plausibly are also spread along the muscle via their continuity with the
ECM. This is responsible for the general nature of the deformation field throughout the
GM, but also can explain the deviations from that and the differences among the sub-
jects. One such deviation is the peak fiber direction lengthening shown in the proximal
muscle parts in subject D. For this subject the NVT intersections are concentrated in
those parts and the first principal strains substantiate around that region suggesting
high myofascial loads causing particular fascicle lengthening. A similar concentration
of NVT intersections and high myofascial loads are conceivable for Subjects A and E
in the medial and distal muscle parts. For subjects B and C, such NVT intersections
are positioned in the distal muscle parts in agreement with the general nature of the
deformation field, but apparently elevating the amplitude of fascicle lengthening in

subject B in that part compared to the other subjects.

Inter-subject variability of fascicle strain amplitudes and distributions not agree-
ing with the general pattern may also be associated with other factors. First, inter-
individual differences in the calf muscle-tendon complex anatomy are plausible. Con-
tribution of the gastrocnemius and SOL muscles to the formation of the Achilles tendon
is individual dependent [151]. Cummins et al. (1946) report that for about half of their
participants, the SOL makes the dominant contribution, which indicates a long distal
gastrocnemius aponeurosis [152]. For about a third, the muscles contribute equally
indicating direct attachment of gastrocnemius fibers to the tendon i.e., no distal gas-
trocnemius aponeurosis. This implies presence of differences in e.g., fiber length and
orientation. It is also known that inter-calf mechanical interactions are plausible via
the Achilles tendon [153, 154|. Yet, presently the ankle was restrained, which limits

such interaction. Second, although care is taken to unify joint positions and activa-
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tion levels across the participants, differences in initial strains ascribed to variability
of intramuscular tissue mechanical properties in the undeformed state can cause inter-
subject variability of fascicle strains [2|. Third, properties of epimuscular connections
are complex involving non-linear mechanical characteristics [155] and inhomogeneous
distributions [156]. Consequently, a comparable stretch on the epimuscular connections
may yield much larger or smaller amplitudes of epimuscular loads to act on different
parts of the muscle in different individuals. Pre-strain in the epimuscular connections
[14] may e.g., avoid distally directed epimuscular loads on the proximal GM to be
balanced by the activation and limit shortening in this part as observed in subject D.
Note also that, the factors addressed above are not independent from each other and
considering their interaction suggests that intrinsic differences among different individ-
uals are highly plausible. Previous measurements of human muscle force directly at the
tendon do indicate that such differences are present despite identical testing conditions
[157]. However, the causes for inter-subject variability of along fascicle strain should
be further studied. A specific assessment of how sensitive the strain distributions are

to the initial starting point can help understanding the role of tissue properties.

We conclude that submaximal plantar flexion activity causes a heterogeneous
distribution of strain within the GM fascicles. The GM is reported to behave close
to isometric during in vivo activities [46]. Therefore, our test condition is relevant to
understand how the GM functions in vivo. However, effects of other conditions can be
substantial. First, a different distribution of strain can be expected in other knee and
ankle angle combinations because different amplitudes and directions of epimuscular
loads are plausible in the altered relative position of the muscle with respect to its
surroundings [158, 18]. Second, regional patterns of recruitment were shown to change
in GM during dynamic tasks [159]. Therefore, an interaction between mechanical be-
havior and activation pattern is also plausible, which will influence the intra-fascicular
strain patterns during different activities. Such condition dependent strain heterogene-
ity along the fascicles implies that sarcomeres of a muscle fiber may attain different
lengths and have differing force production capacities. As shown in earlier animal
experiments [24], this has major functional implications including unequal forces ex-

erted at the proximal and distal ends of the bi-articular muscle and hence a differential
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contribution to joint moments. In addition, strain heterogeneity across the fascicles
implies that mean sarcomere lengths of different muscle fibers may differ. This was
shown to affect muscle’s length range of force exertion [35] and hence is relevant for
the muscle’s excursion. Limited joint range of motion is a major pathology for several
conditions. Assessment of serial and parallel fascicle strain heterogeneity can make a
significant contribution to our understanding of the etiology of those conditions and
mechanisms of the treatment techniques. This is highly relevant for e.g., spastic cere-
bral palsy patients [160, 161| and the developed techniques can be used to relate limited
excursion to fascicle strain with e.g., passive state isometric testing. Investigation of
local deformations in the GM and other lower leg muscles in active conditions may
provide a better insight to evaluate muscle injuries of athletes [162, 163|. In sum, the
present approach and indicated fascicle strain heterogeneity has numerous implications

and new work is indicated in several conditions in health and disease.
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3. IN-VIVO ALONG MUSCLE FASCICLE STRAIN
HETEROGENEITY IS NOT AFFECTED BY IMAGE
REGISTRATION PARAMETERS: ROBUSTNESS TESTING
OF COMBINED MAGNETIC RESONANCE-DIFFUSION
TENSOR IMAGING METHOD

3.1 Introduction

The sarcomere is the smallest contractile unit of musculoskeletal force gener-
ation, determined by its length changes. Arranged in series, sarcomeres make up
muscle fibers, which come together to form fascicles that bundle into a muscle. There-
fore, quantifying sarcomere length changes is central to understanding skeletal muscle
function with major implications to pathology, diagnosis, treatment and performance.
Although sarcomere length-force production relationship has a long-standing history
[164], understanding its characteristics in-vivo is still a challenge as a non-invasive
quantification of sarcomere length changes over large muscle sections is required. Con-
verging to such ideal, a minimally invasive hybrid imaging study reported that in-vivo
fascicle length change in the muscle fiber direction is a linear predictor of sarcomere
length changes over a moderate field of view (FOV) [165]. Moreover, their findings
provide direct evidence on the heterogeneity of in-vivo sarcomere length distribution
in human, as was reported in mice [166]. Considering profound relevance of sarcomere
length heterogeneity to joint range of motion [35], non-invasively quantifying local fas-

cicle length changes in-vivo over a large FOV is key to understanding muscle function.

Magnetic resonance imaging (MRI) is a powerful tool for quantifying local length
changes (i.e., strain) by probing the velocity of the soft tissue based on phase informa-
tion across multiple time frames [167]. Using highly under-sampled image reconstruc-
tion, such velocimetry-MRI methods can measure muscle kinematics in short acqui-

sition times [55]. Yet, in general, these scans require cyclic soft tissue displacements
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for proper velocity encoding. Therefore, test participants have to perform highly con-
sistent joint movements or isometric muscle contractions repetitively. Furthermore,
isotropic resolution remains limited due to signal-to-noise-ratio constraints and the
strains derived do not meaningfully match muscle architecture. 3D muscle architec-
ture information of tracked fascicles in a steady muscle encoded using diffusion tensor
imaging (DTI) is challenging to be fed to velocity-based local strains given the dynamic

nature of the velocimetry acquisitions.

Relying on image analysis rather than specialized MRI scans, image registration
gives an alternative way to quantify morphometrical changes in soft tissue. From non-
rigid registration of a pair of T1-weighted musculoskeletal MR images acquired at
two successive conditions (deformed and undeformed) in the same scan session, a high-
resolution 3D displacement field at the voxel scale of Imm. This can be further derived
into a deformation gradient field, a fundamental quantity of continuum mechanics. For
muscle fibers that undergo large deformations [168], Green-Lagrange strain tensors
can be calculated locally using this deformation gradient field across muscle tissue
[61, 57, 60]. Strain component along muscle fiber direction can be calculated by using
DTI. Recently, such MRI-DTI analyses were utilized to study along muscle fascicle
strains in human medial gastrocnemius (GM) muscle in-vivo |82, 87]. These findings
showed in concert with an anticipated sarcomere length inhomogeneity [165, 166, 2|,

non-uniform strains along human GM fascicles in-vivo.

MRI-DTI method is a powerful non-invasive tool for quantifying fascicle length
changes over a large FOV [82|. Earlier, non-rigid MR image registration was commonly
used in neuroanatomy and via Jacobian determinants of the deformation field yielding
local volumetric changes [90, 169]. Highly popular use of such tensor- and voxel-based
morphometry in human brain [90, 169, 170| has triggered considerable research and
debate on how these measurements are influenced by different MRI scanners [171, 172,
software selection [173, 174, 175] and post-processing parameter settings [176, 177].
Community standards were established for post-processing [178, 179] and reporting
[180] of morphological changes in human brain. Despite that the MRI-DTI method

could have a similar potential impact to the study of in-vivo muscle function, such
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application-specific validations concerned with the practical aspects of the analysis

workflow are yet to be made.

MRI-DTI non-rigid registration approach implements extensively the demons
algorithm [128], which employs joint histogram matching to accurately resolve large
local deformations between MR image pairs [129|. Along with standard deviation
(o) of the Gaussian kernel used for displacement field smoothing as a regularization
step, an additional normalization factor () aims to improve alignment stability of the
edge features [98|. Robustness of strain calculations against rigid body motion [57],
estimation of known deformation field [57|, participant repositioning [60] and random
errors [87] was tested. Yet, effects of tuning parameters were not studied. Decreasing
the locality of the registration [129], increasing o can limit strain amplitudes [57].
However, the combined effect of varying both parameters may alter both amplitude
and heterogeneity of muscle fiber direction strains. Consequently, it is crucial to study

the effects of these parameters on muscle fiber direction strain distribution patterns.

The goal was therefore, to investigate the capability of demons algorithm in
quantifying muscle fiber direction local length changes. The specific aims were (1)
to assess the consistency of the findings among different data analysis workflows and
to provide an open source workflow, and (2) to test the hypothesis that although o
and «a tuning parameters may affect the strain amplitudes, the pattern of muscle fiber

direction local length change distributions is reproducible.
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3.2 Methods

3.2.1 Parameter analysis using the reference data

Applying the data from Pamuk et al. (2016) to a different analysis workflow one-
at-a-time variations of tuning parameter configurations C‘*| V(a,0)€ {4,6,8,10} were

assessed:

1. Fiber direction strains along the GM tracts () were utilized to study (i) the
robustness of the results against a different analysis pipeline and (ii) the influence
of tuning parameters at a broader sense for C‘*?)| V,_,€ {4,6,8,10}. Four

configurations corresponding to these parameter pairs are denoted by C*=7.

2. To robustly assess the central tendency evolution of deformation fields in response
to the variation of tuning parameters, median fiber direction strains at different

muscle parts (€pq,+) Were constructed as heatmaps.

3. For a qualitative interrogation of distribution shape differences, ridgeline kernel
density plots across all tested parameter settings were plotted on selected muscle

parts with a focus on deviating €,4,+ values.

4. To identify the nature and significance of the tuning parameter effects on the
heterogeneity of deformation fields, hierarchical shift function analysis was per-
formed per participant by modeling (modified z-score standardized and down-
sampled) fiber direction strains as a function of different muscle parts and binary

pairings of C'“=7.

5. To assess whether the deformation heterogeneity persists across all C(*? or if
the variations undergo systematic changes, the number of significantly different

pair-wise comparisons in different muscle parts were presented as heatmaps.
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3.2.2 Data analysis workflow

The reader is referred to Pamuk et al. (2016) for detailed descriptions of the ex-
perimental design, MRI acquisition protocols, and the reference data processing work-

flow [82].

The 3D displacement fields were obtained by registering deformed- and undeformed-
state (knee flexion and extension, respectively) anatomical images using an open-source
implementation [129] of demons non-parametric image registration [128] in MATLAB
(R2015b, The MathWorks Inc., Natick, MA). The registration was repeated for every
C'*?)  combination studied by changing only one parameter at a time. Subsequently,
3D voxel-wise Green-Lagrange strain tensors were calculated from the resulting dis-

placement fields in the native space of the deformed-state structural images.

