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ABSTRACT

MRI ASSESSMENT OF in vivo EPIMUSCULAR
MYOFASCIAL FORCE TRANSMISSION

Recent developments have been evolving magnetic resonance imaging (MRI)
to a combined tool in order to assess human anatomy and physiology in vivo. In the
present thesis 3D high resolution anatomic and diffusion weighted imaging capabili-
ties of MRI were combined with nonrigid registration technique in order to quantify
principal strains and fiber direction strains locally. The presented method was used to
assess the effects of epimuscular myofascial force transmission (EMFT) and external
mechanical load simulating ischemic compression manual therapy technique in human

lower leg in vivo.

In healthy subjects, global length changes of gastrocnemius muscle-tendon com-
plex were shown to cause sizable and heterogeneous local principal strains and fiber
direction strains within the all muscles of the limb. It was concluded that EMFT has
determinant role in human muscles that affects the mechanical characteristics of syn-
ergistic and antagonistic muscles as changing heterogeneity of fiber lengths. Thus it

was proven that muscles are not isolated functioning units in vivo.

Even all muscles of lower leg were kept isometric, external mechanical load
imposed on gastrocnemius muscle caused pronounced and quite heterogeneous principal
strains not only within that muscle but also in other muscles of the limb. These
findings may lead therapists to relate the mechanical load and the size and penetration

of deformations it creates.

Keywords: Epimuscular myofascial force transmission, manual therapy, magnetic res-
onance imaging, diffusion tensor imaging, nonrigid registration, in vivo biomechanics,

motion analysis.
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OZET

EPIMUSKULER MIiYOBAGDOKUSAL KUVVET
ILETIMININ MRG ILE IN VIVO ANALIZi

Son geligmelerle birlikte manyetik rezonans goriintiileme (MRG) insan anatomi
ve fizyolojisini aragtirmada tiimlegik bir ara¢ haline gelmistir. Bu tezde MRG’nin yiik-
sek ¢ozliniirliikklii 3B anatomik ve difiizyon agirlikli goriintii alma yetenekleri esnek
cakigtirma teknigiyle birlegtirilerek yerel asal gerinimler ve fiber yonii gerinimleri nicel-
lenmigtir. Mevcut yontem insan alt bacaginda epimiiskiiler miyobagdokusal kuvvet
iletiminin (EMKI) ve iskemik kompresyon manuel terapi yoéntemini taklit eden dig

mekanik baskinin etkilerinin insanda in vivo incelenmesi i¢in kullanilmigtir.

Saglikli deneklerde gastroknemius kas-tendon kompleksindeki genel boy degigim-
lerinin ayni uzuvdaki tiim kaslarda biiyiik ve heterojen yerel asal ve fiber yonii gerin-
imlerine sebep oldugu gosterilmistir. EMKI’nin insanda fiber boyunun heterojenligini
degistirerek sinerjistik ve antagonistik kaslarin mekanik 6zelliklerini etkileyen belirleyici
bir rolii oldugu sonucuna varilmigtir. Bdylece kaslarin birbirinden izole halde calisan

birimler olmadigr kanitlanmigtir.

Alt bacaktaki tiim kaslar izometrik tutulsa bile gastroknemius kasina uygulanan
dis mekanik baski sadece bu kasta degil ayni uzuvdaki diger kaslarda da cok heterojen ve
biiyiik asal gerinimlere sebep olmugtur. Bu bulgular terapistlere uyguladiklart dig baski
miktar: ve bu baskinin dokularda olusturdugu deformasyon biiyiikligii ve dagilimini

iliskilendirmede yol gosterebilir.

Anahtar Sozciikler: Epimiiskiiler miyobagdokusal kuvvet iletimi, manuel terapi,
manyetik rezonans goriintiileme, difiizyon tensor goriintiileme, esnek cakistirma, in

vivo biyomekanik, hareket analizi.
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1. GENERAL INTRODUCTION

1.1  Muscle Structure and Intramuscular Connections

Skeletal muscle, also known as striated muscle is composed of very long cells
which are called muscle fibers. Their length can reach over 30 cm, elongated within
fascicles (i.e. bundles consisting of muscle fibers and surrounding connective tissues).
Sarcoplasm (i.e. cytoplasm of a muscle fiber) contains myofibrils which are the con-
tractile units of the fiber. Myofibrils consist of thick and thin filaments (composed
largely of the protein myosin and actin, respectively). These filaments are arranged
regularly representing the repeating unit of a myofibril called as sarcomere. Sarcomere
is the smallest unit producing force within a muscle fiber: The contraction is brought
about as thin filaments at each end of a sarcomere slides toward each other with the
help of cross-bridges extending from thick to thin filaments. According to this Sliding
Filament Theory, generation of force within sarcomere is explained by the overlap of
the filaments. In addition to myosin and actin proteins, there are various types of
proteins such as titin, troponin, nebulin, and tropomyosin included in the intracellular
space [1]. The extracellular space between muscle fibers contains collagen fibrils con-
stituting a wide web among muscle fibers and other components of the extracellular
space. Collagen fibers help to organize the muscles within three different layers: en-
domysium, perimysium, and epimysium embraces each individual muscle fiber, fascicle,
and the whole muscle, respectively. After removing muscle fibers and using electron
microscope, Trotter and Purslow demonstrated that endomysial tubes are continues
3D structures (Fig. 1.1) [2]. These tubes are linked to perimysium which is linked to
epimysium |3, 4]. These form continuous paths from each muscle fiber to the outside

of the muscle.



Figure 1.1 Endomysial tunnels. Transversely cut surface of the bovine taken by scanning electron
micrograph indicating the endomysial tunnels [2].

1.2 Inter and Extramuscular Connections

The epimysium merges into deep fascia between adjacent muscles and superficial
fascia between the muscle and skin. Compartmental Boundaries (e.g. intermuscular
septa, interosseal membranes, periostea, and compartmental fascia) bundle the syner-
gistic muscles with shared epimysium. Apart from muscles, bones, and fascia, a limb
contains collagen reinforced neurovascular tracts which embed the nerves, blood and
lymph vessels. The main nerves and vessels entering the limb branch into each mus-
cle therefore make another continuous pathway among muscles. See Appendix C for

detailed 3D reconstructions.

1.3 Transmission of Muscle Force: Myotendinous and Myofas-

cial Pathways

1.3.1 Myotendinous Pathways

In classical point of view, muscles are independent units producing forces and

there is little or no force transmission among muscles via intra-, inter-, and extramus-



cular connective tissues. Therefore all forces produced are transmitted onto the bones
via tendons by mechanical connections between the ends of muscle fibers and aponeu-
rotic tissue (myotendinous junctions) [5]. Epimysium is merged into the periosteurn,

the fibrous sheet around a bone directly or through the tendon indirectly [6].

1.3.2 Mpyofascial Pathways

In addition to the myotendinous junctions there are mechanical linkages among
muscles emerging from the proteins within each muscle fiber in cellular level, extends
through collagen fibers to macro levels; endomysium, perimysium, and epimysium in
order. Taking into consideration these myofascial pathways, the neurovascular tracts
and fascia part of a force produced by muscle fibers can be transmitted (i) to adja-
cent muscle fibers and (ii) between muscles, and (iii) surrounding non-muscular tissues
(i.e. bones, neurovascular tracts). It can be transmitted even to more distant mus-
cles within the same limb [7, 8]. Transmission of this kind is referred to as the term
"myofascial force transmission" (MFT) introduced by Huijing and his colleagues [9].
The initial studies on EMFT were made on gastrocnemius medialis (GM) and extensor
digitorum longus (EDL) muscles of the rat in situ [10]. Since EDL muscle has a single
proximal tendon and four separate distal ones, it was ideal candidate in order to study
myofascial force transmission within intramuscular environment. The subsequent ex-
periments were performed by measuring the length and produced force as extra and
intermuscular connective tissues were manipulated systematically [11|. It was shown
that the interactions between adjacent muscles and extramuscular connective tissues
have direct effect on muscle length-force characteristics. After proximal lengthening
proximo-distal force differences were found was caused by these interactions in EDL
muscle of the rat [9, 12, 13]. The relation between the size of myofascial force trans-
mission and the relative position of the muscle with respect to adjacent muscles and
extramuscular connective tissues was indicated [14]. In the light of these experiments,

MFT have been categorized:

1. Intramuscular MFT occurs due to presence of multimolecular complexes which



connect sarcomeres to elements of the subsarcolemmal cytoskeleton which is ex-
tended and connected to the extracellular matrix by trans-sarcolemmal molecules
[10]. In addition, continuity between intramuscular connective tissues and inter-
and extramuscular connective tissues and bones allows the force to be transmitted

to the other muscles and non-muscular tissues.

2. Intermuscular MFT is the transmission of force from the extracellular matrix of
a muscle to the extracellular matrix of an adjacent muscle via direct collagenous

connections [15].

3. Extramuscular MFT is the transmission of force from the extracellular matrix
of a muscle to surrounding non-muscular tissues and bone |16, 15]. If inter-
and extramuscular MFT connections cannot be distinguished, the integral of
inter- and extramuscular MFT is referred to as epimuscular myofascial force

transmission (EMFT) [17].

These results were supported by finite element modeling (FEM) in new exper-
iments focused on the anterior crural compartment of the rat [15]. Connective tissues
were left intact while those muscles were stimulated. During the experiment, exten-
sor digitorum longus (EDL) muscle was lengthened distally while the length of tibialis
anterior (TA) and extensor hallucis longus (EHL) muscles kept constant. The major

results of such experiments are:

1. Inter- and extramuscular MFT cause substantial force differences between prox-

imal and distal ends of the muscles [13, 12, 18§].

2. Muscle length-force characteristics are altered (e.g., muscle optimum length shifts

to a higher length and muscle optimal force is changed) [17, 15].

3. Relative position is a major determinant of muscle force in addition to muscle

length [19, 18].

Based on these results, it was hypothesized that if there is force difference be-

tween proximal and distal ends of the muscle, the strain and hence distribution of



lengths of the sarcomeres in series should be heterogeneous even if the muscle is kept
at constant length. The strain and therefore distribution of lengths of the sarcomeres in
parallel are also conceivably heterogeneous because of inter- and extramuscular MFT
[15, 20, 18]. This hypothesis was confirmed using FEM. This shows that in addition
to physiological parameters (i.e. physiological cross-sectional area PCSA, fiber length,
and pennation angle) size and diversity of MFT determines the length-force character-

istics of a muscle. However no direct evidence was provided in previous studies.

1.3.3 Implications of EMFT

One of the major implications of EMFT is expected to be in tendon transfer
surgeries in patients suffering from spastic paresis. To achieve undesired joint positions,
distal tendon of the muscle is detached and reattached to another location in order
to balance the load exerted on the joint. FEven acute effects of this surgery are as
desired, joints turn to their undesired positions in long-term. Using cine phase contrast
magnetic resonance imaging (Cine-PC MRI) Asakawa et al. studied on the clinical
outcome of rectus femoris transfer surgery which aims to convert rectus femoris muscle
from a knee extensor to a knee flexor. They showed that after transfer of distal tendon
rectus femoris muscle is not converted to a knee flexor but its capacity on knee extension
is reduced ([21, 22]. Smeulders et al. demonstrated that dissecting partially the muscle
belly of flexor carpi ulnaris (FCU) from its surroundings achieves better results [23, 24].
In muscle lengthening surgeries Ates et al. showed that EMFT causes (i) differential
effects at the proximal and distal ends of a poly-articular muscle, and (ii) sizable effects
at non-targeted synergistic muscles [25]. Using previously developed method [26] they
concluded that if spastic human muscle is activated alone (i.e. the effects of EMFT
are negligible) it does not show abnormal mechanics representing the joint movement
disorder. It is indicated that EMFT may affect the abnormality in spastic muscle
mechanics [27]. Furthermore, in surgeries targeting spastic muscle with botulinum
toxin type A (BTX-A) both injected and noninjected muscles were affected. It indicates
the effects of EMFT within the adjacent compartment [28|. It was also shown that

BTX-A administration affects EMFT mechanism [29]. Therefore in surgeries based on



tenotomy, fasciotomy, aponeurotomy, and BTX-A injection the role of EMFT should
be taken into consideration in order to enhance the outcome of the surgery for both

short and long term.