Diffusion-weighted images (DWI) were denoised using the joint Rician LMMSE
filtering [181] previous to the standard least-squares diffusion tensor (DT) estimation.
Muscle fiber tractography was then performed with the following constraints: Frac-
tional Anisotropy (FA) > 0.19, tract length of 30 - 50 mm, and maximum curvature
of 1 deg/mm. Seed points were located at the GM muscle belly with a 2 mm margin
from the superficial and deep aponeuroses [182]. Step length was set to 0.7 mm, corre-
sponding to half of the in-plane resolution. All DTI processing and fiber tracking was
performed in 3D Slicer release v4.4 [183].

To project strain values to the fiber tract segments, strain tensors were first
interpolated between the off-grid tract nodes using inverse distance weighted inter-
polation. Finally, the unit tangent vectors calculated between successive tract nodes
were used to extract strain components in respective fiber directions. These operations
were performed using in-house MATLAB code, reimplemented from previously written

C++ modules in the VAVirame framework [184].
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3.2.3 Statistical analyses

3.2.3.1 Median fiber direction strains at different muscle parts. As a ro-

bust measurement of central tendency [185], the median of nodal strains at every muscle
part was reconstructed as annotated heatmaps across C‘*? for each participant. The
colormaps across muscle parts (i.e., each vertical stripe) were individually adjusted for
the respective C{*? to allow an easy assessment of trend recurrence across configu-

rations.

3.2.3.2 Preprocessing. To inform the statistical comparisons with the spatial

organization of nodal strains, tracked fascicles of the GM were divided into 10 equal
parts (P4-1, M1-2, and D1-4) along the long axis. P4, D4, and M1-2 represent the

most proximal, the most distal, and mid parts, respectively.

Upon preliminary inspection, kernel density estimates of strain distributions in
different muscle parts revealed sizable amplitude differences along with varying outlier
effects and shape asymmetry between different C{*?) outputs. To robustly bring
different () distributions within a comparable magnitude scale for the assessment
of heterogeneity across these muscle parts, fiber direction strains were transformed to

modified z-scores (z) given by:

%= 1 I826XMAD (3.1)

where ¢; is the i** nodal fiber direction strain, € and M AD are the median and median
absolute deviation calculated from the strain distribution of all tracts, respectively
[186]. Following the standardization, tract node coordinates were treated as point
clouds and reduced to 1400 points (limited by the number of nodes in participant D-
D4) at each muscle part using interval down-sampling [187| to allow for a balanced

comparison between them.
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3.2.3.3 Ridgeline kernel density plots. To compare probability density func-

tions of 2(*? kernel density estimations [188]| were visualized using ridgeline plots
(Python 3.6.12). To exemplify distribution shape differences across C{®), representa-
tive muscle parts from three participants were selected. Ridgeline plots of all partici-
pants and muscle parts including 2(*? before interval down-sampling and the original

gl*2) distributions were made available as an interactive dashboard [189)].

3.2.3.4 Hierarchical shift function analysis.  Shift function (SF) analysis is a

powerful graphical analysis tool to measure differences at any location in the dis-
tributions in absence of shift or scale parameters [190]. A multi-level expansion of
this method enables comparing multiple distributions between two dependent condi-
tions to interrogate the overall effect, namely hierarchical shift function (HSF) analysis
[191]. Presently, we applied the HSF in R v3.6.1 to compare all the binary pairings
of 2#=7 across different muscle parts. Following a median unbiased quantile estima-
tion (9 boundaries dividing the statistical distribution into 10 equal chunks) for every
Zpes distribution [192], a one-sample t-test is performed on the 20% trimmed means
of quantile differences between binary pairings of z{*?) across muscle parts. Mul-
tiple comparisons between 9 consequential one-sample t-tests were then adjusted for
significance using Hochberg’s procedure [193| and confidence intervals (CI) were cal-
culated at each quantile, yielding the group shift function. Note that the comparison
is performed on the standardized distributions, where each score represents how many
median absolute deviations away is the corresponding strain value from the median
strain of the whole tracked fascicle. Therefore, significant quantile differences detected
by HSF can be ascribed to the impact of tuning parameters on the heterogeneity of
the deformation fields across muscle parts. Moreover, the nature of the effect can be

characterized via group shifts.

3.2.3.5 Number of significantly different pair-wise comparisons. An anal-

ysis of variance test (Kruskal-Wallis) among different muscle parts was followed by

Dunn-s posthoc procedure on all C‘*? outputs. Corresponding heatmaps were gen-
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erated to evaluate whether the tuning parameters had a preferential influence on the

number of significant pair-wise differences between different muscle parts.

3.2.3.6 _Reproducibility.  All the source code (at v1.0) and intermediate derived

data to reproduce the figures and analyses in the article are publicly available, and can

be executed online without installation [194|. Please refer to the code repository for

the instructions.

3.3

(i)

(i)

Results

Visual inspection and statistics summary of Figure 3.1 reveals the following:

Strain amplitudes at the reference parameter configuration C%% peak ampli-
tudes are 21% shortening and 67% lengthening, both manifested in participant
C, yielding the widest within-participant distribution range of 88%. The smallest
shortening of 15% is observed in participant D-E, whereas participant B shows
the lowest local lengthening of 28% and the narrowest within-participant range

of 45%.

The general pattern for the deformation field - the positive strains are encountered
in the proximal muscle parts, while negative ones mostly are towards distal parts

of the tracked fascicles.

Inter-participant differences - variability is apparent. For example, participants

D and E show lengthening in the distal parts, not only in the proximal parts.

Effect of the tuning parameters: As C*=7 increases from 4 to 10, ¢ values for
all participants drop substantially in amplitude (e.g., for participant B, peak
shortening and lengthening equal 43% and 130% (C*) whereas 1% and 9%

(C010)) "yespectively.
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Figure 3.1 Serial distribution of local fiber direction strains (¢) along tracked fascicles of the medial
gastrocnemius (GM) on knee extension are visualized across participants (participants A-E, rows)
and for tuning parameters where «a equals o (C*=9, columns). Horizontal color-bars show min-max
(turquoise), range (white) and zero-crossing (yellow) of the respective ¢ distributions. Dashed white
lines indicate 10 muscle parts along with corresponding tags and categorical color palettes.



o4

Figure 3.2 compares the breakdown of median fiber direction strains at dif-

ferent muscle parts for each parameter configuration (éﬁmt ) by annotated heatmaps.

The strain amplitude attenuation in response to increasing C(*? is valid for major-

ity of éfgg;f? (e.g., for participant A, 5}‘}’? =26% whereas 5}41 =2% and, 5D2 '—14%

10 10) =0%). This is valid also for exclusive changes of either tuning parameter (e.g.,

for a=4 for participant C, <§<D4§7>

values equal 28, 19, 13 and 10%, as ¢ increases from
4 to 10) and for o=4, 5D3 ! values equal 28, 19, 14, and 10%). Therefore, tuning
parameters comparably affect strain amplitudes. Note however that exceptions to
this general pattern exist. A major example is participant B in which, parts P4 and
P3 show that increasing C{®®leads to not only a strain amplitude change but also

a sign change: 6}3 '—13% whereas, 5;0 9—5%. Much less pronounced other exam-

(4,4)

10100 _49%), participant C (845 =-5%

ples include participant A (6 jisd Y 2% whereas, 5

(10,10)
whereas, 3 M1

—2%), while e.g., participant E (£ =-3% whereas, &ho'”=1%) is
considered to indicate a fluctuation around 0 strain instead of a sign change. To ad-
dress the mechanism for such sign change, Fig. 3 visualizes kernel density curves of
every z(®?) distribution within muscle parts P4, M1 and D4, for participant B.

zﬁm distribution shapes indicate that the bulk of the distribution moves from
left to the right of the zero-line at C6% and stabilizes there with a gradually increased
right-skewness as the parameters increase. Therefore, past C6% negative median
strains yield positive median strains in part P4 (Figure 3.2), which mechanism affects

also P3-P1 in participant B. Note that, for other parts exemplified in Figure 3.3, this

effect is not valid, hence no sign change of strains occurs.
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Figure 3.2 Annotated heatmaps plot median fiber direction strain values at each muscle part (£ ;‘Zr?)

across all tuning parameter configurations (C’<a 97 columns). The color scales are adjusted indepen-

dently per tuning parameter combination to inspect the consistency of proximo-distal z—:part> patterns

against parameter changes. The C“=? pairs are indicated by white quotation marks for the reader’s
convenience.
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Figure 3.3 Kernel density ridgeline plots of modified z-score distributions across all the tuning
parameter combinations (z<°‘"’>) are displayed for the P4, M1, and D4 muscle parts (rows) of the
participants B-D (columns). The horizontal axis limits of each panel are determined individually by
the min-max across all the density plots.
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Figure 3.4 shows the number of significantly different pair-wise comparisons
in different muscle parts, which indicates that changes to that caused by increasing
C'*9) are limited. Moreover, those changes are rather arbitrary and no C{*? depen-
dent systematic pattern can be discerned from these heatmaps. For participant E, part
D3 shows the maximum, whereas for participant A, parts P4-M1 show the minimum

significant pairwise differences (14 and 5 out of 16 parameter pairs, respectively).



The absence of a monotonic change in the number of significant differences
caused by increasing C‘*?) suggests that the heterogeneity of strain distribution along

the tracked fascicles is not determined by parameter configurations.
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Figure 3.4 Number of significant post-hoc comparisons across muscle parts are shown for the tuning
parameter combinations as annotated heatmaps per participant. The color scales are adjusted to
min-max of 0-9, as the maximum possible number of significant post-hoc differences for 10 groups is 9
(i.e., one muscle part can be significantly different than all the remaining 9 muscle parts at the most).
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Figure 3.5 aims at exemplifying using hierarchical shift function analysis (Figure
3.5a) and showing the nature (Figure 3.5b-c) of the effects of increasing C‘*?" on the
heterogeneity of deformation field across different muscle parts. Each strain quantile
involves from each muscle part, the lowest 10% of the strains to the highest 10%, in
10% increments, i.e., 9 strain quantiles represent one participant per C‘*?. For an
assessment across different muscle parts, each represents mean z-score differences of

the corresponding C'“=?comparison.

A strain quantile with a confidence interval (CI) that contains zero is one that
different C{*? yield no significant effects across muscle parts. Conversely, if the CI
of a strain quantile excludes zero, significant effects across muscle parts occur leading
to effects also on fiber direction strain heterogeneity. Per C'*=7 comparison, this
is represented by a fishbone plot collectively. For participant C, such shift function
analysis for C% vs. CU1%19 gstatistically shows the net effect of tuning parameters
on strain heterogeneity across muscle parts, to include significant effects for the last
two quantiles (Figure 3.5a). This indicates that only the z-scores form the highest
20% of strains change their position within the distribution. Therefore, the effect of
increased C(*? is not only on strain amplitudes, but also on fiber direction strain
heterogeneity across muscle parts. The mechanism of this analysis is as follows: Figure
3.5b illustrates how distribution quantile differences determine the shape and position
of an individual shift function for participant C, part D4: subtraction of zfplf 19 from

zg‘f) yields positive differences, indicating that every quantile of zgf 10 should be

shifted toward right to match zglf). However, this shift is not a constant for each
quantile, revealing that certain strain amplitudes decrease more than the bulk of the
distribution does at C{1%19  In this case, the upper 3 quantiles suggest that C{*%
imposes a strong outlier effect to the highest 30% of strains. This explains the extreme,
720% peak local lengthening shown for participant C in part D4 for C+4 (Figure 3.1).
Moreover, the overlapped plot of all the shift functions shows that the effect of the
tuning parameter alterations can occur in different directions at different muscle parts

(Figure 3.1c). Note that a unit change in z-score represents one median absolute

deviation change from the median strain of the whole tracked fascicles.



29

Comparison of quantile

differences across

muscle parts Fishbone plot (group
P shift function)

.
.
-
-
-
-
-~
—-—
-
.

(1st _2nd)

I
Confidence
Intervals

|

quantile differences

q1 q2 q3 q4 q5 q6 q7 q8 q9

quantiles with confidence intervals containing quantiles with confidence intervals
zero: no significant effect of parameter not containing zero: significant effect
configuration on inter muscle part strain of parameter configuration on inter
heterogeneity muscle part strain heterogeneity

Shift function of
part D4

|

Median quantile
(g5) difference

quantile differences
(1 st _znd)

quantiles of zfi?) (159

5(10,10)

Zpart individual shift functions per
. = ) P4 muscle part
n
o
o
c
o
. R
respective parts are compared hierarchical &
across deciles ° ﬁ'
QD
e
=
c
o
s
o

comparison
ql q2 q3 q4 g5 g6 q7 q8 q9

Figure 3.5 Steps of hierarchical shift function (HSF) analysis illustrated for the difference between
C4% and C{1019) in participant C: (a) An individual shift function (SF) of muscle part D4 (right) is
constructed based on the quantile differences (yellow circles) in association with the location of com-
pared quantile pairs (beige bars) in zgif) and z<Dl£,10> distributions (green swarmplots). (b) Individual
SFs are constructed for each muscle part and overlaid by vertically aligning their quantile differences
(right). The quantile difference at 5 approximately equals to the difference between z;iﬁ and zﬁg’tlm
(left) for a given muscle part. (c) Fishbone plot showing muscle part comparisons by white circles at
(20% trimmed) means of quantile differences and confidence intervals of the corresponding one-sample

t-test.
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Figure 3.6 shows this assessment for all participants and C(*?. It is of central
importance that the vast majority of fishbone plots do include zero value, indicating
overall, the lack of significance of the differences caused by tuning parameter changes

on fiber direction strain heterogeneity across muscle parts.



61

(4,4)- (6,6)

(4,4)- (8,8)

—~
[=]
-
-
-
~
]
—~
<
<+
~

quantile differences

(6,6)-(10,10) (6,6)- (8,8)

(8,8)- (10, 10)

q4 Qs Qg q, Qs do g4 Qs Qo

TS EEEEEREN

P4 P3 P2 P1 M1 M2 D1 D2 D3 D4

Figure 3.6 Hierarchical shift function (HSF) plots are shown for the differences between the binary
pairings of modified z-score distributions where « equals o (rows) per participant (columns). Panels
contain 10 colored shift functions (SF), one for every muscle part. Each SF is plotted by the quantile
differences of compared tuning parameter pairs (2057 - 2577) against the quantiles of the first pair
(2§57). The bold white SF outlines the quantile differences in muscle parts by trimmed means (white
markers) and confidence intervals (CI). The y-axis limits are the same (from -3 to 3) to allow easy
visual comparison across the panels. Inclusion of the null value of 0 in a CI indicates no significant
effect for the respective decile differences.
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3.4 Discussion

This study investigated the capability of demons algorithm in quantifying mus-
cle fiber direction local length changes in terms of amplitude and distribution patterns.
Based on the technique introduced previously [82] this was done by assessing the effects
of implementing a new processing pipeline with the emphasis on effects of changing
tuning parameters. A key finding is that the fiber direction strain distribution pattern
across different muscle parts maintains overall stability against tuning parameter vari-
ations, standing up to rigorous statistical scrutiny. This confirms the hypothesis that
demons algorithm tuning parameters are not a significant determinant of fiber direction
strain heterogeneity across muscle parts. Given the critical implication of fiber direc-
tion local length changes for the understanding of in-vivo muscle function [2|, having
a detailed understanding of the capabilities of this technique and its limitations will
make a major contribution to the proper utilization and further development of it in

new studies.

3.4.1 Effects of employing different data analysis workflows

In Pamuk et al. (2016), with both tuning parameters set at 6 (C{%9) the
general pattern for the deformation field within the GM showed that the proximal
tract segments are lengthened, whereas the distal ones are shortened. Despite that
general pattern, variations among the participants A-E (the present study follows the
same convention) existed. The authors also reported that for some tracts, the general
pattern was reversed: e.g., a small portion of the tracts near the medial end of the GM
showed shortening proximally and lengthening distally for participant D. Considering
C'6:5) the present deformation patterns mostly mirror the general trend reported by
Pamuk et al. (2016). On the other hand, the deformation amplitudes differed between
participants with a gradual change from lengthening to shortening in the proximo-
distal direction of the GM: peak local strain amplitudes of participants A-E were 10%,
12%, 19%, 17%, 23% for shortening, and 14%, 15%, 117%, 35%, 26% for lengthening,

respectively.
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Our present findings show that the range of strain amplitudes calculated using
the new processing pipeline for C{66 (from 15% to 21% for shortening and from 28%
to 67% for lengthening) remains within that of Pamuk et al. (2016). Yet, the peak
lengthening shown in Participant C does differ (117% vs. 67%). The same applies
for Participant A (14% vs. 59%). Nonetheless, £5% of 14% for Participant A and
éﬁfﬁ of 19% Participant C (Figure 3.2) clearly indicate that bulk of the distributions
are in close agreement with the range reported by Pamuk et al. (2016) with outliers
excluded (14% for Participant A and 17% for Participant C). This suggest that such
discrepancies between the original and present peak C(%9 values are due to differences
in outlier influence (S1). This can be explained by variations in the sampling of strain
domain caused by differences between diffusion tractography outputs from different

software [195].

These results demonstrate the robustness of methodology by Pamuk et al.
(2016) against the application of a new data processing chain, which follows a sim-
ilar workflow logic, but uses different software packages and programming languages.
Supplementing a recent study that established the generalizability of our methodology
by acquiring data at a different scanner site and using different analysis tools [196],
this study brings demons algorithm one step closer to completing the picture of repro-

ducibility [197] in estimating in-vivo muscle deformation.

3.4.2 General effects of tuning parameters on strain amplitudes

We looked into two kinds of effects. First, is on the strain amplitudes. Regardless
of the participants and muscle parts, strain amplitudes profoundly changed in response
to changing tuning parameters. As a general effect, local deformation amplitudes de-
clined with increasing parameters in agreement with the theoretical framework [57].
However, this trend was not without exceptions (Figure 3.2). Yet, what muscle parts
showing an opposing trend of strain amplitude change against parameter alterations
had in common is that the shift functions corresponding to these regions consistently

remained outside the HSF confidence intervals. This indicates an amplitude underesti-
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mation that persists across the distribution near the anatomical boundaries. Previous
tests reported a similar underestimation near anatomical boundaries where discontinu-
ities in deformation field are likely, calling for a more cautious interpretation of strain
amplitudes near these regions [57]. The ability of HSF in characterizing such discrepant
observations lands the present methodology as a practical tool for the robustness as-
sessment of demons algorithm in strain estimation. Note that recent investigations on
the numerical stability of computational pipelines highly encourage such assessments
as a typical component of the analytical workflows [198]. Hence, in addition to the
synthetic rigid-body transformation tests for setting a minimum detectable change in
strain amplitudes [199, 200, 82, 57|, applying a parameter analysis as a routine proce-

dure in reporting in-vivo strain amplitudes is a tenable approach for future work.

Although large local muscle tissue deformation is highly plausible [168], repre-
sentative in-vivo range of strain amplitudes is yet to be established. In the last decade,
a considerable body of literature has reported in-vivo strain amplitudes. Nonetheless,
a dispersion of values is notable across modalities, even between comparable physiolog-
ical testing conditions. For example in-vivo strain amplitudes on submaximal muscle
activation were reported to be around 7% shortening by 3D ultrasound imaging at
30% of the maximum voluntary contraction (MVC) [201], 25% mean shortening by
accelerated 3D dynamic MRI at 30% MVC [55] and 3% proximal mean shortening to
15% mean distal lengthening by 3D high-resolution MRI at 15% MVC [200]. However,
several MRI-based 3D quantifications have shown good agreement with in-silico esti-
mations both in strain amplitude [168] and heterogeneity [202]|. Despite the promising
agreement between model- and MRI-based estimations, optimizing in-vivo data acqui-
sition protocols for accuracy in absence of a ground truth is difficult. Fortunately, a set
of evaluation criteria has been documented for image registration quality assessment
[203]. Following these guidelines, we used mean squared difference (MSD) as a metric
to determine which tuning parameter combination performed relatively better [82, 200].
Recently, we reported MSD values for the C{®?) combinations tested in the present
study by repeating the experiment by Pamuk et al. (2016) at a different imaging site
[196]. In agreement with Pamuk et al. (2016), C‘%5 minimized the MSD and C{!%19 is

indicated as the least favorable selection. Although similarity metrics such as MSD can
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be helpful for the tuning parameter adjustment within the confines of a mono-modal
registration algorithm, we acknowledge that it is not a direct indicator of the strain
amplitude accuracy. Nonetheless, the present findings support that tuning parameters
are a significant, yet not the sole, determinant of the strain amplitudes. Given that
small alterations in the displacement fields estimated by a non-rigid registration algo-
rithm can lead to higher errors in the metrics derived from it [98|, anatomy-mimicking
deformable phantoms and reference in-vivo measurements are needed for a thorough

accuracy assessment of strain amplitudes.

Second effect assessed was on muscle fiber direction strain distribution patterns.
A tuning parameter imposed significant change was observed only for a single partici-
pant at a single muscle part, when the edge case C*=? configurations were compared.
The HSF analysis showed that C** consistently introduces a strong outlier effect,
whereas the nature of insignificant alterations caused by higher parameters mostly
rested on the tested participant and muscle part. In the scope of these findings, it
can be concluded that the fiber direction strain heterogeneity is mostly agnostic to the
selection of demons algorithm?s tuning parameters and other analytical variabilities
brought by different workflow components. This conclusion adds to the previous evi-
dence showing that the primary determinant of the general nature of the deformation
field is the tested physiological conditions rather than non-rigid body motion [57], er-
roneous displacement estimations [57|, participant repositioning [60] or random error

82].

3.4.3 Effects of tuning parameters on strain distribution pattern

Tuning parameter induced significant change in muscle fiber direction strain
distribution pattern was shown only for one participant and for rather extreme com-
parisons (Participant C for C44 vs. C®8 and C{1%19 restricted to highest strain
deciles in distal muscle parts). However, this needs to be addressed. Anatomical local-
ization indicates this effect in the vicinity of aponeuroses. A similar but insignificant

effect shown for Participant A and D also sustains the observation near or within the
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aponeurotic regions (see supplementary-material).

Although higher displacement amplitudes near aponeuroses are plausible in-vivo
[167], the demons algorithm has been shown to produce erroneous results in narrow re-
gions demarking anatomical structures [167|. The present findings indicate that these
regions can be sensitive to tuning parameter choice. One solution to mitigate this prob-
lem is using a wider Gaussian operator, i.e., a higher o [129]. However, this hampers
registration locality hence calculation of displacement fields between high-resolution
images. Given that the nature of the deformation field remains stable against param-
eter changes when a discontinuity is not a concern, an alternative solution is using a
more conservative tractography seeding and fiber bundle filtering approach [204]. This
can guard against sampling strain tensors that are subjected to a higher instability,
increasing fidelity of the heterogeneity information. Therefore, muscle fiber direction
strain heterogeneity across muscle parts is not governed by the choice of demons algo-
rithm tuning parameters, where reconstructed tracts remain within the muscle belly.
Due diligence should be exercised when including nodal strain clusters near anatomical

boundaries of the targeted muscle to the assessments of strain heterogeneity.