1.4 Compartments of Human Lower Leg

1.4.1 Superficial Posterior Compartment

Biarticular, bipennate musculus gastrocnemius (m. gastrocnemius) is located
in posterior compartment with its synergistic musculus soleus (m. soleus) (Fig. 1.2).
The medial and lateral heads of m. gastrocnemius originate from medial and lateral
condyle of the femur. m. gastrocnemius and m. soleus are attached to Achilles tendon
distally. It extends the foot at the ankle joint (i.e. plantarflexion) and flexes the leg at
the knee joint. It is supplied by tibial nerve.

m. soleus has three compartments: (i) unipennate posterior compartment, (ii)
bipennate anterior crural compartment, and (iii) marginal compartment [30]. The
intramuscular aponeurosis (i.e. anterior aponeurosis [31]) separates anterior crural
and posterior compartments. Fibers are attached to this aponeurosis proximally from
both anterior and posterior sides and contact distally to median septum and posterior
aponeurosis of m. soleus [32]. The marginal compartment lies around the periphery
of the muscle. It connects the edges of posterior aponeurosis to the edges of anterior
aponeurosis, tibia, and fibula. The function of m. soleus is plantarflexion of the foot.
Tibial nerve enters m. soleus as two distinct branches from anterior and posterior
surface whose distribution within the whole muscle in three-dimension was studied
previously [33]. Sural, tibial, and posterior arteries enter m. soleus and m. gastrocne-
mius. Using ultrasonography, the architecture of m. gastrocnemius and m. soleus was
studied and significant differences were found between genders [31]. Because of this,

only male subjects were studied in this dissertation.



1.4.2 Deep Posterior Compartment

There are four muscles within this compartment: Popliteus, flexor digitorum
longus, flexor hallucis longus, and tibialis posterior (Fig. 1.2). Popliteus muscle acts
on knee joint weakly to unlock it. The functions of other muscles are (i) plantarflexion,
(ii) inversion of the foot, and (iii) flexion of toes. This compartment is separated from
anterior crural and posterior superficial compartments by interosseous membrane and
transverse intermuscular septum, respectively. The muscles are attached to interosseous
membrane and posterior surfaces of tibia and fibula. They are supplied by tibial nerve

and fibular (peroneal) artery and posterior tibial artery.

1.4.3 Peroneal (Lateral) Compartment

There are two muscles within this compartment: Fibularis (peroneous) longus
and brevis muscles which plantarflex and evert the foot (Fig. 1.2). This compartment
is separated from anterior crural and posterior superficial compartments by anterior
and posterior intermuscular septums, respectively. Peroneal muscles are attached prox-
imally to lateral surface of fibula. They are supplied by superficial fibular (peroneal)
nerve branching from common fibular (peroneal) nerve and fibular (peroneal) artery

which is a branch of posterior tibial artery.

1.4.4 Anterior Crural Compartment

There are four muscles within this compartment: tibialis anterior, extensor
hallucis longus, extensor digitorum longus, and fibularis (peroneus) tertius muscles
(Fig. 1.2). Their function is (i) dorsiflexion of the foot and (ii) extension of toes.
This compartment is separated from deep posterior and peroneal compartments by
interosseous membrane and anterior intermuscular septum, respectively. These muscles
are attached proximally to tibia, fibula, and interosseous membrane. They are supplied

by deep fibular (peroneal) nerve branching from common fibular (peroneal) nerve and



by anterior tibial artery.
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Figure 1.2 Compartments of lower leg. Transversal slice is demonstrated just above middle of lower
leg (Courtesy of Netter’s Atlas of Anatomy 5th Edition) [34].

1.4.5 Human Lower Leg Compartment Focus of This Dissertation

In this dissertation, lower legs of human subjects were imaged using MRI as
the ankle was fixed, knee and hip angles are passively changed. This provides passive
movement of m. gastrocnemius while other muscles within the lower leg were kept
isometric. In order to assess the effects of this movement on synergistic and antagonistic
muscles, we divided lower limb into five anatomical regions: (i) m. gastrocnemius, (ii)
m. soleus, (iii) deep flexor muscle group (i.e. muscles in deep posterior compartment),
(iv) peroneal muscle group (i.e. muscles in peroneal compartment), and (v) anterior

crural muscle group (i.e. muscles in anterior crural compartment).



1.5 Magnetic Resonance Imaging

Magnetic resonance imaging (MRI) is based on the intrinsic angular momentum
of the protons in hydrogen atoms generating dipole moments. Normally these dipole
moments are randomly oriented and can be aligned under external magnetic field. The
precession (i.e. rotation of dipole moments) frequency of this longitudinal magnetiza-
tion, called also Larmor frequency depends on external magnetic field strength and a
constant gyromagnetic ratio. When an external radio frequency (RF) electromagnetic
wave with Larmor frequency is applied the protons resonate and create a net transverse
magnetization which is orthogonal to longitudinal magnetization direction. When the
external magnetic field and RF pulses are turned off protons, start to relax and turn to
their random orientations in both longitudinal and transverse directions. While they
are returning to their exponential relaxation states they generate electromagnetic wave

received by coils in MRI scanner.

Time duration of spin moment relaxations of longitudinal and transverse mag-
netization depends on two time constants T1 and T2. T1 depends on the interactions
between hydrogen protons and the structure of their molecular environment whereas
T2 depends on the interactions between hydrogen protons. The physical density of
hydrogen protons gives proton density (PD). T1, T2, and PD differ among tissues

therefore create contrast in MR images.

Changing the external constant magnetic field with small magnetic field gradi-
ents (i.e. phase encoding and frequency encoding gradients) modifies Larmor frequency
and phase of the signal which helps to relate the signal with the physical position of

protons.

Combination of RF pulses and magnetic gradients is called a pulse sequence in
which the timings of RF pulses and gradients were carefully specified. Total duration
of measurement specifies if the image is T1 weighted or T2 weighted. These basic
types of images have been widely used clinically for visual inspection of anatomy and

physiology of soft tissues. Apart from these types of sequences, real-time sequences
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have been developed in order to quantify deformations caused by tissue movement.
These techniques are especially successful in cardiac motion since they require periodic
motion. They are useful also to quantify deformations in skeletal muscles if the subject
is able to provide periodic joint movement. These techniques are: (a) tagged magnetic
resonance imaging (TMRI) [35], b) phase contrast MRI (PCMRI) [36, 37|, ¢) pulse
field gradient based MRI methods (HARP and DENSE) [38, 39|, d) strain encoding
imaging (SENC) [40]. In this dissertation T1 weighted Turbo Flash based anatomical

images are used to quantify deformations using Demons registration.

1.6 Quantifying Deformations

In order to quantify deformations and hence strains within tissues two 3D
anatomic high resolution MR image sets are aligned using Demons algorithm [41] i.e.,
a non-rigid and non-parametric image analysis technique. Utilizing arrays of voxel
grayscale values, this algorithm relies on (i) gradients of images and (ii) differences
between images i.e., differences between voxel grayscale values of consecutive voxels
within each image and corresponding voxels in deformed and undeformed images, re-
spectively. Image differences calculated iteratively are used to characterize displace-
ment values for each voxel. During each iteration, updated displacement fields are
smoothed by a Gaussian kernel for regularization of local displacements and global
motion. Finally, after a successful alignment of images obtained by minimizing image
differences, information on real deformation is available for each cubic shape comprised
of four adjacent image voxels. See Appendix A for description of the steps of Demons

algorithm.

1.7 Diffusion Tensor Imaging

Diffusion of water molecules in tissues is a random process of translational mo-

tion which is called Brownian motion. During diffusion molecules probe tissue struc-
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tures beyond usual image resolution [42|. Based on this concept diffusion tensor imag-
ing (DTI) has been developed by encoding diffusion effects with the help of bipolar
magnetic field gradient pulses [43].

Gradient terms in diffusion equation derived by Stejskal and Tanner [44] are
gathered in a single term referred to as "b value". Diffusion normal to image plane
causes signal loss and therefore less contrast in diffusion weighted images (DWTI). In
order to get 3D information about diffusion one image with zero b value and images

with non-zero b value in at least six different orthonormal directions should be acquired.

3D diffusion tensor calculated per voxel gives the information about structural
and geometric organizations of tissues. The principal eigenvalue extracted from diffu-
sion tensor indicates the size of longitudinal diffusivity (i.e. diffusivity in local muscle
fiber direction) and the corresponding eigenvector is aligned with local fiber direc-
tion. This was previously proven in rat calf muscles by direct anatomical inspection
using protractor under a dissecting microscope [45] as well as in human muscles [46].
Heemskerk et al. demonstrated that the repeatability of fiber tracking is acceptable
[47]. Various fiber tracking algorithms have been developed based on DTI. All these
data and fiber tracking are quite beneficial in order to assess the function and struc-
ture of soft tissues. Aside from fiber tracking, DTT parameters are useful to explore

the injuries in human skeletal muscle [48].

1.8 Goals and Outline of the Dissertation

Previous findings of epimuscular myofascial force transmission were obtained in
animal experiments in situ and should be verified in human and in vivo. Moreover,
the hypotheses on sarcomere length heterogeneity has been supported by finite element

modeling and such heterogeneity was not made evident experimentally [15, 20, 18|.

The aim of this PhD. study is to show the effects of EMFT on muscular mechan-

ics using MRI in human in vivo. For this purpose, deformations within the lower leg
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are studied and local fiber direction strains are analyzed to show evidence on heteroge-
neous distribution of sarcomeres. Additionally, the present method is used in order to

show the effects of external mechanical loading which simulates ischemic compression.

Chapter 2: Basic information about MRI and real-time MRI techniques to
quantify muscle deformations is presented. With the initial results of our manual

therapy experiments, it is published as a book chapter:

Ozturk, C., Yaman, A., Yucesoy, C.A. and Huijing, P.A.,; 2012. Advanced MRI
Techniques for in vivo Biomechanical tissue Movement Analysis. In: Fascia: The
Tensional Network of the Human Body. R. Schleip, T. Findley, L. Chaitow and P. A.
Huijing Eds. London, Elsevier Health Sciences imprint Churchill Livingstone: 489-495.

Chapter 3: The present method is used to assess the effects of EMET on m.
soleus. The results are explained in the light of cadaver studies in order to show the
differences in passive global motion of the joint and its more pronounced local effects

on tissues. It is published as a journal paper:

Huijing, P. A., Yaman, A., Ozturk, C., and Yucesoy, C. A., 2011, "Effects of
knee joint angle on global and local strains within human triceps surae muscle: MRI

analysis indicating in vivo myofascial force transmission between synergistic muscles,"

Surg Radiol Anat, 33(10), pp. 869-879.

Chapter 4: The present method is used to quantifying deformations caused by
passive joint movement is detailed. It is verified against synthetic rigid body motion
and imposed known deformations in order to show that the method developed is useful
and proper for the analysis of deformations within the whole lower leg muscles in human

wn vivo. The limitations of the method are indicated. It is published as a journal paper:

Yaman, A., Ozturk, C., Huijing, P. A., and Yucesoy, C. A., 2013, "Magnetic
resonance imaging assessment of mechanical interactions between human lower leg

muscles in vivo," J Biomech Eng, 135(9), pp. 91003-91009.
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Chapter 5: Using DTI the present method is extended to gain the capability of
(i) quantifying strains in local fiber directions, (ii) to assess the changes in longitudinal
diffusivity and fractional anisotropy (FA), (iii) to relate the fiber length heterogeneity
with longitudinal diffusivity.

Chapter 6: The present method is used in order to quantify the effects of ex-
ternal mechanical loading. This type of loading simulates ischemic compression manual
therapy technique. The effects of EMFT in penetration of deformations within deeper

muscles are discussed, as well.

At the time of the submission of this dissertation, manuscripts for the last two

chapters were not published yet.

Chapters (2-6) are all organized in such a way that they could be read inde-
pendently. Small changes are made and additional figures are presented so they could
differ slightly from their submitted manuscript form to combine all the results in this

dissertation format.

Chapter 7: The relevance and implications of this dissertation are discussed

in order to describe future studies.
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2. ADVANCED MRI TECHNIQUES FOR in vivo
BIOMECHANICAL TISSUE MOVEMENT ANALYSIS

2.1 Introduction

If a moving body can be observed directly (whole body or its extremities),
surface markers can be used and commercially available movement analysis systems
(e.g., for gait analysis) exist for biomechanical analysis. Our focus in this chapter is
on much more detailed quantitative analysis of moving tissues inside the body using

magnetic resonance imaging (MRI).

MRI has sufficient soft tissue contrast and ability to view into different compart-
ments, so it is ideal for and utilized heavily in routine anatomical soft tissue imaging.
In recent years, with combined advances in fast imaging hardware, innovative move-
ment imaging protocols and advanced computational image processing tools; dynamic
musculoskeletal imaging moves more and more into the mainstream of clinical imag-
ing practice. Although most of its current use remains qualitative: just showing 2D
or 3D image sets in series as movies, practical techniques for detailed quantitative
biomechanical analysis of moving tissues are available today, for inquisitive clinicians
and for researchers who are trying to unravel delicate relationships between soft tissue

components during locomotion in vivo.

In the past, dynamic motion imaging utilized clinically inapplicable methods,
such as 3-D X-Ray stereophotogrammetry that required insertion of metal balls into
the bones [49]. Computerized tomography (CT), with recent advances in its hardware
and speed, could be utilized for the same purpose, if the focus is predominantly on the
bones [50]. CT with advanced post-processing tools eliminates the need for implantable
markers; however, X-ray dose becomes critical when multiple 3D datasets are needed.
In comparison, ultrasound imaging produces relatively low resolution images for soft

tissue movement analysis with modest contrast only at some of the tissue boundaries,
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but its use is much cheaper.