3.4.4 Biomechanical mechanism and implications of muscle fiber direction

strain heterogeneity

Existing literature on the quantification of musculoskeletal deformation does
not pinpoint a precise range for in-vivo strain amplitudes. Nonetheless, heterogeneous
strain distributions are recurrent findings [199, 200, 82, 57| and they bear important in-
formation about the underlying mechanical interactions. Therefore, showing the persis-
tence of such key findings against the methodological choices is vital to the reliability of
the inferences made about the biomechanics of the muscle. Presently, we demonstrated
this for the use of the demons algorithm. The analytical stability of our algorithmic
findings has been explained by a sound mechanical analysis. Using the well-established
linked fiber-matrix mesh (LFMM) finite element model [61, 15|, Pamuk et al. (2020)

studied the mechanical mechanism of muscle fiber direction strain heterogeneity [202],
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even opposing the imposed global condition, locally at parts of the muscle. The crux
of their finding lies in the consideration of skeletal muscle as a mechanical actuator
deeply integrated within a load-bearing collagenous lattice, inter-linking (epimuscu-
lar connections) a continuum of muscular and non-muscular structures within a limb.
Considered in full isolation, the muscle belly should be free from any mechanical load
exerted on it, via this network yielding an anticipated uniform strain (e.g., lengthen-
ing occurring throughout a globally stretched muscle), which is confirmed using the
LFMM model [202]. In contrast, both positive and negative strains manifest in an
epimuscularly connected muscle merely by changing its relative position while keeping
its length constant. Such position change causes the muscle’s epimuscular connections
to stretch and impose myofascial loads acting on the muscle, which can manipulate the
force balance locally along muscle fascicles giving rise to a non-uniform strain distribu-
tion [2]. This mechanism was shown to be effective following imposed passive length
change and muscle activation as well [202], which conditions mimicked the principles
of those employed in the previous MRI-DTT analyses in human muscle in-vivo [87, 82].
Note that, muscle is motor for movement and sarcomere length change is key to force
production. However, heterogeneity of that along muscle fascicle is a key determinant
for muscle’s length range of force production [35], which has a direct impact on joint
range of motion. This is a paramount concept for human muscle function in health
and disease, putting in-vivo strain heterogeneity on the map as a potential diagnostic
biomarker. Through that, the clinical outcome of several treatments hinges on the
mechanical interaction of the muscle with its surroundings e.g., spasticity management
using botulinum toxin [205] or orthopedic surgery of cerebral palsy patients 22| as well

as kinesio taping [60].

3.5 Conclusion

We have demonstrated the robustness of the MRI-DTI method’s outputs to
changing software tools, and the consistency of muscle fiber direction strain hetero-
geneity patterns against parameter selection in demons algorithm. However, the strain

amplitudes do vary with parameter choices. Consequently, new studies are indicated to
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determine optimal tuning parameters to achieve accurate strain amplitudes compared
against known exact strains. The present findings bring us one important step closer to
a better understanding of the capabilities and limitations of the MRI-DTI methodol-
ogy, and inform what conclusions can be reliably drawn about in-vivo musculoskeletal

mechanics by using it.
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4. VELOCIMETRY AND QUANTITATIVE MRI FOR
CROSS-VALIDATION, GENERALIZABILITY AND
MICROSTRUCTURAL ORIGIN ASSESSMENT OF FIBER
DIRECTION STRAINS AS CALCULATED BY DEMONS
NON-RIGID REGISTRATION

4.1 Introduction

Significance of the epimuscular myofascial force transmission [2| in-vivo has been
an active research topic. This has driven the development of MRI-DTT approach study-
ing local strains in muscle fiber direction (e¢) in GM on of passive knee extension [82]
and isometric plantar-flexion [87]. In agreement with recent findings from finite ele-
ment modelling [34], proximal and distal GM fascicle regions undergo differential length
changes. In passive muscle, this trend manifests as proximally lengthened and distally
shortened fascicle bundles, explained by the effect of distally directed myofascial loads
ascribed to the mechanical interaction of the muscle with its surrounding tissues. It is
worth noting that this is contrary to the classical viewpoint, which ignores myofascial

loads and expects uniform length changes along the fiber length.

Agreement of these in-vivo findings with the theoretical expectations based on
the epimuscular myofascial force transmission (EMFT) framework is promising for
studying the muscle structure function relationship. Nevertheless, there remained
some questions regarding i) the origins of epimuscular mechanical interactions and
ii) the validity of the strain distribution patterns as calculated by demons non-rigid
registration. For the former, the first chapter of this thesis provides a proof-of-concept
on how macroscale anatomical structures visible on a strongly T1-weighted image can
be used to associate myofascial loading with the strain distribution pattern, achieved
by a manual segmentation of neurovascular tracts. For the latter, a comprehensive

set of tests were performed (please see Section 3, including a multiverse analysis [206]
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of the demons algorithm tuning parameters in tandem with a robustness assessment

[207], presented in the second chapter of this thesis.

A limitation shared by these studies in addressing (i) and (ii) is the lack of
orthogonal information for the general purposes of association and validation, respec-
tively. To mitigate this issue, this chapter supplies (i) with quantitative MRI (qMRI)
parameters of magnetization transfer and relaxometry for the association between mi-
crostructural parameters and strain distribution, and (ii) with VE-PC data acquired in
2D and 4D for cross-modality validation of demons-algorithm-based strain distribution
patterns (the wvelocimetry experiment). In addition to addressing the limitation (i),
generalizability aspects are also studied by including the demons parameter analysis
presented in the Section 3. Hence, this experiment will be referred to as the generaliz-

ability and ¢MRI experiment.

The specific objectives of the generalizability and ¢MRI experiment are:

e To analyze the generalizability [207] of the MRI-DTT findings upon passive knee
extension by performing data collection at a different site, using a different ex-

perimental setup and a different processing pipeline than those used by [82, 87].

e To incorporate quantitative MRI metrics of the longitudinal relaxation time con-
stant (T1) and magnetization transfer ratio and saturation index (MTR and
MTsat, respectively), as well as empirical DTI parameter of radial diffusivity

(RD) to characterize mechanical load distributions along muscle fibers.

The specific objective of the velocimetry experiment is:

e To compare the overall nature of the deformation field calculated by demons
algorithm with the strain rate distribution maps produced by velocimetry MRI

sequences on submaximal muscle activity.
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In the following section, we provide an overview of the recent developments
on musculoskeletal qMRI, holding strong potential in opening a new window to the
understanding in-vivo muscle structure function relationship. For a brief review of
the recent developments in the musculoskeletal velocimetry imaging methods that set
the benchmark for the evaluation of in-vivo tissue mechanics, the reader is referred to

Section 1.2.7

4.1.1 Supplementing in-vivo mechanical analyses with qMRI

Conventional MR images portray the underlying anatomical structures through
a complex contrast mechanism that includes contributions from tissue magnetic re-
laxation properties (i.e., T1 and T2), proton density (PD), diffusion, magnetization
transfer (MT) and susceptibility effects. These effects emerge from a series of quantum-
mechanical interactions of the magnetic and radiofrequency fields with the targeted soft
tissue, both of which are systematically manipulated by the acquisition systems to ad-
just relative contributions of effective micrometer-level MRI parameters (i.e., T1, T2,
PD, MT, and diffusion coefficient (D)). As a result, the conventional images convey a
predominant contrast (e.g., T1-weighted, or diffusion-weighted) in co-dependency with
the remaining effective parameters. These images are often represented in an arbitrary
grayscale range (i.e., voxel brightness), as they are qualitative in nature. To extract
meaningful information from conventional images, pattern recognition strategies must
be employed, either by expert radiologists or computer vision methods. It should be
noted that the morphological metrics derived from these images (e.g., tumor volume)
attributes a score to the observations based on, again, a qualitative pattern recognition
(e.g., detection of the tumor). As MRI is not a direct measurement of the structure
[208], such derived metrics are subjected to variabilities coming from multiple origins

including image acquisition, reconstruction, and processing.

Quantitative MRI (¢MRI), on the other hand, aims at assigning each voxel with
a quantity that is defined on a physiologically meaningful measurement scale. Going

from weighted images to quantitative maps, extracting information takes a more objec-
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tive form as the voxel values now carry a more specific information about the underlying
tissue microstructure. Therefore, quantitative maps are expected to be more reliable
across imaging centers and time points besides providing added diagnostic value. Quan-
titative maps are generated by fitting the experimental data (that has been acquired
by altering acquisition parameters) to an MRI signal representation or to a biophys-
ical model [209]. The following sections will look at different musculoskeletal gMRI
applications under 3 categories of relaxometry, diffusion and magnetization transfer

imaging.

4.1.1.1 Relaxometry imaging. Of all musculoskeletal quantitative imaging meth-

ods, relaxometry-based measures have the longest research history. With its first ap-
plication dating back to 1965, activation-dependent and edema related increase of the
transverse relaxation time constant (T2) [210] has found widespread research in ex-
ercise [211] and pathological cases such as inflammation, fat-infiltration, fibrosis and
atrophy [212]. Such changes observed on a monoexponential fitting regime were mostly
ascribed to a bulk change in the myowater content. On the other hand, several studies
have shown that the transverse relaxation in muscle decays over at least three com-
ponents [213]. It is commonly accepted that the shortest component (T2 < 10ms) is
associated with the macromolecule-bound hydrogen [214]. More recently, Araujo et
al. (2014) reported that myowater from intracellular and interstitial (i.e., extracellular
space found outside the blood) compartments give rise to the intermediate exponen-
tial component (T2 around 30ms), whereas the longest exponential component (T2 >
100ms) comes from the vascular space [215]. Quantifying T2 with multicompartmental
accuracy enables the decoupling of the origins of cellular-level changes. For example,
Saab et al. (2010) demonstrate that all three exponential components show increase
after exercise, but changes of the shortest and intermediate components outweigh the
longest one [216]. Another study looked at the effects of creatine supplementation
on multicompartment T2, and reported that only the shorter components showed an
increase, suggesting an increase in the intracellular water [217|. Theoratically, these
multiexponential models of muscle tissue relaxation can be used to study tissue oxy-

genation as blood signal can be isolated from the actual myowater content. Nevertheless
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in practice, these acquisitions are not time efficient. To characterize microcirculation
of skeletal muscles, a faster approach is the use of blood oxygenation level dependency
(BOLD) of the MRI signal [218]. Recent evidence points out that the primary source
of BOLD changes in the muscle comes from perfusion related alterations [219]. The
BOLD in muscle have been shown to differentiate slow- and fast-twitch fiber composi-
tion [220], varying levels of MVC [221] and drug intake [220]. So far, the investigation of
BOLD changes in muscle have provided an easy mean to evaluate the muscle function
in the context of microcirculatory regulations. Nevertheless, the quantitative contri-
butions of multiple factors that determine the musculoskeletal BOLD effect are yet to

be understood [218].

On the other hand, T1 mapping in skeletal muscle can help bring specificty to
distinguish certain diseases that T2 alone cannot, such as inflammation vs fat infil-
tration [222, 223|. It is also possible to evaluate denervation [224] , post-exercise and
age related changes [225|. Another popular use of T1 mapping is the assessment of
changes in collagen content, such as fibrosis. For example, Bull et al. (2013) have
reported a strong correlation between T1 and the degree of diffuse myocardial fibrosis
using histological validation [226]. Nevertheless, the systematic bias between either
fast cardiac [227] or traditional T1 mapping methods [228] imposes an important re-
liability problem. To that end, using vendor-neutral implementations of relaxometry
mapping methods plays an important role in increasing multi-center and longitudinal
reliability [229]. Widespread adoption of such standardization strategies can improve
the detection of true biological variability that is associated with in-vivo T'1 variations

observed in skeletal muscle.

4.1.1.2 Diffusion imaging. As summarized in Section 1.3.2, empirical DTI pa-
rameters (e.g., FA, ADC and RD) have been applied in the cytoarchitectural charac-
terization of muscles over the last 3 decades. More recent musculoskeletal diffusion
imaging literature offers a deeper focus on the quantification of more specific surrogate
markers of microstructural properties such as fiber diameter and extracellular water

fraction [78|. Berry et al. (2018) reported that 40% of the variation in myofiber size can
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be accounted by the simple single-echo DTI indices such as FA, which is increased to
70% when multi-echo DTT is performed in expense of long acquisition times. The main
advantage brought by multi-echo DTI to muscle diffusion imaging is the possibility
of sampling diffusion for longer durations (i.e., longer diffusion time) without signifi-
cant SNR penalty due to short T2. Time-dependent diffusion MRI, also known as qt
imaging [230] aims at characterizing tissue microstructure by allowing water molecules
to interact with structural barriers (e.g., sarcolemma, macromolecules, cytoskeleton
etc.) for varying diffusion times (i.e., the t space) in addition to multiple b-values
(i.e., the q space) that alone cannot describe the diffusion it is Gaussian in all com-
partments. The development in this field has primarily focused on the study of white
matter microstructural properties in the human brain. Unfortunately, most of these
models cannot be applied to the myofibers as they show high density packing, larger
cell sizes and short T2 times [231]. Nevertheless, some studies have explored such
transient diffusion effects in the skeletal muscle [232, 233, 234]|. Using random per-
meable barrier model, Fieremans et al. (2017) have shown the feasibility of diffusion
imaging in quantifying fiber size and sarcolemma permeability, and demonstrated its
application in calf muscles after exercise (increased myofiber size in GM) and in post-
operative rotator cuff atrophy (decreased myofiber size) [233]. With the same model,
Lemberskit at al. (2021) have shown that fiber size, sarcolemma permeability and fiber
orientation distribution can be regarded as muscle microstructural features, and they
can capture physiological changes that the anatomical measures (e.g., cross-sectional
area) and empiricial DTI indices (e.g., FA, MD) could not [234]. Finally, a sensitivity
analysis on the muscle miscrostructural parameters of fiber diameter, volume fraction,
permeability, intra- and extracellular diffusion coefficients and T2 times have revealed
that intracellular diffusion dominates the measured signal and fiber diameter appears
to be more influential than permeability [231]. Even though most of these measure-
ments are deemed reasonable in experimental musculoskeletal applications, numerical

simulations put in the question their accuracy [235].

4.1.1.3 Magnetization transfer imaging.  Magnetization transfer (MT) con-

trast makes use of the nuclear spin interactions between hydrogen protons in different
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macromolecular environments. These interactions have been explained by commonly
used two-pool model [236]. Conventional MRI images are reconstructed from the sig-
nals received from protons that are not bound to macromolecules, constituting the free
pool. On the other hand, protons in close vicinity of macromolecules has almost no
contribution to those conventional images, representing the bound pool. It is possible
to selectively excite these spins using specially designed off-resonance radiofrequency
(RF) pulses, known as magnetization transfer pulses. Skeletal muscle has been shown to
exhibit a prominent MT effect upon the application of these pulses [237]. The spatially
varying magnitude of this effect is commonly represented by calculating magnetization

transfer ratio (MTR) as follows:

MT,z; — MT,,
MTOff

MTR = (4.1)

where MToff is the magnitude of tissue signal before the MT pulse and MTon is the
signal after pulse has been applied. This measure have so far been used in skeletal mus-
cle to grade clinical severity of peripheral neuropathy [238|, to evaluate pathological
changes in limb-girdle muscular dystrophy patients [239] and to investigate its corre-
lation with muscle strength [240]. Although one of its earliest uses on skeletal muscle
was performed in a quite low magnetic field (0.26T), authors claimed that change in
MTR values is attributable to the post-exercise increase in extracellular water content
[241]. However, MTR is denoted as a semiquantitative measurement, given that over-
all observed signal in a quantitative MR experiment has been determined by a more
complex model that includes the contributions of T1, uniformity of of B1 (excitation)
and B0 (static) field amplitudes. As T1 depends on iron and calcium concentration,

the relationship between the MTR and macromolecular content becomes non-linear.

In an attempt to explore qMT effects in skeletal muscle by decoupling quantifi-
cation from tissue relaxometry parameters and scanner hardware, Sinclair et al. (2010)

have designed the first rigorous qMT experiment on lower leg muscles of healthy sub-
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jects [242]. They acquired a full set of FLASH images with 7 distinct off-resonance
offset frequencies and two nominal flip angle to fit a complex gMT model [243] to their
data. This enabled fitting of 4 different parameters that has shown intersubject vari-
ability. Then, by combining their parameters with T1 maps, they calculated bound
proton fraction F, which defines the ratio of which MR-visible protons reside in the
macromolecules. This parameter has been shown to be the clinically most relevant
measure to evaluate central nervous system pathologies [244|. However, quantification
of F requires a time consuming full gMT data acquisition and necessary sequence mod-
ifications to alter offset frequency are not enabled in most of the scanners. A recent
study have shown that this parameter has shown a marked non-linear association with
MTR, whereas displaying a high linear correlation (r = 0.80) with MR saturation index
(MTsat), which reduces the effect of T1 from MTR [244]. Although MTsat is also a
semi-quantitative measure, it greatly reduces some fundamental problems associated
with MTR (i.e., T1 and B1 contributions), yielding an easy to acquire and a meaningful
parameter [245]. Recently, Romero et al. (2019) have reported significantly higher M'T-
sat values in the lower leg muscles of male participants in comparison to females [246].
They also report that MTsat values are consistently higher in Tibialis Anterior (TA)
than those in the remaining calf muscles. These sex-related and regional differences
can be explained by gender specific cytoarchitectural arrangement and Type I/ Type 11
fraction of muscle fibers altering the MT saturation through extracellular occupancy
of macromolecular content. The study of MT effects in skeletal muscle within clini-
cally feasible scan time and with higher specificty to macromolecular content warrants
further research with more advanced techniques such as inhomogeneous MT with zero

echo time readouts [247].

4.2 Methods

4.2.1 Data acquisition

A 29 years old healthy female subject (173cm, 67.3kg) volunteered for the gen-

eralizability and qMRI experiment. Written informed consent was acquired prior to
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the data collection following a protocol approved by the Montreal Clinical Research
Institute Ethical Review Board, University of Montreal, Montreal, Quebec, Canada.
The dataset including a single participant for the velocimetry experiment was kindly
provided and presented herein with the permissions by Drs. Usha Sinha and Shantanu

Sinha, Department of Physics, San Diego University, San Diego, California, USA.

For the generalizability and qMRI experiment, the participant was placed ate
a 3T scanner (Siemens Prisma, Erlangen, GE, equipped with an upgraded 80 mT/m
gradient system) in prone position. The left leg was brought to a reference position: (I)
the ankle was 7xed at 90 by using stripes and cushioning materials. To locate the knee
joint, a piece of Velcro was attached over the patella and on the MRI table. Few degrees
of knee flexion were imposed by elevating the torso with support. The restriction was
due to fact that utilization of the 15-channel knee coil without removing the spine coil
precluded raising subject?s trunk to impose a higher level of flexion. After positioning
subject into the isocenter, one anatomical turboFLASH and two field maps (B1 and
B0) were acquired using the pulse sequences and acquisition parameters presented in
Table 4.1-4.2. Subsequently, the support was removed and the knee was brought to
full extension. In this deformed state (II), separate sets of anatomical turboFLASH,
diffusion ss-EPI, field map (B1 and B0), magnetization transfer contrast and three

variable flip angle (VFA) 3D image sets were acquired (Figure 4.1).
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Figure 4.1 Sagittal plane images from 3D volumes acquired using different sequences and by altering
specific parameters for the QMRI experiement. Inset figure (upper right) shows the relation between
input/output data and respective information for each image by their placement on the layout.
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Table 4.1
Acquisition parameters for the generalizability and qMRI experiment including structural and
difusion-weighted sequences.

Sequence Name 3D fast low-angle shot (FLASH)
Slice Orientation Transversal

Repetition Time (TR) (ms) 35

Echo Time (TE) (ms) 2.36

Pixel Size (mm?2) 1.5X 1.5

Slice thickness (mm) 5.0

Phase enc. dir A >>P

Flip Angle a: bb:bc: bd: 1be: 25
Magnetization Transfer Contrast (MTC) a: off b: on c: off d: off e: off
Bandwidth (Hz/pix) 260

MT Pulse Offset (Hz) 1200

Sequence Name ss-EPI

Slice Orientation Transversal

Repetition Time (TR) (ms) 2900

Echo Time (TE) (ms) 67

Pixel Size (mm?2) 1.5X 1.5

Slice thickness (mm) 5.0

Phase enc. dir P >>A

Acceleration mode GRAPPA (2 Accel. Fact., 24 Ref. lines)
Number of diffusion directions 20

b-Values 0, 500

Averages for b-values 5,1

Bandwidth (Hz/Pixel) 1184
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Table 4.2

Acquisition parameters for the generalizability and gMRI experiment including field mapping.

Sequence Name

Slice Orientation
Repetition Time (TR) (ms)
Echo Time (TE) (ms)
Pixel Size (mm?2)

Slice thickness (mm)

Phase enc. dir

Flip Angle

Bandwidth (Hz/Pixel)
Sequence Name

Slice Orientation
Repetition Time (TR) (ms)
Echo Time (TE) (ms)
Pixel Size (mm?2)

Slice thickness (mm)

Phase enc. dir

Flip Angle

Bandwidth (Hz/Pixel)
Echo Spacing (ms)

gre field mapping (b0 field map)
Transversal

1000

a: 4.92 b: 7.38

3X3

5.0

A >>P

90

259

bl mapping (product sequence)
Transversal

6830

1.97

3.1 X 3.1

5.0

A>>P

8

490

4.3

For the velocimetry experiment, the participant was placed at a 1.5T clini-

cal scanner (GE Healthcare, WI) in supine position with the right foot attached to a

custom-made pedal as in [248]. The dataset for demons-algorithm-based strain quantifi-

cation (relaxed and 15% MVC, undeformed and deformed, respectively) was acquired

following the procedure described in [87]. The scan plane was prescribed in oblique-

sagittal orientation to align GM fascicles within plane. To enable cross-modality com-

parison (Figure 4.2), the same participant was then scanned using a velocity-encoded

phase-contrast (VE-PC) sequence during (approximately 70) repetitive cycles of iso-
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metric plantarflexion at 15% MVC with the acquisition parameters summarized in

Table 4.3.

a) VE-PC (1.2x1.2x5 mm?3)

Cyclic 15% MVC
|sometr|c
plantarflex:on

F&fmmes
1.5T

du du
L=1,, “"J D=05(L+L")

ox Oy

Strain Rate
Tensor (2D)

b) 3D SPGR (1.2x1.2x5 mm3)

Sustained 15% MVC
isometric
plantarflexion

demons
Relaxed 15% MVC

U (displacement)

F=Vu+I E=%[FTF—I]

Strain Tensor
(3D)

Figure 4.2 Schematic illustration of the data structure acquired for the cross-modality validation
of the demons-generated-strain distribution. a) Velocity-encoded phase-contrast (VE-PC) data ac-
quired during repetitive 15% MVC isometric plantarflexion. b) Undeformed (relaxed) and deformed
(15% MVC sustained isometric plantarflexion) high-resolution anatomical datasets acquired using 3D

spoiled gradient-echo (SPGR) sequence.
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Table 4.3
Acquisition parameters for the 2D VE-PC sequence.