MRI, without ionizing radiation effects, is ideal for repeated and prolonged
experiments, routinely required in musculoskeletal research. The basic principle is that
molecules (e.g. hydrogen nuclei) acting like dipoles (their top-like movement is referred
to as spin) are aligned by a static magnetic field and, by dynamic high-frequency
radio signals, specific molecules are given special magnetic properties which can be
imaged. Since these magnetic properties are temporary real tissue properties that can
be used to study dynamic change of the tissues. MRI has an additional advantage that
images can be acquired at positions and orientations defined by the user; as long as the
subjects are not claustrophobic and the planned movement can be performed within
scanner’s confined spaces. Ongoing efforts of providing non-claustrophobic machines
(such as open magnets) will help dynamic musculoskeletal imaging only in a limited
way, since most of such systems suffer from signal-to-noise limitations due to their low
static magnetic fields (yielding lower temporal and /or spatial resolution). Newer short-
and wide-bore magnets with 1.5 T or higher magnetic fields provide some marginal
solution, since movements are still restricted. Standing during MR imaging, most
exercise routines and weight bearing is still not common practice except with few
specialized systems [51] or creative solutions. Most of the time, equipment costs (both
at startup and maintenance) and expertise required for its advanced utilization are the

real limitations of dynamic MR imaging.

This chapter is divided into three additional sections: (1) introductory infor-
mation about MR image formation. Also, it gives a brief overview of classical muscu-
loskeletal movement imaging and tools utilized to analyze these dynamically acquired
image sets. (2) a case study, involving aspects of therapeutic-like loading. (3) in-
troduction of some more advanced movement imaging techniques, allowing in vivo

measurements of local tissue displacement, velocity and even strain.
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2.2 Dynamic MRI and in vivo Movement Analysis

Routine MR imaging is usually a slow process; image information is gathered
step by step by collecting a set of signals (echoes) at different excitation scenarios.
At each step, unique phase and frequency information is embedded on the individual
signals based on their physical locations which later helps their actual coordinate iden-
tification. The combined signals are filled one echo at a time into the "k-space" and the
image is obtained via Fourier transformation [52]. Since different echoes are obtained
at different times, movement of the tissues could produce significant artifacts within
images. Therefore, in routine MR imaging, movement is not welcomed; for example,
cardiac MRI should deal with heart and respiratory motion during the image acquisi-
tion: first approach is acquiring consecutive images as rapidly as possible ("real-time"

MRI) and second approach is segmented k-space imaging [53].

Real-time MRI has limited spatial resolution (due to the limited number of
k-space lines that can be acquired at a give time), and relatively poorer temporal
resolution (typically 50-300 ms depending on spatial resolution). Improvements are
achieved using echo-planar techniques (i.e., collecting several k-space lines per excita-
tion [54], by using longer and more exotic (e.g. spiral) k-space readout trajectories
[55] and by employing parallel imaging techniques requiring multiple receiver coils [56],

each with varying signal-noise-ratio (SNR) penalties.

Segmented k-space imaging is used extensively in cardiac imaging, permitting
the acquisition of a set of images at multiple cardiac phases over the course of several
heartbeats in a single ECG-gated, breath-hold scan. The main idea is to repeat the task
and synchronize image acquisition and task repetition. This is achieved by partitioning
the k-space data matrix into several "segments". The data of each k-space segment
is acquired at a single repetition and successive segments are acquired in following
repetitions (heartbeats). The image is effectively an average of all repetitions but could
provide a series of temporal snapshot of a repetitive motion. The temporal resolution
can be improved by reducing the segment size, at the price of increased number of

repetitions and total imaging time. Segmented k-space imaging techniques employ
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interpolation techniques to adjust for slight variations in the cyclic heart motion [57].
Please note that heart movements can usually be considered as reliably repeatable, but
this is not the case for some dynamic musculoskeletal movements. For further reading
on fast imaging techniques, the reader is referred to one of several review articles,
focusing mostly on cardiac implementations [58]. Historically, heart movement analysis,
especially the left ventricle, has been the main model focus. Generic deformable surface
models [59], models exploiting curvature information [60], 4D models with temporal

constraints [61] have been described previously for cardiac analysis.

In musculoskeletal imaging, detailed kinematical models are built using MRI-
derived 3D structures. For example, the peritalar joint complex is analyzed in vivo
using 3D data sets acquired during foot movement at eight positions, ranging from ex-
treme pronation to extreme supination [62]. Similarly, shoulder kinematics is examined
using sequential increments of arm endo-exorotation and comparison to 3D models of
glenoid and humerus [63]. Other examples are movement analysis of the spine [64],

patella [65], wrist [66] or building models for general locomotion [67].

Another set of applications of dynamic MRI involves detailed evaluation of in-
ternal movements occurring physiologically or in pathological conditions. For these
applications, subjects are asked to perform certain maneuvers (e.g., straining) while
inside the magnet, and newly acquired images are compared with control images (e.g.
in assessment of pelvic floor defects [68]). Although the aim is to confirm initial diag-
noses and evaluate the anatomy of defects of deeper structures, detailed quantitative
analysis using the advanced techniques (previous section) could be performed in almost

all cases, when needed.

The standard method of kinematics is to follow objects using temporal sequence
of 2D and 3D data sets. All of these registration techniques utilize 4D datasets (3D
surfaces or volumes plus time) are essentially similar among all imaging techniques.
However, due to its intrinsic and "tunable" high tissue contrast and progressively im-
proving spatial and temporal resolution, all registration-based movement modeling

approaches are easier to implement for MRI. From these images, boundaries and edges
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of target tissues are first identified by tissue segmentation techniques and subsequently
tracked using standard object registration methods. As an alternative, volumes could
be tracked solely using image intensity information; our study employs one of these

techniques.

2.3 Using MRI to Quantify Deformations Caused by Mock

Manual Therapy

3D high resolution magnetic resonance image sets were analyzed to quantify
tissue deformations caused by therapeutic-like loading (e.g., Graston Technique [69])

of the human lower leg in vivo.

2.3.1 Methods

Five healthy subjects (male, 27 4 3 years old, height = 175 £ 7 cm and weight =
73 + 8 kg) participated were positioned prone in 3T MRI scanner. The target leg (left)
of the subjects was brought to a reference position: the ankle angle was fixed at 90°
using an MRI compatible ankle-foot orthosis. In the initial (i.e. undeformed state)
3D high resolution MR image sets were acquired. Subsequently, a rigid cylindrical
indenter (diameter — 2.5 cm) was pressed against the posterior lower leg) to create
comparable surface indentation (8.33 4+ 2.07 mm) causing application of forces normal
to mid-gastrocnemius region (Fig. 2.1a), predominantly loading its lateral head. A

second image set was acquired in the deformed state.

Demons algorithm [41]| was used to determine corresponding voxels in the images
and their displacements. After calculating the strains for each voxel (size = 0.8 x 0.8
x 0.8 mm) principal strains representing peak local lengthening and shortening (pre-
dominantly first and third principle strains, respectively) were determined. It should
be noted that the principal strain data is data that has been recalculated (actually the

data matrix is rotated), so that shear strains are no longer present. A slice group con-



19

sisting of 30 consecutive axial slices was selected (Fig. 2.1b) for each subject such that
the volume considered includes in the middle the cylindrical indenter. Within each
slice, five anatomical regions representing muscles/compartments were distinguished
by outlining their boundaries: m. gastrocnemius, m. soleus, deep flexors, peroneal
and anterior crural compartment (Fig. 2.1c ). For each anatomical region separately,
the principle strains for all subjects were pooled and the mean + standard error (SE)
were calculated. The inter-quartile range (IQR) values for the box & whisker plots are

considered as measures of strain heterogeneity within anatomical regions.

2.3.2 Results

Both the first and third principle strains within the m. gastrocnemius targeted
directly by therapeutic loading were substantial: the first and third principle strains
equaled 44% + 8% and -17% + 2% (mean + SE), respectively. This indicates that
manual therapy may cause very high length changes within soft tissues immediately
within the treatment vicinity. Note, however, that, the principle strains within deeper
m. soleus were also substantial: the first and third principle strains equaled 32% =+
9% and -17% + 2% (mean + SE), respectively. A remarkable finding is that effects of
mock-therapeutic loading remains sizable even for tissues more distant to the location
of intervention: (1) within tissues of the deep flexors, local lengthening (mean + SE)
was 16% £ 1% and local shortening -15% =+ 5%, (2) within the tissues of the peroneal
compartment these values were 17% + 6% and -11% =+ 3% respectively and (3) within
the tissues of the anterior crural compartments 21% + 10% and -10% =+ 4% respectively.
Note that local lengthening effects of such loading are profound in directly targeted m.
gastrocnemius and drop at least by half at more distant locations, but remain sizable
nevertheless. In contrast, the reduction in the local shortening effect remains rather

limited at larger distances throughout the lower leg cross-section.

The present results show also the heterogeneity of the first and third principle
strains (see Fig. 2.1d for a representation of variation of the first principle strains

within each anatomical region studied). The IQR values of the principle strains were
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high not only for the target muscle (0.68 and 0.21 for the first and third principle
strains, respectively) but also for the synergistic m. soleus (0.44 and 0.15 for the first
and third principle strains, respectively). This shows that therapeutic loading causes
highly heterogeneous length changes for the tissues near the indenter. However, such
effects are less heterogeneous for the tissues more distant tissues: (1) IQR values for the
first and third principle strains, respectively equaled: (1) 0.17 and 0.14 for deep flexor,
(2) 0.19 and 0.17 for peroneal and (3) 0.18 and 0.08 for anterior crural compartments.

This MRI analysis shows that the method developed allows detailed quantifi-
cation of deformations caused by manual therapies within both muscular and non-
muscular tissues. This may help improving the, so far fairly limited, understanding
of acute effects of such treatment and can lead to more detailed consideration of its
mechanisms. It is concluded that therapeutic loading causes sizable length changes not
only within tissues in the immediate vicinity of the location of loading but throughout
the cross section. This makes also deformation at other levels within entire lower limb
likely and this may need special attention: (1) the therapist may have a higher control
over the outcome by realizing where actions may also cause mechanical effects. (2)
Such widespread effects also suggest the importance of epimuscular myofascial force
transmission in the mechanical effects of manual therapies which needs to be assessed

in new studies.

2.4 Advanced Motion Imaging Tools of MRI

MRI is an imaging modality that with some controlled changes in molecular
magnetic spin properties (via precise timing of sequential steps of appropriate appli-
cation of radiofrequency excitations and gradients) unique tissue movement imaging
can be achieved in vivo. These techniques are: a) tagged magnetic resonance imaging
(TMRI), b) phase contrast MRI (PCMRI), c¢) pulse field gradient based MRI methods
(HARP and DENSE). d) strain encoding imaging (SENC). This is an active research

area in basic MRI research and below we will introduce each technique briefly.
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Conceptually, the simplest imaging technique for analysis of tissue movement is
TMRI, where temporary magnetic fiducial markers, or tags, are created within tissues,
and when imaged after a certain time, the shape changes of these tags reflect the
underlying tissue motion. The parallel plane stripe pattern and the combination of

two orthogonal plane tags forming a grid are the most common tags [70] (Fig. 2.2).

PCMRI is another approach to tissue movement analysis based on the sensi-
tivity of the phase of the MR signal to motion. It was used mainly for blood flow
measurements, but stronger gradients can be used to obtain tissue velocity per voxel
(and subsequently local strain-rate and strain) measurements of muscles in segmented
acquisitions such as for the myocardium. The basic principle is to acquire two datasets
with two different velocity-encoding gradients, but otherwise identical acquisition pa-
rameters, and to subtract the two phase images. The resulting difference image will be
proportional to the flow (or tissue movement) if the fluid (or underlying tissue) can be
assumed to have a constant velocity during the acquisition window. The velocity field
for a given image or space at different temporal snapshots can then be integrated to

yield tissue displacement [71] (Fig. 2.2).

In DENSE and HARP, a uniform pattern of phase modulation is encoded into
the tissue at a chosen time, and the deformation of that pattern is detected at a later
time and utilized to estimate the motion [72, 38]. In SENC, a pattern similar to tagging
is encoded into the tissue, and the strain in through-plane direction is directly measured

by acquiring two images having different z phase encodes [40] (Fig. 2.3).

Currently, dynamic MR imaging of the musculoskeletal system is usually per-
formed in dedicated or open MR systems. With advancing imaging technologies, low-
field MRI systems claim now specificity and sensitivity that are comparable to high-field
systems in identifying musculoskeletal pathologies. These low field systems allow also
wide range of dynamic studies; these are routinely analyzed only visually or using

surface-based motion-tracking techniques.

MRI can do much more than providing detailed anatomic images, as was shown
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in our study. Advanced MRI techniques have the ability to yield even more direct quan-
titative tissue movement data. These are unique to MRI and are in sharp contrast with
the movement analysis, which is derived from surface or volume matching techniques.
We believe in the future there will be more and more dynamic musculoskeletal studies

and significantly more utilization of advanced techniques that are unique to MRI.
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Figure 2.1 (a) The undeformed tissue marked for muscles/compartments considered: i) m. gastroc-
nemius (GM+GL), ii) m. soleus (SOL), iii) deep flexor compartment (DF), iv) peroneal compartment
(PER) and v) anterior crural compartment (ANT). (b) The proximo-distal location of 30 consecutive
axial slices studied. (c¢) The lower leg was loaded by pressing a cylindrical indenter (box with arrow)
against the posterior leg. The cross-sectional image shows deformed contours of the calf area, but also
deformation of other areas can be seen. (d) Box & whiskers plot of the first principle strains for each
anatomical region. Reference data (ref) calculated by imposing rigid body motion quantifies the error
of the strain calculation method. Small reference strain values (0.041 + 0.006) indicate the methods’
success. Note that high inter-quartile range (IQR) values calculated for passive m. gastrocnemius and
m. soleus indicate strain heterogeneity in those muscles. The maximum value of first principal strains
in each anatomical region is denoted by top edge of the upper whisker (dashed line above the box).
The horizontal line in a box represents median value.
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Figure 2.2 Advanced Motion Imaging Using TMRI and PCMRI. Normal cardiac cine MR image
examples before and after the heart contraction (a,b). Same images when tags are laid just before
contraction showing internal muscular patterns (c,d). Cardiac PCMRI images at mid contraction,
where intensity on phase images is proportional to the tissue velocity in the horizontal (e), vertical
(f), through-plane (g) directions and the corresponding anatomic image (h). (PCMRI images are
courtesy of Richard Thompson, NHLBI, NTH)

Figure 2.3 Advanced Motion Imaging Using SENC. Images of a subendocardial infarct in a short
axis heart image as seen by: A) delayed enhancement MRI (arrows pointing contrast holding and
more white looking infarct extent), B) Tagged MR imaging showing decreased function at the infarct
zone (circumferential strain is overlaid; Blue color indicates normokinesia; green, hypokinesia; white
akinesia) and C) SENC image, color indicating through-plane contraction (Red indicates normokine-
sia). Notice the subendocardial dysfunction (white color) matching that of the infarcted region but
accompanying normal mid endocardiac contraction (red color). SENC seems to show more regional
functional differentiation. Images are courtesy of Nael F. Osman, Johns Hopkins University & Nile
University.
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3. EFFECTS OF KNEE JOINT ANGLE ON GLOBAL AND
LOCAL STRAINS WITHIN HUMAN TRICEPS SURAE
MUSCLE: MRI ANALYSIS INDICATING in vivo
MYOFASCIAL FORCE TRANSMISSION BETWEEN
SYNERGISTIC MUSCLES

3.1 Introduction

During the last decade, in situ animal experiments involving unusually minor
dissection of muscles (for reviews see [73, 74]) have indicated that, in addition to
myotendinous force transmission, transmission of forces also occurs via alternative
pathways, between muscles and between muscle and nonmuscular tissues. First force
is transmitted onto the connective tissue of the stroma of the muscle (possible along
the full perimeter along length of muscle fibers), in vivo, there will be several paths
available for further transmission, so that not all force will be exerted at the muscle own
tendons. The relative stiffness of the paths determining the fraction of force transmitted
via them. Via the epimysium force may be transmitted directly between synergistic
muscles, but this may also occur via indirect pathways involving the neurovascular
tract (defined as the collagen reinforcements of blood vessels, lymphatics and nerves).
It is the relative stiffness of neurovascular tracts that make them particularly fit for
such transmission. In addition to intermuscular effects also force transmission between
muscle and nonmuscular structures are expected. Also in this process the neurovascular
tract may play an important role, as it is not only connected to muscle, but also via the
periost to bones (in casu: tibia and fibula), either directly or via other fascial structures
to which it may be connected (such as interosseal membrane, intermuscular septum or

even the general fascia).

For humans such transmission has been confirmed by similar in situ experiments

performed during an experimental interval of tendon transfer surgery on patients suf-
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fering from spastic paresis |23, 75, 76, 77, 78, 79]. However, evidence for in vivo oc-
currence of such so called myofascial force transmission has been limited to, otherwise

unexplained, forces exerted by small hand muscles [80].

The application of in vivo non-invasive imaging methods to this problem has
been indicated as a potentially promising method (e.g. [12]) to address this question
of in vivo importance of myofascial force transmission. Such methods are not only
expected to be useful in healthy persons for the in vivo of physiological mechanisms,
but also in patients with various afflictions with some muscular involvement. Here, the
novel ideas of myofascial force transmission may yield new ways of looking at functional

consequences of the pathology.

The purpose of the present work is, as a first step in this process, to test if
magnetic resonance imaging methods, can be applied successfully and combined with
mechanical engineering methods to test the hypothesis of in vivo myofascial force trans-
mission occurring between synergistic muscles, and if so consider effects of such trans-
mission. One of the features to be expected, if this is found to be the case, is that global
strain imposed on the muscle-tendon complex by joint movement and local strains oc-

curring with muscle will be quite different.

For that purpose, additional work was performed also on legs of human cadavers
to quantify global strain on gastrocnemius muscle by movement of the knee, using a
novel method of dissection involving the excision of major neurovascular tracts from

the leg.
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3.2 Methods

3.2.1 Cadaver Study: Length Change of Gastrocnemius Muscle Tendon

Complex

3.2.1.1 Materials. Seven human cadavers (3 females, 4 males) were studied.

These persons had legally arranged that their bodies were to be donated after death to
the Vrije Universiteit for purposes of teaching and research. The cadavers were selected
based on availability, but special attention was paid to obtain cadavers of a range of
different body sizes. Shortly after death and well prior to the start of this project, the
cadavers had been fixed by perfusion of a formaldehyde solution into their left femoral
artery and subsequently the whole body was kept in a bath of formaldehyde-based

bathing solution for at least 6 months.

3.2.1.2 Dissection and Preparation. Hemi-pelvectomy was performed on the

fixed cadaver (frozen particularly for this purpose to prevent deforming the soft tissues
too much) and the whole leg with half of the pelvis still attached was removed from
the body and allowed to thaw. From such isolated legs, the skin and subcutaneous fat
tissues were removed. After fasciotomy, the crural fascia and fascia lata were removed,

exposing the muscles.

Muscles and muscle parts were dissected by severing intermuscular connective
tissues. Major blood vessels and nerves and their major branches were removed, in-
cluding the collagen fiber reinforcement of such neurovascular tracts. These tracts are
very stiff even in living limbs, due to their collagen reinforcements and may even be-
come stiffer due to fixation and they limit movement of the muscles in cadavers as a
consequence. In addition it should be noted that for living animals these neurovascular
tracts are considered as a major path for myofascial force transmission and the inter

muscular interaction, that is a consequence of such transmission |11, 12, 16, 73, 74, 81|.

In order to allow further creation of sufficient movement in the knee joint, both
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heads of m. gastrocnemius were transected approximately at the middle of their muscle
bellies. After dissection, a tube of Bandafix, a wide mesh elastic gauze bandage, was

slipped around the leg to hold the muscles together in their original position.

In contrast to previous work with similar purposes [82| and [83|, no muscles or
parts thereof were removed and the joint capsules were left fully intact. After these
preparatory actions, the leg was mounted in the experimental set up (Fig. 3.1) and

the knee angle set to the values required.
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Figure 3.1 Schematic of the setup of the cadaver leg experiment. a) Lateral view of the leg mounted
in the setup. The leg was suspended from a system of bars. Fixing the hip angle, the board attached
to the pelvis was attached to a vertical board on the table. b) Top view The femur was fixed by
pins at the epicondyles. The knee angle could be changed using the string attached to the tibia. c)
Photograph of part of a muscle during the experiment. To keep muscles at their original position, the
dissected leg was surrounded with an open-weave stocking, still allowing a good view of the muscle
under study. The muscle was cut transversely upon which cut ends retracted somewhat (Al). With
changes of knee angle, changes of this value from its reference level (i.e. at a knee angle of 135°) are
a measure of length changes of the muscle tendon complex

The essence of determination of muscle tendon complex length changes after
knee angle changes were similar as used in those studies cited above: measuring changes

in gap length between transected ends of the muscle with knee angle changes (e.g. Fig.

3.1¢).
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Segment length of the lower leg was defined as the perpendicular distance be-
tween the lateral aspect of the knee joint cavity and the lateral tip of the lateral malle-
olus. All measurements were performed by one experimenter to avoid interindividual

experimenter variation effects on the measurements.

3.2.1.3 Treatment of Data. All changes in muscle-tendon complex lengths (Al 1)
were calculated as the deviation from the gap value at the reference positions (i.e. a
knee angle of 135°, with 180° representing the fully extended knee) and normalized

for segment length.

Such data was least square fitted using the following polynomial equation:

Ay = A, @™ 4 A3®® + A, 0% + A1 ® + A (3.1)

In 3.1, ¢ represents the knee joint angle (degrees) and A, to Ay are constants

determined in the fitting procedure.
Progressively higher order polynomials (maximally sixth order) were fitted to
the joint angle length change data of each individual gastrocnemius head, until no

statistically significant improvement of the description of the specific data set could be

obtained.

3.2.2 MRI Analysis

3.2.2.1 Subjects. As this part of the experiment was performed in Istanbul, ex-

perimental procedures were in strict agreement with the guidelines and regulations
concerning human welfare and experimentation set forth by Turkish law, and approved
by a Committee on Ethics of Human Experimentation at Bogazici University, Istanbul.
Five healthy subjects (male, 27 £ 3 years old, height = 175 + 7 ¢cm and body mass =

73 £ 8 kg) volunteered for this study. In order to minimize anthropometric differences
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between subjects, only males were recruited. After a full explanation of the purpose

and methodology of the experiments, the subjects gave their informed consent.

3.2.2.2 Experimental Protocol. During the experiment, each subject was po-

sitioned prone in the MRI scanner. The target (left) leg of the subject was brought to
a reference position: (1) the ankle angle was fixed at 90° (Fig. 3.2) by using an MRI
compatible ankle-foot orthosis. (2) The knee angle in this prone position with fixed

ankle angle (referred to as the undeformed state) was (mean £+ SD) 173 + 3.
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Figure 3.2 The subject is placed in prone position within the bore of the machine. An MRI
compatible ankle-foot orthosis (triangle) is applied to fix ankle joint angle at 90°. A small space
between posterior side or the lower leg and ankle-foot orthosis and also between anterior side of the
lower leg and MR table is allowed to avoid exertion of other external forces. a) Condition arbitrarily
defined as the undeformed state, with knee joint angle at ~ 173°. b) Condition arbitrarily defined
as the deformed state, with knee joint angle at ~ 150°. This condition was attained by placing a
support (rectangle) under the trunk which changed hip and knee joint angles, but left the position of
the lower leg unchanged

After acquiring sets of 3D high resolution MR images in the undeformed state,
the hip and knee joints were brought in flexion by repositioning the upper body: by
a support of the chest using MR compatible material: the trunk was elevated until

reaching the spatial limits of the MRI machine bore (diameter = 60 cm). In this
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deformed state, the knee angle equaled 150 4+ 6°. Subsequently, a second MR image

set was collected. Imaging each set took 10 min.

3.2.2.3 TImage Acquisition. 3D Turbo Flash based MR coronal image sets were

collected using a 3T Siemens Trio scanner with 6-channel cardiac array coil (matrix size
= 320 x 320 x 144, voxel size = 0.8 x 0.8 x 0.8 mm, TR = 2,000 ms, TE = 3.94 ms, no
fat suppression, flip angle = 12°, band-width = 130 Hz per pixel). The region between
the most proximal part of the head of the fibula and the most proximal location of the

transverse crural ligament was imaged.

3.2.2.4 Calculation of Strain Fields. In order to align images of the deformed

and undeformed states as well as possible, Demons algorithm [41] an intensity based
non-rigid non-parametric image analysis technique, was applied to the MR image sets.
Demons algorithm has been improved by several authors (a) to prevent instabilities for
small image gradient values by additional constants [84], (b) to extend the algorithm
using optimizers (i.e. gradient descent [84]) and limited use of memory [85], (c) to adapt
for large deformations by multiresolution approach and (d) to accelerate by extending
the equation using also the image gradients at the deformed state [86]. Note that, in
our present study a version including these improvements of Demons algorithm was

used.

After alignment of images, information on real deformation is contained in min-
imized image differences. Simultaneously with alignment process, the algorithm recal-
culates the exact cubic shape made up of four original voxels from the undeformed
state into a deformed shape of approximately constant volume, again by an iterative
process, while still trying to fit undeformed and deformed states. The volume elements
of the deformed shapes corresponding to the original undeformed elements are assigned
using three criteria: (1) the arrays of voxel gray scale values, (2) their array of grey
scale differences (i.e. difference images), and (3) their grey scale gradients within the

images. During each iteration performed, the displacement fields are smoothed by a
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Gaussian kernel for regularization of global motion.