Sequence Name 2D velocity-encoded phase-contrast
(VE-PC)
Slice Orientation Sagittal-oblique
Repetition Time (TR) (ms) 16.4
Echo Time (TE) (ms) 7.7
Voxel Size (mm?2) 12X 1.2
Slice thickness (mm) 5.0
Field of View (cm) 30 X 22.5 (75% partial phase)
Image Matrix 256 X 192
Number of slices/phases 1/22
Velocity encoding (cm-s™1) 10
Number of excitations 2
Table 4.4

Acquisition parameters for the 4D compressed-sensing (CS) PC sequence.

Sequence Name 4D CS flow
Slice Orientation 3D
Repetition Time (TR) (ms) 51.2
Echo Time (TE) (ms) 4.43
Flip Angle (FA) (°) 80

Voxel Size (mm?2) 2X2
Slice thickness (mm) 5.0

Field of View (cm) 15 X 30
Image Matrix 66 X 160
Number of phases 50
Velocity encoding (cm-s™1) 15

CS acceleration factor 8
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4.2.2 Data processing

For both experiments, the calculation of the deformation field between deformed
and undeformed anatomical images was performed using the demons implementation
by Kroon et al. (2009), as in the reference implementation [82|. However, tractography
and the projection of scalars along tracked GM fascicles were implemented in a new

processing pipeline for the generalizability and gMRI experiment:

e Diffusion weighted images (DWI) were converted into a common data format for

DTT processing using 3D Slicer.

e For the quality control and pre-processing of the diffusion data, DTIPrep was
used [249]. Quality control included the removal of the bad gradients (none
were discarded out of 30 directions for this dataset) and visual inspection for
the prominent artifacts. Next, the joint Rician filtering method was used for
denoising DWI. This was followed by motion correction of the gradient images

and removal of the eddy current artifacts to improve the fidelity of the data [250].

e Preprocessed data was then transferred to the MITK-diffusion toolbox (v2018-
4.0) for the calculation of DTI and fiber tractography [251]. The default stream-
line tractography algorithm was performed with the same tracking parameters
chosen for GM by Pamuk et al. (2016). However, tracts were seeded only within
the manually prescribed GM with the preferential streamline integration direc-
tion from deep to superficial aponeurosis. Resultant fiber bundle was filtered
to discard streamlines that are not representative of the expected GM fascicle

orientation.

e Deformation field calculated by demons algorithm and the reconstructed tracts
were then transferred to an in-house toolbox to calculate voxelwise strain ten-
sors and to project them on streamline nodes to represent fiber direction strains
along tracked fascicles. Alignment of the fiber bundle with the deformation field
was manually checked by overlaying them on the anatomical volume yielded by

demons registration.
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e Quantitative maps of MTR, (transmit Bl field corrected) MTsat and T1 were
calculated using gMRLab (v2.2.1) [252], following a between-series motion cor-
rection implemented in the Elastix toolbox (v3.9) ref [253]. Empirical diffusion
metric of RD was derived from the tensor image calculated using MITK-diffusion
[251]. All the quantitative parameters were than projected onto the nodal fiber

coordinates as scalars for visualization and statiscial analyses.

For the calculation of 2D strain tensors from the VE-PC data to enable cross-
modality validation in the velocimetry experiment, the workflow described in [248] was
followed. Positive and negative eigenvalues were derived from the strain rate data to

be compared with first and third principle demons-calculated-strains (Figure 4.2).

To provide a more leveled ground for the comparison against demon-based
strains, a 4D compressed sensing (CS) accelerated data derivatives (strain rate maps
and descriptive statistics of strains) were kindly provided by Drs. Usha and Shantanu
Sinha’s research group. For reference studies please see [55, 56]. The original acqui-
sition was performed at an CS factor of 7, yielding 50 temporal phases at 15% MVC
muscle activity during 3 seconds (see Table 4.4 for the protocol). To derive demons-
based strains, magnitude images of the 10th and 30th frames were registered. Unlike
the 2D VE-PC analysis described above, here, the source of actual deformation cap-
tured by the demons (2 magnitude images out of 50 frames) is on par with that of 4D

CS PC (50 velocity encoded images), allowing a more accurate comparison.

4.3 Results

4.3.1 Generalizability and qMRI experiment

The new diffusion imaging protocol and the new tractography pipeline have im-
proved GM fiber coverage notably (Figure 4.3). The streamlines were representative of

the GM fiber architecture, originating from deep aponeurosis, running in superoposte-
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rior direction and attaching into deep aponeurosis.

Figure 4.3 Medial gastrocnemius (GM) muscle fibers reconstructed using new acquisition parameters
and tractography pipeline. Densely packed streamlines are representative of the muscle structure
and present across the longitudinal coverage of the FOV of diffusion weighted volume. Tracts were
transparently colored at random to provide a better sense of orientation.

Locations of the higher and lower nodal strain clusters remained stable irrespec-
tive of the parameter combinations (Figure 4.4). In line with the expectations from the
theoretical framework of the demons algorithm, higher sigma values yielded a smoother
distribution. For example, in the first row, smallest sigma gives out a focal distribution
pattern, which smoothens with increasing sigma values. The extents of the distribu-
tion magnitudes, on the other hand, decreases markedly from 104% to 6% and from
47% to 12% for lengthening and shortening respectively. Similar relationship can be
observed in all the rows. When observed in a column-major order, distributions reveal
that the changes in strain magnitudes due to alpha were much smaller than those due
to sigma. These trends can also be observed from the violin plots (see supplementary

Figure C.1).
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Figure 4.4 Serial fiber direction strains are visualized on the tracked fascicles of the medial gastroc-
nemius (GM) muscle for paired alpha (rows) and sigma (columns) combinations.

When the algorithm parameters kept the same with the methodology applied
by Pamuk et al. (2016), the ¢ distribution ranged from -24.0% to 27%. This range
is comparable to that of given over five subjects (-23% to 35%). Moreover, the overall
nature of the distribution (Figure 4.4) is retained, indicating that proximal portion of

the tracked fascicles lengthened, whereas shortened distally.
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Figure 4.5 Lower triangle: Scatter plots for the paired alpha-sigma combinations ( C <a">| Va=c€
{4,6,8,10}) of mean fiber direction strains (¢7). Pairs underwent at least one sign swap among these
pairs are shown by yellow markers, green otherwise. Upper triangle: Shift function plots for the same
alpha-sigma combinations are given in the lower triangle. These plots show 9 markers to represent
intervals from 10 deciles. Horizontal axis gives the first pair, whereas vertical axis represents differences
between the deciles of pairs. Vertical lines crossing each marker represent confidence intervals (CI) of
the respective decile. Inclusion of zero (horizontal dashed line) indicates that the compared deciles are
not significantly different (green). Significantly different deciles are indicated by yellow vertical line.
Note that distributions are z-score normalized. Therefore 5th marker from the beginning corresponds
to the mean decile. Remaining markers to its right and left represent strain deciles above and below
the mean decile.

Except from C1%10 the relationship between £} of different parameter combi-
nations showed a marked linearity (Figure 4.5). This implies that the bias imposed in
response to the parameter changes can be partially removed by shifting and scaling.
However, 34% of the tracked fascicles (yellow markers in Figure 4.5) swapped sign at
least once for the parameter combinations where C'*=?. Nonetheless, these changes
were clustered around the zero crossing. Therefore, the changes do not have a pref-
erential effect on the direction of strains, but strain amplitudes near zero crossing are
more prone to changes in algorithm parameters. It should be acknowledged that such
comparative analyses are not conclusive of which parameters performs better in the
lack of ground-truth. Therefore, to supplement this analysis with an objective selection

basis, registration performances were compared by mean squared error (Figure 4.6).
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Figure 4.6 Heatmap of the normalized mean squared errors calculated between the registered (trans-
formed undeformed state) image and the deformed state image for all parameter combinations.

Figure 4.6 shows that the error is the highest for C{1%19  This can be explained
by the reduction in the performance of demons algorithm to resolve local shape changes.
For the lower o values, keeping C*=“appears desirable. The parameter combination
applied by Pamuk et al. (2016), which is C{® yields one of the lowest error value for

the same conditions tested in the present study.
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Figure 4.7 An axial slice of the quantitative T1, MTR and MTsat maps.

Table 4.5
Descriptive statistics (mean+SD ) for the quantitative MRI parameters (T1, MTsat and MTR) are
given for lower leg muscles of gastrocnemius medialis and lateralis (GM, GL), soleus (SOL), tibialis
anterior (TA) and peroneus (PER).

GM GL SOL TA PER
T1 1.67£0.09 1.50£0.06 1.66+0.07 1.50+0.04 1.75£0.05
MTsat 2.09£0.12 1.90£0.12 2.06+0.14 2.16+0.06 2.13+0.07
MTR 43.8+0.75 41.2+1.07 45.3£1.66 4441.30 44.7£1.2

Figure 4.7 shows a transverse view of the quantitative maps of T1, MTsat and
MTR within their respective distribution ranges. Within-plane, MTsat and MTR dis-
tributions do not show a notable regional variation, unlike the T1 map that shows
higher values near vascular structures. Descriptive statistics from the ROI analysis
(see supplementary Figure C.2) confirms the similar distribution range for T1 (from
1.5 to 1.75 seconds), MTsat (from 1.9 to 2.16) and MTR(from 41.2 to 45.3%) for all

lower leg muscles in the analyzed slice (Table 4.5).
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Figure 4.8 Serial and mean distributions of fiber direction strains (obtained at C':6)) T1, magne-
tization transfer saturation index (MTsat) and radial diffusivity (RD).

When filtered by the tracked fascicles, MTsat in GM varied from 0.9 to 2.7, T'1
from 0.95 to 1.75 seconds and RD from 0.01 to 0.2 (Figure 4.8). Serial T1 distribution
showed a somewhat compartmentalized appearance, with longer values in the proximal

half and a significant effect on the €, €7, ey (Table 4.6).

Table 4.6
Standardized beta coefficients () and standard errors (SE) from the multiple linear analysis to test
the predictive effect of the quantitative MRI parameters over the mean fiber direction lengthening
(e7+) and shortening (7).

B — ¢y SE—¢; [B—cft SE —e5y B —e5- SE —¢5_
MTsat 0.021 0.018 0.08 0.020 0.095 0.080
T1* -0.30 0.020 -0.18 0.229 -0.26 0.079
RD 0.036 0.018 -0.06 0.212 -0.04 0.047
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4.3.2 Velocimetry experiment

Following the convention by Sinha et al. (2015), Figures 4.9 and 4.9 show neg-
ative and positive eigenvalues of the 2D strain rate tensor. The eigenvalues are sorted
according to the positive and negative values at each voxel, not by magnitudes. There-
fore, the labels of negative and positive strain rate in Figures 4.10 and 4.9 may become
misnomer depending on the deformation trend at a given time point, respectively.