To calculate the strain tensor, the deformation gradient matrix, F was calculated

first by using displacement gradient tensor (Vu) in material coordinates:

F=Vu+1I (3.2)

Green-Lagrange strain tensor, E was calculated as:

E= ; (FTF —1] (3.3)

This tensor is then rotated, to remove shear effects, and calculate principle
strains. The first and third principle strains were used separately in the analyses, since

they represent local lengthening and shortening, respectively.

3.2.2.5 Estimation of Errors Introduced by Applying Demons Algorithm.

Image sets for each subject of the undeformed state were transformed by a "rigid body
motion". This means that no real deformation was introduced. The rigid body motion
imposed on the data consisted of (1) a 10° rotation within the cross-sectional plane
corresponding to an endorotation of knee that may be expected as the knee flexed [87]
and any global movement that may occur when changing the knee angle as described.
(2) A 3° rotation in the coronal plane, (3) a 3° rotation in the sagittal plane and (4)
a 4 mm translation in the axial direction. Since in reality, the position of lower leg
was kept constant, rotations in cross-sectional and sagittal planes and the translation
in axial directions should be infinitesimal. The original and transformed image sets
were then aligned and compared as described above and principle strains were calcu-
lated. Note that, since in reality, the position of lower leg was kept constant, rotations
in cross-sectional and sagittal planes and the translation in axial directions should be
infinitesimal. Therefore, the rigid body motion imposed representing a much larger

scale motion than caused by moving the knee joint allows a fairly critical testing of
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artifacts during strain calculations, since by definition such motion should cause no
deformation. Therefore, deviation of calculated principle strains from zero after rigid

body image rotation is used as estimates of errors in strain calculations.

3.2.2.6 Further Treatment of Data. In order to assess tissue effects of changing

knee angle, a slice group consisting of 30 consecutive cross-sectional slices was selected
manually for each subject (Fig. 3.2a): the most proximal slice of the group was located
at the upper third of the length of imaged portion of the lower leg in a longitudinal

image (a level corresponding approximately to the mid-belly of m. gastrocnemius).

For each slice analyzed, anatomical regions representing muscles or compart-
ments (i.e. muscle groups) were distinguished manually by outlining their boundaries.

Doing so, m. gastrocnemius, m. soleus, deep flexor muscles, were marked (Fig. 3.2b).

Effects of changing the knee angle on deformations within passive lower leg
muscles were assessed per marked area: Note that due to the fixed ankle angle, the
muscle tendon complexes of lower leg muscles not crossing the knee (all except m.
gastrocnemius, i.e. m. soleus, deep flexors, peroneal and anterior crural muscles)
remain isometric. For each anatomical region separately, mean 4+ SE of principle strains
were calculated occurring due to (1) the knee angle change and (2) errors introduced

by the algorithm.

3.2.2.7 Statistics. For each anatomical region separately, sample of principle

strains and error strains were compared. Since the calculated principle strains and
error strains are, by definition, not distributed normally, nonparametric Wilcoxon rank

sum tests (p<0.05) were used to test for significant differences.

If principle strains were significantly bigger than error strains, we concluded
that the effect should be assigned to altered body position (most important: knee joint
angle).
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3.3 Results

3.3.1 Global Strain in Gastrocnemius Muscle as a Consequence of Knee

Movement

As human gastrocnemius muscle functions as a knee flexor, changes in knee joint
angle will lead to changes of muscle-tendon complex length (lengthening for knee ex-
tension, shortening for knee flexion), the size of which is determined by actual moment
arm length and actual knee movement imposed. Figure 3.3 shows results measured in

human cadavers for a sizable range in knee joint angles.
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Figure 3.3 Gastrocnemius muscle-tendon complex length changes as a function of knee angle. Upper
panel m. gastrocnemius caput medialis (GM). Lower panel m. gastrocnemius caput lateralis (GL).
Length change (Al,+¢, use left Y-axis) is plotted as individual (n = 7) data and normalized for tibia
length (1 segment) A polynomial is fitted to the data (drawn black line, use left Y-axis). The gray
lines (use right Y-axis) describe the relation of moment arm and knee joint angle, as calculated from
the fitted knee angle-length change curve by differentiation. 180 ° represents a fully extended knee.

To facilitate further use of the fitted curves, the values their coefficients selected
in the fitting process are shown in Table 3.1. Polynomial (Al = A3¢>+ Asd?+ A1+

Ap) is fitted to knee angle-gastrocnemius length change data (shown in Fig. 3.3), where
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¢ represents knee joint angle, defined according to the conventions described in the
methods. Note that knee angle length change curves were statistically best explained
by second order polynomials (A3 being equal to zero), explaining the linear nature of

the knee angle moment curves (as obtained by differentiation).

Table 3.1
Polynomial coefficients obtained by fitting pooled joint angle - normalized length change data sets
for each muscle head

Joint Muscle head Az As Aq Ay
knee GM 0 0.000206 -0.081560 3.240837
knee GL 0 0.000163 -0.073618 2.951952

The data show that gastrocnemius moment arms at the knee are not constant,
but increase with knee flexion. Differences between medial and lateral heads of the
gastrocnemius in both length change moment arm are quite small. For the much
smaller range of knee joint angles to be considered below in human subjects using
MRI analysis the values of length change normalized for tibia length amounted to
only approximately 1.5% of tibia length. As gastrocnemius muscle-tendon complex
is somewhat longer than tibia length, expected imposed global strain due to length

changes of the muscle tendon complex will be somewhat less than 1.5%.

Within the context of this experiment (constant ankle joint angle, i.e. a globally
isometric soleus muscle), length changes of gastrocnemius muscle with changing knee
angles are also indicative for the relative movements of soleus and gastrocnemius mus-
cles. This is important as the relative movement between muscles will co-determine

stiffness of the connections between them.

3.3.2 MRI Analysis of Local Muscle Strain

3.3.2.1 Accuracy in Displacement and Local Strain Calculations. For the

muscular regions studied, error strains calculated are small (mean<1.5%). Therefore,

it is concluded that the image handling methods applied successfully aligns images and
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does not introduce major errors or artifacts in the calculation of principle strains for

gastrocnemius and soleus muscles.

3.3.2.2 Effects of Knee Angle Change on in vivo Passive Muscular Strains.

Figure 3.4 shows a typical example of a comparison of deformation of a regular grid
mapped on a sample’s most proximal slice in the undeformed state (Fig. 3.3b) and the
deformed grid calculated for the deformed state (Fig. 3.3c). Note that, for clarity, this
example (Fig. 3.3b) presents 2D results, while a 3D analysis was performed. Note also
that grid deformations are encountered in subcutaneous fat tissues and skin, as well as

in muscle tissue.

Figure 3.4 Typical example of MRI images with superimposed undeformed and deformed grids. a)
Longitudinal image of the lower leg, indicating the location of the cross-sectional images taken. b)
Cross-sectional MRI image of the lower leg (most proximal image of the stack) in the undeformed
state, with the undeformed grid imposed and indications of anatomical structures to be seen. Knee
joint angle ~ 173° Ankle joint angle = 90°. ¢) Cross-sectional MRI image of the lower leg (most
proximal image of the stack) in the deformed state, with the deformed grid imposed (Knee joint angle
~ 150°. Ankle joint angle = 90°). "Ant" indicates anterior side or direction (arrow) and "lat"
indicates lateral side and direction (arrow "Tib" and "f" indicate tibia and fibula, respectively, and
the relevant muscles are indicated as follows: GL and GM represent m. gastrocnemius caput lateralis
and medialis, respectively, and SOL indicates m. soleus.

Within m. gastrocnemius. Mean principle strains within m. gastrocnemius are
significantly higher than error strains for this muscle (Fig. 3.5). Being a knee flexor
for m. gastrocnemius, knee extension corresponds to overall lengthening strain and

knee flexion to overall shortening strain. Mean local shortening in m. gastrocnemius
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muscle remained limited to values ~ 10%), but note that similar values were attained
for local lengthening. This indicates the presence of considerable strain distributions
within this muscle. In addition, note that such peak values are much bigger than the

global strain imposed on the whole muscle-tendon complex.
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Figure 3.5 Mean principle local strains within m. gastrocnemius. The error strains (dark bars) were
calculated after large scale solid body rotation of the images, i.e. involving no actual deformation of
tissues. Principle strains calculated (hatched bars) by comparing images taken at knee joint angles
equal to 173° £3° and 150° 4 6°, respectively. Note that ankle joint angle remained at 90 ° while
collecting both image sets. Mean values and SE are plotted.

Within m. soleus. Tt should be noted that if soleus and gastrocnemius muscle
would be fully independent mechanically, no local strains should be encountered within
soleus muscle, since this muscle-tendon complex does not cross the knee joint and as
consequence, no global strains are imposed on this muscle-tendon complex. In contrast
to such expectation, mean principle strains for m. soleus are also significantly different
from error strain values and attain a considerable magnitude (between 8.5 and 9.4%

for shortening and lengthening, respectively, Fig. 3.6).

Therefore, we conclude that considerable mechanical interaction between these
synergistic plantar flexor muscles accompanies altered knee joint angles. Such local
strains are very hard to explain, unless intimate connections between these synergistic
muscles are assumed that transmit force between gastrocnemius having been exposed to

length changes, with soleus muscle remaining at an overall intermediate muscle-tendon
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Figure 3.6 Principle strains within m. soleus. The error strains (dark bars) were calculated after
large scale solid body rotation of the images, i.e. involving no actual deformation of tissues. The
strains calculated (hatched bars) by comparing images taken at knee joint angles equal to 173° £+ 3°
and 150°+£6°, respectively. Note that ankle joint angle remained at 90 © while collecting both images.

complex length (Fig. 3.7).

It also concluded that the pattern of strains is not a simple one: First, con-
siderable variation between individuals was encountered. Some of this was also seen
for global strain measurements for m. gastrocnemius (Fig. 3.3) However, variation
in local strains is much higher (Fig. 3.5). It should, however, be remembered that
these values contain individual sources of variation, as well as variation per location
within muscles. Second, at different locations within soleus muscle local lengthening

will occur simultaneously with local shortening at other locations.

3.4 Discussion

Major results of the present work are the findings that (1) local strains within
the muscle are very much higher that the global strains imposed on it (2) such local
strains are not limited to the specific muscle that is exposed to length changes, but
also occur within synergistic muscle kept at constant muscle-tendon complex length

(global isometric condition).
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Figure 3.7 Effect of altered knee angle: local shortening and lengthening effects. The horizontal line
inside the box represents the median strain value; the upper and lower edges of a box itself represent
upper and lower quartiles (i.e., the 75th and 25th percentiles), respectively, and lines extending from
the median represent range of values of the principle strain plotted. Data are analyzed across all
subjects (n = 5).

This means that, also in vivo, synergistic muscle are not mechanically indepen-
dent. This idea is compatible with many results of animal experiments (for reviews see
[73, 74]), on the basis of which the ideas of epimuscular myofascial force transmission

were developed over the last decade.

It should be noted that based on such animal experiments myofascial force trans-
mission between antagonistic muscles is also predicted. Presently, further analysis of
the image data set used in this study is progress to test that hypothesis. A preliminary
analysis indicates that such a hypothesis is likely to be accepted [88].

The essence of the concept of myofascial force transmission is that force trans-
mission of muscle is not limited to that between a specific muscle and its own ten-

don(s), but that simultaneously a fraction of the force generated (depending on con-
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‘"sideways" between muscles,

ditions, sometimes quite considerable) is transmitted "
either directly between adjacent muscle bellies (intermuscular transmission) via the
shared epimysium between the muscles, or via extramuscular connective tissues linking
synergistic muscles and between muscle and bone (extramuscular force transmission).
In fact, such concepts involve the notion of continuity of tissues within a limb segment
that certainly has been considered in history (for a short historical review see [74]). In
addition to that it seems that one of the first to fully ascribe this notion of continu-
ity of connective tissues was the Dutch anatomist Andreas Bonn, who in his doctoral
dissertation [89] reproduced in [90], laid a solid base for such ideas of continuity of
connective tissues, even though he did not focus specifically on muscular connections.
Despite the early work, until recently the connective tissue matrix was either ignored
or considered a benign scaffold keeping things together. Therefore, further going func-
tional consequences were not considered. The resent work indicates that the concept
of tissue continuity needs to be revived as it also leads to important functional effects,

such as muscular interaction by myofascial force transmission, also occurring in vivo

in human subjects.

3.4.1 The Concept of Continuity of Tissues Within Limbs

The anatomical substrate of the different types of myofascial force transmission
can be described as follows: the sarcomeres within muscle fibers are connected to
the intracellular cytoskeleton that is connected via subsarcolemmal actin filaments
(differing from the sarcomeric ones) to trans-sarcolemmal molecules (integrins and/or
sarcoglycans) that is connected to the endomysium, a connective tissue tube within each
muscle fiber is located. The collection of endomysial tubes of a muscle fascicle form a
continuous system that is surrounded by another connective tissue tube, the (primary)
perimysium. Groups of small fascicles or bundles of muscle fibers are surrounded as well
by epimysial tubes (secondary ones). In turn, the collection of perimysia constitutes a
continuous system, sometimes called a stroma that is delimited by the epimysium. in
vivo muscle is working within its natural context of connective tissues. For synergistic

muscles, walls of epimysial tubes are shared, except for places where neurovascular
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tracts pass between muscles. However, neurovascular tracts also connect muscles to
each other as branches containing vessels and nerves pass into the muscle and are
continuous with the tertiary perimysium that does not fully surrounds fascicles or
groups of small fascicles. The neurovascular tracts are attached also to the periost
surrounding the bones and to other nonmuscular elements of the connective tissues
system, such as the interosseal membrane, the intermuscular septum which themselves
are continuous with the general fascia of the limb. This describes the full continuity of
the system. However, if myofascial force transmission will occur to an appreciable
extent using a specific pathway, is not so much determined by the fact that it is
connected, but rather the actual stiffness of the connections, which depends on the
actual circumstances such muscle length (i.e. joint angle) and relative positions of
muscles with respect to each other and to the non-muscular elements described above.
Our present results are indicative that at least some of the pathways mentioned are stiff
enough to create substantial local length changes within soleus muscle. The specific

identification of such pathways should be pursued in future work.

3.4.2 Myofascial Force Transmission With Imposed Joint Position And

Joint Movement

It should be noted that all previous physiological and surgical experiments prov-
ing epimuscular myofascial force transmission involved length changes imposed directly
on the muscle (by moving the proximal or distal tendon) without simultaneous move-
ment of the joint. It is very easy to show that the extramuscular neurovascular tracts
(i.e. the collagen reinforcement of blood and lymph vessels and nerves) is exposed to
considerable changes of length, position and tension (for an informal way of showing
that see [73]). This means that in vivo myofascial force transmission could potentially

quite different in effects or size if such joint movement were present as well.

Recently, Maas and Sandercock acted on such a potential limitation of pre-
vious work and performed an elegant experiment in the cat. Their experiment [91]

involved features that resemble those also of our present study: Ankle angle was kept
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constant, while the knee was moved and force exerted by soleus muscle was measured
and net ankle joint moment was calculated on the basis of externally measured forces
at the foot. With soleus muscle in its natural position, they did not find any sign
of intermuscular interaction. However, if soleus was moved from its original length
and position (corresponding to the imposed constant ankle angle), myofascial effects
were apparent immediately. Based on these results, they generalized their findings by
concluding that mechanical interaction between muscles does not occur under physio-
logical circumstances in vivo. In reaction, Herbert and co-workers pointed out Maas
and Sandercocks experiment was not really an in vivo experiment [92] indicating the
need for such real in wvivo work. It is clear that given our present results Maas and

Sandercocks generalized conclusion is not tenable.

This is supported also by recent work [93] applying in vivo ultrasound imaging
techniques on human triceps surae. Selective stimulation of medial gastrocnemius mus-
cle, as well as passive knee extension yielded displacement of both medial gastrocnemius

and soleus muscles.

Reasons for such contrasting results are not immediately apparent. It could be
related to differences of species or to differences in dynamics: In the present experiment,
we had to compare two static situations (due to long imaging times), while Maas and
Sandercock imposed joint movement dynamically. Therefore, there is a need for direct

experimental comparison of effects such static and dynamic conditions.

3.4.3 Further Limitations of Our Present Experiment

In addition to some limitations discussed above, we need to consider some others.

3.4.3.1 Strain in Muscle Fiber Direction. It should be kept in mind that the
strains reported in the present work are local muscle strains, but expressed in terms of

an outside coordinate system.
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Particularly in human gastrocnemius and soleus muscles this is a real limitation,
since both are very pennate (as is apparent also from the huge difference between
fascicle length and muscle length). In both muscles, they have to span only the oblique
distance between proximal and distal aponeurosis which is in the order of 5 and 3 c¢m,
respectively. Gastrocnemius muscle has a unipennate architecture and soleus muscle a
bipennate structure indicative of quite different muscle fiber directions at opposite sides
of the distal aponeurosis. Myofascial force transmission takes place at the interface
between the ends of the muscle fibers and extracellular collagen fibers inserted into
the myotendinous junction that are collected to form the collagen bundles that run

predominately in the longitudinal direction of the aponeurosis.

The physiologically important variable is of course local strain in the direction
of muscle fibers, representing length changes of sarcomeres. In previous finite element
modeling studies, due to epimuscular myofascial force transmission major strain het-
erogeneity in the local muscle fiber direction is a common feature [15, 18, 20, 94|.
Our present results suggest that sizable strains in the local muscle fiber direction (but
somewhat smaller than the peak strains reported presently) are expected also in human
subjects in vivo. However, this needs to be confirmed. Fortunately, MRI imaging is

also capable to provide techniques to estimate fiber directions locally within the muscle.

On the other hand, the present findings show local deformations involving
lengthening and shortening occurring simultaneously at different locations within the
same muscle and can differ from in size as well as direction from the global strains
imposed on the muscle. Model studies also indicate that (e.g., for a muscle at high
length), a presence within the same muscle fiber of not only lengthened sarcomeres,
but also considerably shortened ones are to be expected (e.g. [88]). If sarcomere length
heterogeneity to such a major extent occurs also in vivo, needs to be tested. To do
that, work is in progress applying additional MRI methods to determine the direction
of muscle fibers locally within the collected images and convert present strains results

to local muscle fiber strain in fiber and cross-fiber directions.
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3.4.3.2 Muscle Activity. Since it is difficult to combine electromyography with

the high magnetic field within the bore of the MRI machine, we have had no rigid
control of activity of target muscles. Measurements performed outside of the MRI
machine indicate that the target muscles may not have been fully passive, but activi-
ties are expected to have relatively low (<0.5% MVC). Temporal variation of muscle
activity is unlikely to have contributed to the results because of long imaging times.
In addition, differences in muscle activity could not cause simultaneous occurring dif-
ferences of first principle strain (indicative of lengthening) and third principle strains

(indicative of shortening).

3.4.4 Consideration of Some Potential Clinical Implications of the Concept

of Myofascial Force Transmission

The concepts of epimuscular myofascial force transmission should have major
effects on our thinking of the physiology and pathology of muscular function, within
such altered views also adaptation of clinical concepts are expected and are only just

beginning to appear.

In surgery, it is important to realize that dissection necessary to gain entrance to
a limb will lead to a generally higher compliance of the continuous fascial or connective
tissues system, unless an extremely small window within the general fascia is used to
gain access. This means that in most surgery, the properties of this system and thus
also of muscles are changed before the surgeon may feel that the actual intervention has
really started. It is likely that preventing or limiting such altered properties constitutes

a considerable advantage of minimal invasive surgery.

Regarding spastic paresis, where relative positions of muscles under spastic neu-
ral control are altered with respect to non-spastic muscle, as well as nonmuscular
structures because spastic muscle will have a tendency to be shorter than non-spastic
muscles, the knowledge of epimuscular myofascial force transmission may provide a

new way of thinking in trying to explain the nature of the relatively fixed preferential
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positions of joints crossed (sometimes referred to as contracture). Recently, we have
presented a hypothesis [73] involving interaction between antagonistic muscles due to
epimuscular myofascial force transmission between non-spastic and spastic muscle. It
is clear that that stiffness of elements of epi- and intramuscular myofascial links needs
to be considered. Presently, our group has, evidence [95|, article in preparation| that
the tertiary epimysium is thickened (and presumably stiffer) in human spastic flexor
carpi ulnaris muscle (FCU). This fits with earlier findings of our group [78| that after
partial dissection (for the purpose of subsequent tendon transfer to an extensor inser-
tion) the length force characteristics of FCU in human patients measured during the
operation did not give any indication that could explain the preferential wrist position
of these patients. This indicates that not the muscle characteristics per se are affected
as secondary effects of the spastic neural control, but rather the mechanical interaction
with its environment leading to different functionalities. Particularly for spastic human
triceps muscle, one may expect such effects at much higher level due to its relatively
high moment arm with respect to and talo-crural and subtalar joints and their effects

on relative position of this muscle group.

Based on the hypothesis described, rather than performing tendon transfers, the
surgeon may consider looking for ways to interrupt the mechanical interaction between
antagonistic muscles. However, this is not expected to be easy, since it seems not likely
that the mechanical role of the neurovascular tract can be interfered with, and if one
could, to make this effect permanent (prevent regeneration of intermuscular mechanical

linkages).

Our knowledge of myofascial force transmission make it intuitive why genetic
deficiencies of proteins that are a part of the trans-sarcolemmal chain of molecules
leads to serious disease (muscular dystrophies). However, much more work is needed
to enhance our understanding of the mechanics of these phenomena. We have some

animal experimental work in progress on this subject.

Another example is recent work on tenascin-X deficient serving as a model for

FEhlers-Danlos disease and wild type mice [96]. For this disease, clinically, changes
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in muscle function are not considered often, since standard histological tests applied
do not indicate muscle pathology. Nevertheless, the interaction of muscles with much
more compliant connective tissues within limb segments in such patients are likely to
contribute to altered muscle characteristics with functional consequences. If coordina-
tion of muscular activity by the central nervous system is not arranged to deal with this

altered condition optimally, it could well explain patients’ complaint regarding fatigue.

It is clear that more in vivo MRI analysis in patients with one of several diseases

is indicated. Methods similar to the ones described here may help to do that.
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4. MRI ASSESSMENT OF MECHANICAL
INTERACTIONS BETWEEN HUMAN LOWER LEG
MUSCLES in vivo

4.1 Introduction

It is widely accepted that myotendinous junctions are main sites for transmission
onto the bone of the forces generated by sarcomeres within muscle fibers [5]. However,
in addition to myotendinous junctions, muscle fibers and intramuscular connective tis-
sue stroma are connected along the full periphery of the muscle fibers: adjacent myofib-
rils are connected by the intracellular cytoskeleton and trans-sarcolemmal molecules
connect the cytoskeleton to laminin which is connected to the basal lamina (for a review
see [1]). The basal lamina in turn is connected to the endomysium. These structures
have been shown to transmit muscle force [97, 98, 99, 100|: intramuscular myofascial
force transmission. Within the context of its intact connective tissue surroundings (in
vivo condition) collagenous linkages between epimysia of adjacent muscles provide di-
rect, and structures such as collagen reinforced neurovascular tracts provide indirect
intermuscular connections. In addition, compartmental boundaries (e.g. intermuscu-
lar septa, interosseal membranes, periost and compartmental fascia) are connected to
neurovascular tracts. Such extramuscular connections bind muscular and nonmuscu-
lar tissues at several locations, in addition to the connections of tendons at origins or

insertions.

Results of many animal experiments performed by our research groups (for a
review see [74]|) show that epimuscular myofascial force transmission (EMFT) occur-
ring via this integral system of connections leads to characteristic effects on muscular
mechanics including major proximo-distal force differences (e.g., [12], [20]) and vary-
ing muscle length-force characteristics as a function of mechanical conditions (e.g.,
[15],[17]). Moreover, using finite element modeling, EMEFT has been shown to cause

highly non-uniform muscle tissue deformation (e.g., [20],[17]).
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Based on such findings, we hypothesized that global length changes imposed
externally on the target muscle-tendon complex by joint movement will cause sizable
and heterogeneous local strains within that muscle, as well as within muscles of the
human lower leg that remain isometric. The goal of the present study was to develop a
method that allows for performing large deformation analyses in human muscle tissue,
in vivo and to test this hypothesis. In order to do that, magnetic resonance imaging

(MRI) techniques were used.

4.2 Methods

4.2.1 Experimental Procedures

4.2.1.1 Subjects. Experimental procedures were in strict agreement with guide-

lines and regulations concerning human welfare and experimentation set forth by Turk-
ish law, and approved by a Committee on Ethics of Human Experimentation at Istanbul
University, Istanbul School of Medicine, Istanbul. Five healthy subjects (mean 4+ SD:
age = 27 + 3 years, height = 175 + 7 cm and body mass = 73 + 8 kg) volunteered for
this study. In order to minimize anthropometric differences between subjects (Table
4.1), only males were recruited. After a full explanation of the purpose and methodol-

ogy of the experiments, the subjects provided an informed consent.

Table 4.1
Anthropometric data

Subject Age Height (cm) Mass (kg) Upper leg Lower leg
length (cm) length (cm)

A 29 178 85 41 31
B 31 188 73 46 41
C 23 173 72 41 39
D 25 170 70 45 40
E 30 172 78 42 38
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4.2.1.2 Experimental Protocol. Each subject was positioned prone within the

MRI scanner. The left leg was brought to a reference position before the patient table
(a motorized and computer-controlled slide) was moved into the MRI bore: (I) the
ankle angle was fixed at 90° (Fig. 4.1) by using an MRI compatible ankle-foot orthosis
(brace on the lower leg and the foot allowing fixation of the ankle angle). (II) To
keep orientation of the lower leg constant, the position of the knee cap and the tip
of the ankle-foot orthosis were marked on the patient table. (III) The knee angle in
this position (undeformed state) was (mean + SD) 173° + 3°. Based on e.g., [101],
knee joint angle was measured using a universal goniometer with its center positioned
over the lateral epicondyle of the femur and its arms aligned with the femur and tibia.
After moving the patient table into the bore, sets of 3D high-resolution MR images
were acquired in the undeformed state. Subsequently, the patient table was moved out
of the bore. The hip and knee joints were brought in flexion by repositioning the upper
body using a MRI compatible chest support until the trunk approached the bore wall
(diameter 60 cm). In this deformed state, the knee angle equaled 150° £ 6°. Care was
taken to maintain the positions of the kneecap and the tip of the ankle-foot orthosis.
Subsequently, the patient table was moved back into the bore automatically ensuring
that it attains the identical position as during previous image acquisition. Subjects

were asked to remain completely relaxed throughout the experiment.