Please see Appendix C.2 for more detailed definitions and mathematical descriptions.

contraction cycle

negative eigenvalue

|

15% ISOMETRIC PF

Figure 4.9 Positive eigenvalues of the strain rate tensor plotted throughout the contraction cycle
(22 frames) at the proximal (red), medial (green) and distal (blue) regions of the medial gastrocne-
mius. Negative eigenvalues (SR fper) upon plantarflexion are shown (top row) for 8 out of 22 frames,
corresponding to the contraction phase (approximately from 3th to the 10th frame).
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Figure 4.10 Positive eigenvalues of the strain rate tensor plotted throughout the imaging cycle (22
frames) at the proximal (red), medial (green) and distal (blue) regions of the medial gastrocnemius.
Positive eigenvalues (SRin—piane) upon plantarflexion are shown (top row) for 8 out of 22 frames,
corresponding to the contraction phase (approximately from 3th to the 10th frame).

During the 15% MVC plantarflexion phase of the imaging cyle (from 3th to 10th
frame in Figure 4.9), a prominent SR s, peak is obsered in all three GM regions (prox-
imal, medial and distal given by red, green and blue ROIs, respectively). However, the
SR fiper was the highest at the medial, followed by the distal and proximal parts, indicat-
ing a heteregeneous strain trend across the GM. The 4th frame displayed in Figure 4.9
indicate higher contraction amplitudes around the deep aponeurosis with a noticeable
gradual decrease towards the superficial aponeurosis of the GM. The proximo-distal

heterogeneity persists during the rest of the imaging cycle.

Positive eigenvalues, i.e., SRj,—piane Or cross-fiber SR, during the same phase of
the imaging cycle show a more pronounced proximo-distal heterogeneity (Figure 4.10).
An interesting observation is that at the 5th time frame, where SR ., starts peaking
(Figure 4.9), all ROIs indicate nearly identical SR;,_piane. Whereas at the peak of the

contraction, proximo-distal heterogeneity of SR;,_piane maximizes, such that proximal
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and distal parts show positive and negative SR values, respectively. The highest shear
strain trend remains at the medial part, where the highest contraction magnitudes were
observed. On the other hand, the 4th frame in Figure 4.10 reveal that high SR;,_piane
magnitudes are clustered around the aponeuroses, but less within the muscle belly,

unlike the SR, where a gradual distribution pattern exists.
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Figure 4.11 Side-by-side comparison of (left) the negative eigenvalue map of the SR (SR yiper)
from 2D VE-PC (the peak plantarflexion phase of cyclic 15% isometric contraction) and (right) third
principal strains calculated from the non-rigid demons registration of 3D SPGR images (relaxed vs
on sustained 15% isometric plantarflexion). Note that the slice location of the demons-based strain
map (right) was set manually to mimic that of VE-PC.
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Figure 4.12 Side-by-side comparison of (left) the positive eigenvalue map of the SR (SRin—piane)
from 2D VE-PC (the peak plantarflexion phase of cyclic 15% isometric contraction) and (right) first
principal strains calculated from the non-rigid demons registration of 3D SPGR images (relaxed vs
on sustained 15% isometric plantarflexion). Note that the slice location of the demons-based strain
map (right) was set manually to mimic that of VE-PC.

Side-by-side comparison of the SR ., and demons-based third principal strains
(Figure 4.11) does not show an immidiately obvious similarity between the distribu-
tion patterns. However, both maps indicate shortening at GM and SOL with higher
amplitudes in vicinity of deep aponeurosis. Differently from SR ¢, demons-based
third principal strains indicate local lengthenings of small magnitude. Both SR;,_piane
and demons-based first principal strains (Figure 4.12) show high amplitude strains to-
wards the distal parts of the GM-SOL compartment, again, with higher deformations

localized near the muscle boundaries.
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Figure 4.13 Comparison of deformation patterns between highly accelerated 4D compressed sensing
(CS) flow acquisition and demons-based strains. a) Negative eigenvalue map of the SR (SRy;per) and
b) Negative eigenvalue map (SRin—piane) from 4D CS PC. ¢) Third and d) first principal strains from
demons-based strain quantification.

Comparison of demons-based strains and 4D CS PC strain rate maps show a
more noticeable similarity (Figure 4.13): high amplitude deformations localized GM
and around the deep SOL, with smaller magnitudes between both regions. Please note
that it is possible to derive strain maps in addition to strain rate maps from the 4D CS
PC data, as the voxels can be tracked within the whole 3D volume across time frames
[56]. Even though the images were not available for a side-by-side comparison, strains
from 4D CS PC (for a 7X7 ROI placed at the GM) were in the range of 30% shortening
(Ea1) and 20% lengthening (E,3) during the peak of the contraction. Demons-based
(between 10th and 30th frame, where the peak of the contraction occurs) principal

shortening and lengthening for GM was 43% and 25%, respectively.
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4.4 Discussion

4.4.1 Generalizability and qMRI experiment

In this study, the passive knee extension experiment by Pamuk et al. (2016)
was reproduced using a different scanner, with different participant and using a new
processing pipeline. Both strain distribution pattern and magnitudes are generalizable
given the agreement with the trends observed across five participants in [82]. Coupled
with the robustness analysis presented in Chapter 2, the reproducibility analysis in [87|
and participant repositioning in [60], these findings complete the puzzle of experimental

reliability for the MRI-DTT method [207].

Although tractography seeding was restricted to the GM boundaries described
by manually drawn ROI, some streamlines followed a pathway unrepresentative of GM
structure (perpendicular streamlines at the distal end starting from the deep aponeu-
rosis). Nonetheless, these streamlines can be discarded using a better ROI, orientation
based filtering offered by MITK-diffusion and filtering by quantitative T1, as a thresh-
old can be set for non-muscular voxels. More importantly, the coverage of the tracked
fascicles in the present study exceeds that of given by [82]. This is in part due to
the improvement of the GM tract selection, but also because of enhanced fidelity of
the diffusion acquisition at twice higher gradient strengths. Therefore, there is not a
reference in [82| for the region residing below the central section of the fascicles (Fig-
ure 4.4) to compare against. This region typically shows lengthening for the studied
subject, highlighting the importance of a wider FOV in characterizing length changes,

as addressed in the following section.

Scatter plots in Figure 4.5 adds to the shift function analysis presented in Chap-
ter 2 for chracterizing the robustness of the demons-based strain quantification against
tuning parameters. Other than those paired with C{%19  fiber direction strain dis-
tributions between C“=?pairs show a strong linear trend, indicating the applicability
of the transformation revealed by the shift function in calibrating strain distributions

in presence of a ground truth measurement. In addition, the strain magnitudes that
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underwent sign changes were clustered around zero crossing. This indicates that the
sign swap did not take place between high-magnitude strain regions (e.g., not from a
high amplitude shortening to high amplitude lengthening). This further suggests that

the bias introduced by parameter changes can be normalized by shifting and scaling.

T1 carries fundamental yet intricate information about biophysical microenvi-
ronment. Its distribution is informative of the variations in local tissue composition.
Hence, the significant linearity shown in Table 4.6 implies a covariance with a tissue
mechanical property that is linked to certain microstructural information captured by
T1. Serial T1 distribution (Figure 4.8) exhibit a compartmentalized appearance, with
longer values in the proximal half (e.g., 1.75s), with a notable decrease towards the
distal ends (e.g., 0.9s). Assuming collagen, this would imply an increase in stifness
going from proximal to distal parts of the tracked fascicles, which agrees with the my-
ofascial load distribution leading to the observed strain pattern. Nevertheless, such
a direct association is not possible as T1 depends on a multitude of factors. MT, on
the other hand, is expected to be more specific. In skeletal muscle, the fraction of
bound pool protons is plausibly associated with collagenous components, intra- and
extracellular myocellular lipids or other tissue components that contain macromolecu-
lar content [242]. The degree of which these tissue components contribute to the MT
effect is not known yet [238|, granting further investigation on the sensitivity of the
gMT methods on macromolecular content changes in skeletal muscle. A good example
to that respect would be comparing the qMT parameters of botulinim-toxin (BTX)
injected muscle with that of a control group to investigate whether qMT metrics ac-
count for collagenous content. This is because, recent histological findings indicate that
the percentage of intramuscular connective tissue is higher in BTX administered ani-
mals than those for control groups [22]. Another plausible method is approaching MT
effects in the context of the EMFT phenomena under passive joint angle movement.
For example, findings from our study have shown that passive knee extension imposes
distally directed myofascial loads on the tracked fascicles, resulting a general distribu-
tion pattern among all subjects with considerable intersubject variability (Pamuk et
al. 2016). If MTsat accounts for the collagenous content primarily, such variabilities

in strain distribution is expected to be correlated with magnetization saturation index
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distribution. Finally, it is worth noting that determination of myofascial load distri-
bution is a complex multiparametric problem. Therefore, strain quantification model
can highly benefit from incorporation of quantitative metrics including MRI visible
anatomical force transmission components, diffusion properties and MRI-related fields

maps along with qMT data.

In conclusion, musculoskeletal gMRI characterization is a promising venue to
an improved understanding of human muscle function relationship in the context of
myofascial force transmission. Further research with more participants, multiple imag-
ing sites and histological validation is needed to clarify the relationship between the

quantitative parameters and muscle tissue microstructure.

4.4.2 Velocimetry experiment

Our research group rigorously tested various aspects of demons algoritm in quan-
tification of material strain in skeletal muscle (see Section 1.4). The second chapter of
the present thesis adds to these the findings that the deformation pattern is not deter-
mined by algorithmic choices. Here, we present the first cross-modality MRI dataset

for a validity assessment using 2D VE-PC, as well as highly accelerated 4D CS flow.

Non-uniform deformation is a common finding in both 2D VE-PC and demons-
based strain distributions, as well as higher strain amplitudes in the vicinity of deep
aponeuroses of the studied triceps surae muscles. Nevertheless, a notable similarity is

not present between the compared maps (Figures4.12 and 4.12). This can be explained

by:

e Muscle deformation is not imposed similarly during cyclic (2D VE-PC) and sus-

tained (demons) isometric submaximal plantarflexion.

e The resolution of the 3D SPGR deformed/underformed image pair (1.2x1.2x5

mm) is not on par with the reference study (1mm isometric) [87]. In addition,
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the 3D SPGR sequence used for the data collection, unlike the turboFLASH flash
used in [87], was not inversion-prepared, leading to a less effective T1 weighting.
Demons algorithm is intensity based, hence affected by image contrast differences

and resolution to track displacement.

e Resolving displacement in 2D vs 3D has important implications. In 2D VE-PC
case, image orientation is prescribed to align with fiber orientation, under the
assumption that the displacement in the orthogonal direction does not contribute
to the deformation, as shown by [248, 55|. However, given the complex 3D
architecture of muscle fibers [49, 81], such plane prescription does not neccesarily

lock the orthogonal direction perpendicular to entire muscle fibers.

e Fundamental differences between Eularian and Lagrangian descriptions of flow.
Please see Appendix C2.1 for a more theoretical explanation on the difference

between VE-PC strain rates and demons-based strains.

Fortunately, highly accelerated 4D CS PC can change the landscape of valid-
ity analysis for in-vivo muscle deformation as quantified by non-rigid registration al-
gorithms. As it is possible to track individual voxels across the contraction phase,
a 3D displacement field can be obtained to calculate Green-Lagrange strain tensor
as described in Chapter 1.3.1. Moreover, both magnitude images on which demons
algorithm operates and velocity-encoded images capture the identical morphological
changes. This, for the first time, levels the ground for PC-based strains to be rendered

as a validation dataset for demons algorithm upon in-vivo deformation.