4.2.1.3 Tmage Acquisition. 3D localizer imaging was performed to plan the sub-

sequent imaging sequences. 3D turbo fast low-angle shot [Turbo Flash| based coronal
MR image sets were collected using 3T MR scanner (Magnetom Trio; Siemens, Er-
langen, Germany) with 6-channel surface cardiac array coil. The following parameters
were used in the Flash sequence: TR = 2000 ms, TE = 3.94 ms, TT = 1100 ms, no
fat suppression, flip angle = 12°, bandwidth = 130 Hz/pixel, number of averages = 1,
field of view = 256x256 mm, slice thickness = 0.8 mm (distance factor = 50 %), image
matrix size = 320x320x144, voxel size = 0.8x0.8x0.8 mm. Choices of high bandwidth
(41600 Hz) and frequency encoding in proximo-distal direction [102] allowed minimizing

potential chemical shift artifacts. Imaging time equaled 6 minutes and 50 seconds.
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Figure 4.1 Schematic of the leg and trunk within the MRI instrument. (a) Undeformed state. The
body is prone on a table (solid line) that is can be moved in and out of the bore of the MRI machine.
MRI compatible ankle-foot orthosis (see inset for a picture) was used to fix the ankle angle at 90°, in
such a way to leave a small space between posterior side of the lower leg and the ankle-foot orthosis
and also between anterior side of the lower leg and MR patient table to avoid exertion of other external
forces. The ankle-foot orthosis was secured onto the patient table using support material. The tips of
the toes were not allowed to contact the bore of the MRI machine in order to prevent the foot from
being loaded mechanically. (b) The deformed state. The trunk of the subject is now supported and
brought as close as possible to the bore wall. This creates movement in hip as well as knee joints, but
leaves the lower leg in a similar position. In any case the ankle angle is unchanged.

4.2.1.4 EMG Assessment of Subject Relaxed State. In order to confirm the

subject’s relaxed state during the experiments, an EMG test was performed (n = 1).
Pre-amplified bi-polar surface EMG (Delsys, Trigno Wireless, Boston, MA, USA) was
used. Electrodes were located over mid muscle belly of m. gastrocnemius and m.
tibialis anterior. This showed that in the final isometric states, EMG activity was very
low for both muscles: root mean square values of full wave rectified low pass filtered
EMG data normalized for subject’s EMG during maximal voluntary contraction (MVC)
was less than 0.5 % of the respective MVC value.
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4.2.2 Calculation of in vivo Strains and Volume Changes

A slice group consisting of 30 consecutive cross-sectional slices was selected
manually for each subject (Fig. 4.2a): the most proximal slice location was at the
proximal third of the length of imaged portion of the lower leg (corresponding to mid-

m. gastrocnemius belly).

medial

lateral fibula

Figure 4.2 Examples of MR images of the lower leg. (a) Longitudinal image of the lower leg
representing a sagittal slice illustrating the locations of the group of cross-sectional slices (white solid
rectangle) to be analyzed for strains. For all subjects, the most proximal cross-sectional slice of the
slice group was located at the upper third of the imaged portion of the lower leg, a level corresponding
to the mid-belly of m. gastrocnemius. The white dashed rectangle encloses the group of cross-sectional
slices on which the method was tested by imposing known deformations on m. gastrocnemius. Strains
induced as a result of this test were analyzed only for the group of cross-sectional slices enclosed by
white solid rectangle for which deformations were maximal. (b) An example of a cross-sectional image
of the slice group with anatomical identification of muscles or muscle groups and bones (tibia and
fibula). Five anatomical regions of interest were distinguished: m. gastrocnemius, m. soleus, deep
flexor muscles, peroneal muscles and anterior crural muscles. The dashed horizontal line indicates the
location of sagittal image shown in (a).

Within each slice analyzed, five anatomical regions representing m. gastrocne-
mius, m. soleus, deep flexor muscles, peroneal muscles and anterior crural muscles were

distinguished manually by outlining their boundaries (Fig. 4.2b).
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Deformations caused by knee joint angle changes i.e., in vivo strains and volume
changes were calculated. In order to do that, MR images acquired in the deformed
and undeformed states were aligned. Demons algorithm [41] i.e., a non-rigid and non-
parametric image analysis technique was applied. Utilizing arrays of voxel grayscale
values, this algorithm relies on (i) gradients of images and (ii) differences between im-
ages i.e., differences between voxel grayscale values of consecutive voxels within each
image and corresponding voxels in deformed and undeformed images, respectively. Im-
age differences calculated iteratively are used to characterize displacement values for
each voxel. During each iteration, updated displacement fields are smoothed by a
Gaussian kernel for regularization of local displacements and global motion. Finally,
after a successful alignment of images obtained by minimizing image differences, infor-
mation on real deformation is available for each cubic shape comprised of four adjacent

image voxels.

Using displacement fields obtained, deformation gradient matrix F, characteriz-
ing voxel deformation, was calculated by using displacement gradient (Vu) in material

coordinates:

F=Vu+1I (4.1)

Green-Lagrange strain tensor E was calculated for each voxel in order to assess
deformations within the lower leg muscles present after changing the knee and hip

angles:

E = ; (FTF —1] (4.2)

For each anatomical region separately, the principal strains, were calculated
(means £ SE reported). First (E;) and third (E3) principal strains are considered
to represent maximal tissue lengthening and shortening respectively. Second principal
strains (FEs), characterizing relatively smaller length changes, were not included in the

analysis.
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In addition, heterogeneity of deformation was analyzed within anatomical re-
gions distinguished. Note however, that further analyses involving more specific tissue
locations and particular strain directions (e.g. muscle fiber direction) are left for future

work.

For each voxel with undeformed and deformed volume represented by a® and

(a+ E1)(a + Ey)(a + Ej3) respectively, volume changes (AV) were calculated as:

AV = (a+ Ey)(a+ Ey)(a+ E3) — a (4.3)

4.2.3 Calculation of Artifacts

The validity of Demons algorithm in quantifying tissue deformations was tested

vigorously by artificially transforming image sets.

4.2.3.1 Effects of Rigid Body Motion: Subject-Repositioning Artifacts. Im-

age sets of the undeformed state were transformed by a "synthetic rigid body motion"
imposed on the data for each subject: (i) a 10° rotation within the cross-sectional plane
(corresponding to an endorotation of knee as the knee flexed [87]), (ii) a 3° rotation in
the coronal plane, (iii) a 3° rotation in the sagittal plane and (iv) a 4 mm translation

in the axial direction.

Subsequently, image sets of the undeformed state and the transformed image
set were compared and apparent strains were calculated. Theoretically, rigid body
motion, as imposed in this validation test, should not cause any strains. Therefore,
any strains calculated accordingly represent strain errors (type A) and are referred to

as "subject-repositioning artifacts”.

4.2.3.2 Effects of Artificial Deformation: Algorithm Artifacts. A slice group

consisting of 100 consecutive cross-sectional slices (the middle slice corresponds to the
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mid-m. gastrocnemius belly) in the undeformed state was selected manually. The
tissues other than m. gastrocnemius were left undeformed. Deformation of m. gas-
trocnemius was imposed according to an artificially generated 3-D deformation field,
so that the center points of voxels were displaced by prescribed amounts. In this
configuration, line segments joining neighboring voxel center points comprise a paral-
lelepiped. Compared to its cubic form in the undeformed state, this transformation
involves length changes of the sides (i.e., normal strains) and disrupted orthogonality
(i.e., shear strains). Subsequently, the new voxel grayscale values that characterize the

transformed set of images were calculated using interpolation.

Known imposed displacements (for the slice subgroup also considered in the
analysis of the effects of knee angle changes, mean + SD = 3.02 4+ 0.78 mm, peak dis-
placement = 5.75 mm) were generated using Mersenne Twister uniform pseudo-random
number generator [103] and were smoothed. Imposed displacements were comparable
in size to displacements induced by experimentally imposed knee angle changes (mean
+ SD = 3.02 £ 1.29 mm values, peak displacement = 6.26 mm). In vertical direction,
they were bound to a gradual decrease from the middle slice on. This was governed
by a sinusoidal function (spatial period equals the summed thicknesses of 200 slices).
Consequently, imposed displacements were zero for the most proximal and distal slices
selected, and the highest within the central part. The tests remained confined to the

slice group selected.

By comparison of such undeformed and artificially deformed sets of images,
two strain fields were calculated for (i) the known imposed displacements and (ii) the
transformed set of images. Note that the former yields exact strains imposed, whereas

the latter (involving application of Demons algorithm) yields approximated strains.

Subsequently, type B strain errors were calculated as local differences between
these strains. The imposed artificial deformation field sets a benchmark for effects of
tissue movement occurring during the experiment. Therefore, type B strain errors are

referred to as "algorithm artifacts”.
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4.2.4 Distinguishing Physiological Deformations from Artifacts

4.2.4.1 Rationale. Changes in knee angle will change the length of m. gastroc-

nemius. Therefore, substantial local deformations are expected within this muscle. In
contrast, muscles not crossing the knee remain isometric. Therefore, true nonzero local
strains within these muscles are to be considered as physiological effects of knee (and
hip) angle changes. For all muscles, physiological strains should be distinguished from
artifacts. Such strain errors are compared to experimentally encountered strains in

statistical analyses (see below).

Additionally, volume errors were calculated using type A and B strain error
data. Statistical analyses were performed to distinguish physiological volume changes

e.g., due to blood expulsion from parts of the lower leg) from those due to artifacts.
g g
Type B strain error data were used also to test if length changes of m. gastroc-

nemius create discontinuities of deformation at the boundary between this muscle and

m. soleus remaining in the globally isometric condition.

4.2.4.2 Statistics. Principal strain distributions by definition deviate from nor-

mal distributions. Therefore, for each anatomical region separately, nonparametric
Wilcoxon rank sum tests were performed to test for differences between (i) in vivo
strains and strain errors, and (ii) in vivo volume changes and volume errors. The dom-
inant error (either type A or type B) was used in the statistical analyses. The level of

significance was chosen at p<0.05.
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4.3.1 Artifacts

4.3.1.1 Subject-Repositioning Artifacts. Mean strain errors for all anatomical

regions (Table 4.2), as well as volume errors (Table 4.3) are very small.

Table 4.2

Strain errors and principal strains in the deformed state due to changing knee angle

Mean + SE

m. gastrocnemius m. soleus deep flexors peronei anterior crural

Strain errors (type A) (synthetic rigid body motion) (n=>5)
Knee angle =173° +3°. Ankle angle = 90°

Strain error 0.009 0.011 0.012 0.024 0.016
(lengthening) + 0.001 + 0.002 + 0.002 + 0.004 + 0.002
Strain error -0.009 -0.011 -0.011 -0.020 -0.013
(shortening) £ 0.001 £ 0.002 £+ 0.002 £ 0.003 + 0.001

Strain errors (type B) (synthetic known imposed deformation) (n=5)

Knee angle =173° 4+ 3°. Ankle angle = 90°

Strain error -0.065 0.007 0.007 0.007 0.007
(lengthening) =+ 0.037 =+ 0.001 + 0.001 £+ 0.001 + 0.001
Strain error 0.030 -0.006 -0.006 -0.006 -0.006
(shortening) + 0.039 + 0.001 + 0.001 + 0.001 + 0.001
Local principal strains due to changing knee angle (n=5)
Knee angle =150° +6°. Ankle angle = 90°
First principal strain 0.103 0.085 0.054 0.080 0.102
(lengthening) + 0.010* £ 0.010% + 0.008*% =+ 0.013* + 0.026*
Third principal strain -0.097 -0.094 -0.110 -0.079 -0.102
(shortening) + 0.010* £ 0.003* + 0.004* =+ 0.007* + 0.021*

* indicates significant differences with the dominant strain error.