Figure 4.13 show the preliminary findings for such comparison. Overall spa-
tial distribution patterns in SR and demons-based strain maps show similarity. Even
though the reference for amplitude comparison was limited to a 7x7 ROI place at the
center of GM on 4D PC strain maps, demons-based (at C{®6)) principal shortening and
lengthening (43% and 25%, respectively) are within 15% error margin with those from
4D PC (30% and 20% respectively). This difference is in part due to the selection of
reference frames for demons registration. Unlike the 30th frame corresponding to the

peak of the contraction, which shows good image contrast, magnitude reconstructions
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of the first 10 frames were not suitable for registration. The difference between the
reference frame selection for the calculation of Lagrangian strain is a plausible explana-
tion of the amplitude differences. Finally, image contrast characteristics and resolution
of the 4D flow magnitude images are much less informative for the demons algorithm
to track deformation (see Figure 4.14 for comparison), resulting in a strain map with

a coarser appearance (Figure 4.13).

4D CS flow (magnitude) 3D turboFLASH

Figure 4.14 Comparison of 4D compressed sensing (CS) flow magnitude reconstructed image (left,
2x2x5mm) and turboFLASH T1w high-resolution (right, lmm iso) images.

Future studies focusing on the cross-modality validation of image registration-
based strains against highly accelerated CS flow acquisitions can be optimized for
higher resolution and better image contrast. Given that such advanced acquisition and
reconstruction methods are available to a limited number of research sites, validating
MRI-DTT method with reference to high-dimensional CS data has a pivotal role for
the accesibility and cost-efficiency in studying human muscle function relationship. As
the current analysis is performed within the bounds of the data made available, Figure

4.13 constitues a preliminary, yet a promising, finding.
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In conclusion, MRI-DTT method is robust against algorithmic choices, in ad-
dition to be repeatable, reproducible and generalizable [207]. Quantitative MRI can
complement in-vivo mechanical analyses with tissue microstructural information to
study human muscle function relationship across multiple dimensions, in-vivo. Finally,
accelerating MRI using techiques such as CS and fingerprinting goes a long way toward
validating the capacity of simpler acquisition and processing methods in providing re-
liable analyses. Our preliminary findings (Figure 4.13) represent a good example in

that direction.
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5. GENERAL DISCUSSION

Different information layers acquired by and extracted from multimodal MRI
acquisitions bring a new dimension into studying human muscle function relationship
in the context of myofascial connectivity, as well as to the validation of such in-vivo ap-
proaches. This thesis demonstrates a powerful example by incorporating macro- (NVT)
and micro-scale (QMRI) structural information to the analysis of in-vivo mechanical
interactions (demons-based strains) between lower leg muscles under both active and

passive conditions.

The in-vivo data from both active and passive testing conditions for the GM
indicate the existence non-uniform sarcomere length distribution on human muscle,
extending previous results from in-situ animal experiments [2] and recent modeling
studies [34]. These physiologically highly relevant findings support in-vivo presence of
myofascial interactions in human muscle, which has major implications for the muscle
function in health and disease. Future research can expand the scope of the literature
on in-vivo existence of EMFT to other muscles for new testing conditions (e.g., kinesio
taping, BTX administration and pos-operative assessment). Nevertheless, translating
these findings into a fundemental understanding, and from there into clinical use neces-
sitates a deeper evaluation, going beyond mapping local deformations along fascicles
and quantifying position invariant statistical metrics. To that end, we performed com-
prehensive tests on the validity of demons algoritm. Given the importance of strain
heterogeneity pattern [35], the currrent thesis expands these tests to include a multi-
variate analysis on the impact of tuning parameters on deformation field and imple-
ments a cross-modality validation strategy (Chapter 3). As for the accuracy of strain
amplitudes, designing an MRI-visible deformable phantom or using publicly available
datasets that have been published recently [254, 255, 256| are plausible options for the
calibration of the MRI-DTT method.
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APPENDIX A. MAGNETIC RESONANCE AND
DIFFUSION TENSOR IMAGING ANALYSES INDICATE
HETEROGENEOUS STRAINS ALONG HUMAN MEDIAL

GASTROCNEMIUS FASCICLES CAUSED BY

SUBMAXIMAL PLANTAR-FLEXION ACTIVITY

A.0.1 Mean fiber direction strains of different tracts and its relevance

Mean fiber direction strain along individual tracts were calculated and percent-
age of tract pairs with different mean strains were used as index for parallel heterogene-
ity of tract strain. Pair-wise comparisons of mean fiber direction strain along individual
tracts within each subject were done based on Kruskal-Wallis with Dunn’s post hoc
test. Ratio of the number of fiber pairs with statistically different mean strains to the
total number of fiber pair combinations quantify parallel distribution of strain per each

subject.

Figure A.1 shows mean fiber direction strains of different tracts for each subject
within axial cross sections. Index for parallel heterogeneity of tract strain indicates that
approximately half of the tracts studied shows different mean strains (51.3%, 51.5%,
48.7%, 51.6% and 57.5% for subjects A, B, C, D and E, respectively). Inter-subject
variability is noticeable for mean strain distribution. For subjects A, B and C, most
superficial tracts show a positive mean strain, whereas for deeper tracts negative values
are calculated. However, for subject D an opposite effect, and for subject E a more

complex distribution is found.

It has been shown that with increasing parallel heterogeneity, muscle optimum
length shifts to a longer length [35]. Furthermore, variations in partial activation
pattern have been shown to affect the nature of the mean strain distribution by fi-

nite element modeling [19]. As a result, index for parallel heterogeneity constitutes a
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Figure A.1 Parallel distribution of fiber direction strains for each subject. Mean fiber direction
strains of different tracts are mapped on a reference cross-sectional slice separately for each subject.
The reference slice is chosen so as to maximize the fiber representation within the muscle cross section.
Negative values represent shortening and positive values represent lengthening. Strain limits are not
normalized to reflect individual parallel distribution differences.

promising parameter for subject specific characterization of in-vivo mechanics of the
skeletal muscle and the nature of parallel strain distribution provides promising infor-

mation to investigate activation patterns for several muscles during various tasks.
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APPENDIX B. IN-VIVO ALONG MUSCLE FASCICLE
STRAIN HETEROGENEITY IS NOT AFFECTED BY
IMAGE REGISTRATION PARAMETERS: ROBUSTNESS
TESTING OF COMBINED MAGNETIC
RESONANCE-DIFFUSION TENSOR IMAGING METHOD

(4,4)- (10,10) (4,4)- (6,6)

Figure B.1 hjgfd
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APPENDIX C. VELOCIMETRY AND QUANTITATIVE
MRI FOR CROSS VALIDATION AND
MICROSTRUCTURAL ORIGIN ASSESSMENT OF FIBER
DIRECTION STRAINS AS CALCULATED BY DEMONS
NON RIGID REGISTRATION
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C.1 Generalizability and qMRI experiment

04 Og Og (2T

Figure C.1 Split-violin plot matrix visualizing the serial fiber direction shortening (red) and length-
ening (turquoise) distributions yielded by paired alpha (rows) and sigma (columns) combinations.
Suspected outliers (1.5 interquartile range far from the median) were represented by markers, whereas
outliers were discarded from violin plots.
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Figure C.2 (a) Box and whisker plots for magnetization transfer ratio (MTR) distribution in medial
gastrocnemius (GM), lateral gastrocnemius (GL), soleus (SOL), tibialis anterior (TA) and peroneus
(PER) muscles. (b) Axial cross-section of MTR map. (c) Region of interest (ROI) masks. Small
interquartile ranges indicate low variability in the distribution of MTR vales in axial cross-sections for
all ROIs. All target muscles appear to have a quite similar mean MTR value with noticeable number
of outliers.

C.2 Velocimetry experiment

C.2.1 On the difference between VE-PC strain rates and registration-

based strains

Velocity-encoded phase-contrast images map voxelwise velocity information based
on a maximum flow rate set by the velocity encoding (VENC) parameter (e.g., 10cm /sec
as in Table 4.3). Based on this set limit, flow information can be captured (and scaled)
based on the phase shift induced (from -180°to 180°) at each voxel due to motion, in-
cluding the direction of the flow (forward or reverse to the imaging plane). As a result,
a 2D velocity field is obtained with the standard VE-PC sequence. Using compressed

sensing acceleration, 3D velocity maps can be obtained.

The partial derivative in each direction of the velocity field V' (z,y) (i.e., the
Jacobian of the velocity field ()VV) yields the velocity gradient tensor L. In 2D

(V(z) = ux 4+ vy), where x is the current coordinate, the velocity gradient tensor is
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given as:

ov Sy Bu
L:a—JC:VV: ;} ;U (C.1)
z

The relationship between velocity and velocity gradient tensor is akin to that between
the displacement and deformation gradient tensors. One essential difference is that the
spatial derivative of L is taken with respect to the current location, not with respect to
a reference coordinate as in the deformation gradient tensor which is expressed in the
Lagrangian specification, where points are followed through time and the coordinates
are fixed in the material. Hence, L is an Eulerian description (coordinates are fixed
in space) of an instantanious change of the speed in each direction when a particle
is moved within that field by a certain distance in a certain direction. Figure C.3

illustrates the key difference between these definitions.

If all points move in the same direction at the same speed, L equals zero. Defor-
mation occurs only when the points attain different velocities. In this calse, L can be
split into strain rate (D) and rotation (2) tensors, symmetric and assymetric parts of
the L, respectively. The former defines the rate at which the deformation (stretching
and shearing) occurs, whereas the letter defines the rate of rotation. The strain rate

tensor is given by:

ou 1/0u ou
ou S(Qu 4 du
D= 1a$a Q(xa ) =5(L+L7) (C.2)
TR

The diagonals of D represent stretching, whereas the non-diagonal components
define shearing. Eigenspace decomposition yields eigenvalues and eigenvectors that de-

fine the principle magnitudes and orientations of D. In other words, eigenvalues (A1, Ag,
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A3) express the (either positive or negative) maximal values the diagonal components
can take. The notation followed by Sinha et al. (2015) is that maximum positive eigen-
value (\y) corresponds to the extension rate, whereas the minimum negative eigenvalue
is the contraction rate (A\3). The intermediate component () is expected in a much
smaller magnitude, and could be either expansion or contraction. For further details

on this convention, the reader is referred to [258].

LAGRANGIAN EULERIAN

¢

) J

Figure C.3 Illustration of the difference between Lagrangian and Eulerian mesh descriptions. In
Lagrangian coordinates, the relative position of material points (blue dots) remain stationary against
the grid locations (black dots on the mesh) as the material deforms. In other words, the material
coordinates are fixed, the mesh deforms with the material. In Eulerian coordinates, the material
coordinates (blue dots) change in time, whereas the grid locations (black dots) remain constant.

It is worth noting that the mathemetical operations applied on VE-PC encoded
images are borrowed from the field of fluid mechanics to study the kinematics of skele-
tal muscle. This approximates soft tissue as a continuos distribution of small fluid
elements. For example, the local stifness of a solid described in the Lagrangian coor-
dinates (more favorable for studying solids in a large deformation regime, see section

1.3.1) corresponds to the viscosity of a fluid element in Eulerian coordinate (more fa-
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vorable for studying fluids). There are some drawbacks in studying muscle deformation
using Fulerian descriptions, as muscle is a history-dependent material and boundary
conditions are not easily applicable in Eulerian coordinates. When comparing SR from
VE-PC to fiber direction strains derived from the displacement field, these fundamen-
tal differences should be bear in mind. The material derivative links such Eulerian and
Lagrangian descriptions of continuum deformation. However, raw data for 2D and 4D
PC images were not available to explore options for providing a more objective com-
parison basis for registration-based strains. Still, a side by side qualitative comparison
of the distribution patterns of VE-PC based deformation trends and registration-based
strains offers valuable information for testing the validity of fiber-direction strain het-

erogeneity.
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