4.3.1.2 Algorithm Artifacts. Comparing known imposed deformations within

m. gastrocnemius exclusively (Fig. 4.3) to those detected using Demons algorithm

indicates the following: At the very boundary between m. gastrocnemius and m.

soleus, strain errors are encountered (Fig. 4.3e) and may be high only very locally
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(maximal error = 7.88 %). However, the size of such errors declines very rapidly (i.e.
within a few voxels distance) to values approaching zero (Fig. 4.3 inset). For locations

away from this interface, the analysis indicates the following:

Strain errors (%)

Strain errors (%)
34% & ! g
5%

1 2 3 4
Humber of volkels

Figure 4.3 Typical example of a validity test: comparison of known imposed deformations and those
calculated using Demons algorithm. (a) and (b) Known deformations imposed artificially as shown on
cross-sectional and sagittal images, respectively. The white horizontal line in (a) denotes the location of
sagittal images shown in (b) and (d). (c) and (d) Corresponding deformations detected using Demons
algorithm by comparing original (undeformed) and artificially deformed images. Deformations were
visualized on a grid at certain pixel intervals (7x11 pixels, for better visualization of the combined
image and grid). Note that deformations are found exclusively within gastrocnemius muscle (i.e. the
only location where they had been imposed). (e) Strain errors higher than actually imposed strains are
mapped (scaled according to the color grayscale bar on the right). The errors occur particularly at the
boundary of deformed and undeformed volumes. The white curve indicates the peak error (7.88 %)
occurring at the boundary. For the enlarged part of this curve (f), the decrease in error as a function
of distance in voxels is shown in graph (inset g). Note that within 3 voxels, the error decreased below
the mean error in deformed volume. The thick white dashed lines (perimeter) delimit the regions of
interest within the image and thin white dashed lines separate deformed m. gastrocnemius from the
remaining volume. The vertical arrow between (b) and (d) indicates the location of the slice group
for which deformations and strains were analyzed due to changing knee angle.

m. gastrocnemius. Mean error strain equaled -6.50 4+ 3.70 % and 3.00 £ 3.90
%, for lengthening and shortening respectively (Table 4.2, middle part). This indicates
that Demons algorithm tends to underestimate actual strains (peak lengthening and
shortening calculated being 13.43 +3.67 %, -13.21 + 3.86 %, respectively, while actually
imposed peak lengthening and shortening equaled 19.96 + 5.78 %, -16.22 + 4.12 %,

respectively).
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Other muscles and tissues Mean strain errors calculated (Table 4.2) were well

below 1.00 %. Volume errors are negligible (Table 4.3).

Table 4.3
Volume errors and tissue volume changes in the deformed state due to changing knee angle

Mean =+ SE m. gastrocnemius deep flexors peronei anterior crural

Volume errors (type A) (synthetic rigid body motion) (n=5)
Knee angle =173° 4+ 3°. Ankle angle = 90°
Volume error 0.0003 0.0016 0.0034 0.024
+ 0.0004 + 0.0005 =+ 0.0014 + 0.0019

Volume errors (type B) (synthetic known imposed deformation) (n=>5)
Knee angle =173° +3°. Ankle angle = 90°
Volume error -0.0002 0.0000 0.0000 0.0000
+ 0.0008 £ 0.0001 + 0.0001 =+ 0.0001

Tissue volume changes due to changing knee angle (n=>5)
Knee angle =150° 4+ 6°. Ankle angle = 90°
Tissue -0.0038 -0.0722 0.0094 -0.0299
volume change £ 0.0202 + 0.0155% + 0.0152 £ 0.0150

* indicates significant differences with the dominant volume error.

4.3.1.3 in vivo Strains and Volume Changes. Fig. 4.4 shows a typical ex-

ample of a comparison of grids mapped on the most proximal slice of a sample in
the undeformed state (Fig. 4.4a) and in the deformed state (Fig. 4.4b). Hardly any
deformations are calculated for bony tissues. Substantial tissue deformations are seen
within both heads of m. gastrocnemius. However, despite an absence of any global
length changes since they do not cross the knee joint, deformation is seen in m. soleus
and synergistic deep flexor muscles also, as well as in antagonistic peroneal and anterior

crural muscle groups.

Principal strains (mean + SE) for each anatomical region are listed (Table 4.2).
Significant differences between experimental mean principal strains and error strains
indicate that deformation illustrated in Fig. 4.4 are common for all subjects and are

therefore typical. Experimental tissue volume changes are significantly different from
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Figure 4.4 A typical example of deformations calculated as caused by changing joint angles. (a) A
cross-sectional slice acquired in the undeformed state. A regular grid (made up of lines connecting voxel
group centers) is imposed on the image at certain pixel intervals (7x11 pixels) for better visualization.
(b) The corresponding slice acquired in the deformed state. Using Demons algorithm, displacement
fields are calculated. Based on these displacement fields, the regular grid in (a) is deformed. Such
deformed grid is imposed on this image.

volume errors (Table 4.3) only for deep flexor muscles.

Experimentally found results for local deformations are shown in Fig. 4.5. Inter-
quartile range (IQR) values indicate heterogeneity of local deformations. Details of

local deformation data are provided below:

m. gastrocnemius. Local deformations are substantial (peak lengthening = 34.2
% and shortening = 32.6 %) and heterogeneous across subjects (IQR values for F; =
0.060, and for F3 = 0.073). Peak within subject IQR values equaled 0.091 (subject C)
and 0.076 (subject E) for F; and Ej, respectively.

m. soleus. Effects of changing knee angle on synergistic soleus muscle have been

published in detail [104] and are included in Table 4.2 for completeness only.

Deep flexor muscles. Peak local lengthening = 23.44 % and shortening = 27.35
% (i.e, approximately 68 % and 84 % of values calculated for m. gastrocnemius). IQR
values are for E; = 0.055, and for EF3 = 0.071. Maximal within subject IQR values
equaled 0.068 (subject C) and 0.130 (subject D) for E; and Ej, respectively.
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Figure 4.5 Effect of altered knee angle: Local lengthening and shortening effects (first and third
principal strain). Box & whisker plots: 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. Inter-quartile ranges (IQR i.e., absolute value of the
difference between upper and lower quartiles) were considered as a measure of strain heterogeneity
within each anatomical region. Data were represented per anatomical region of interest (muscle or
muscle group) and analyzed across all subjects.

Anterior crural muscles. Peak local lengthening — 44.5 % and shortening —
41.24 %. However, these extremely high values are found only for a minority of the
voxels (0.35 % and 1.45 % respectively). For local lengthening and shortening, median
strain values were approximately 77 % and 92 % of m. gastrocnemius values, respec-
tively. IQR values are for £y = 0.110, and for F5 = 0.075. Highest within subject IQR
values equaled 0.196 and 0.111 (subject C) for E) and Ej, respectively.

Peroneal muscles. Peak local lengthening = 24.77 % and shortening = 25.54 %
(approximately 72 % and 78 % of values calculated for m. gastrocnemius). IQR values
are for £/ = 0.081, and for F5 = 0.049. Highest within subject IQR values equaled
0.095 (subject D) and 0.052 (subject A) for E; and Ej, respectively.
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In summary, knee (and hip) angle changes cause substantial and heterogeneous
local strains within synergistic, as well as antagonistic muscles of m. gastrocnemius
within the lower leg. The results show that within each muscle, both local lengthening

and local shortening may occur at different locations.

4.4 Discussion

4.4.1 Intensity Based Non-Rigid Registration as a Tool to Quantify Tissue

Deformation

Our main goal was to quantify tissue deformations within a human lower leg, in
vivo. Previously, real-time MRI techniques have been proposed and are validated for
such purpose in cardiac and skeletal muscle: (I) MRI tagging technique validated on
cardiac muscles [35] was used in hamstring muscles to evaluate their movement after
anterior cruciate ligament reconstruction surgery [105]. (II) Phase contrast imaging
was used successfully to show nonuniform strains on m. soleus aponeurosis-tendon
complex [36, 37]. (III) Displacement encoding was used to quantify strains in biceps

brachii and hamstring muscles |39].

Our present high contrast, high-resolution anatomical images collected contain
detailed intensity changes adequate for quantifying voxel-related human muscle strains
in vivo. Earlier, nonrigid registration techniques were applied mostly to quantify my-

ocardial strain using Cine-MRI of beating hearts [106, 107].

Many improvements were proposed to enhance the accuracy and speed of reg-
istration [84, 85, 86]. Tests in subjects against tagged MRI technique showed that the
results correlate well. These techniques were applied also to ultrasound images. It was
shown that (i) strain values obtained were consistent with Doppler tissue velocity re-
sults and (ii) the method was capable of showing myocardial strain differences between

healthy and pathological tissues [108, 109, 110].
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Previously, success of applying registration algorithms has been tested indirectly.
The results were compared with those obtained using other registration methods [111]
or even different imaging methods [107]. In addition to a more direct method of testing
in which a physical phantom is used [86, 112]|, a commonly used and reliable method is
to use synthetic image sets with known deformations imposed on the test image itself
[113, 114]. We applied the latter method in testing validity of present use of Demons

algorithm.

The actual synthetic rigid body motion imposed represents a much larger scale
motion than possible motion artifacts. Despite that fact, type A strain errors them-
selves are low (below 2.43 % lengthening and 1.96 % shortening, respectively) and so
are their levels of heterogeneity (maximal IQR values equaled 0.013 and 0.014). Such
small error levels indicate that the methods applied deal successfully with large rigid

body motions that may occur due to experimental repositioning of the subject.

Imposing synthetic known image deformations allows further critical assess-
ments: (1) for the selected volume deformed artificially, very similar displacements to
those found in the experiments were imposed. For the deformed volume, this yielded
strains of similar order of magnitude as those imposed by image deformation. However,
they were somewhat underestimated. Therefore, strains calculated with experimental
data will be conservative estimators of actual local deformations. (2) For the remaining
volume, absolutely no deformation was imposed creating a challenging registration at
the interface with the strained volume. Analysis of such conditions yields two important
conclusions regarding Demons algorithms’ smoothing effects: (i) No false deformations
occur in undeformed tissue. (ii) However, sharp discontinuities in deformation may
not be properly handled. Therefore, results for narrow regions forming boundaries
between anatomical units need to be interpreted with extreme care. Nevertheless, this
applies only to a very limited number of voxels (only approximately 5 % of the voxels
studied are located at the intermuscular boundaries). It should also be noted that such

discontinuities are not likely to occur during actual tissue movement.

We therefore conclude that Demons algorithm can successfully respond to pos-
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sible rigid body motion caused by repositioning of the subject, and can reproduce a
known deformation field fairly well. This confirms that it is a suitable method to

analyze deformation of muscular tissues in vivo.

In previous use of similar image registration, volume changes of muscle (groups)
were considered only as parameter to constrain deformations to a constant tissue vol-
ume [107, 84]. This stems from a general mechanical consideration that effects of
muscle volume changes are trivial [115]. More recent reports show that single twitches
of frog muscle causes only a marginal volume change (10-5 ml/g) [116] and for modeled
myocardial tissue, volume change remains limited (to 3x10-2 ml/g) [117]. Volume
changes calculated presently were marginal for all muscle groups. However, during
joint movement, certain volume changes may be physiological, as altered intramuscu-
lar pressure may cause changes in arterial flow and venous expulsion [118, 119, 120].
Therefore, "muscle pumps" may cause blood expulsion from veins due to both muscle
contraction, and passive length changes accompanying joint movement [121]. Present
knee angle changes cause a drop in tissue volume specifically for deep flexor muscles.
This suggests that length changes imposed on m. gastrocnemius cause considerable
blood expulsion from the deep veins (vv. peroneal and posterior tibial). Therefore,
additional to effects on muscle mechanics, quantification of local tissue volume changes
may help improving our understanding of such hemodynamics in healthy subjects and

in patients with venous dysfunction.

4.4.2 Effects of in vivo Myofascial Force Transmission in Human

In the absence of venodynamic effects, significant strain results should be as-
cribed to mechanical effects between muscles. Major effects of EMFT shown in animal
experiments include: (I) Unequal proximal and distal muscle forces (proximo-distal
force differences) [12, 13]. (II) Muscle length-force characteristics cannot be considered
as unique properties of individual muscles. Key determinants of muscle length-force
characteristics |15] (e.g. muscle optimum length and optimal force), as well as the

shape of such characteristics [17] were shown to depend strongly on the myofascial
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conditions in which the muscle functions. (IIT) Finite element modeling indicates that
EMFT causes major sarcomere length heterogeneity [20, 15, 18] and myofascial loads
acting locally on muscle fibers explain this effect in the model. It is also evident that
muscle fibers and the extracellular matrix are connected along the muscle fiber [1, 4].
Therefore, forces exerted on sarcomeres by the extracellular matrix and by sarcom-
eres located in neighboring muscle fibers may cause differences in lengths of serially
arranged sarcomeres. Intra- and epimuscular connective tissues are continuous. There-
fore, also epimuscular myofascial loads may play a role (see for a specific assessment
of the effects of epimuscular myofascial loads [122]). Relative position of muscle with

respect to its neighboring structures is a key determinant of EMFT effects [18, 19].

In human, muscle force can usually not be measured directly. Therefore, quan-
tifying e.g., proximo-distal force differences in vivo is not an easy task. However,
our present approach does allow quantifying effects of epimuscular myofascial loads as
tissue deformation. As m. gastrocnemius is a knee flexor, knee movement is to be
expected to cause a global strain. However, how knee movement deforms this mus-
cle locally is still interesting and ascribable to EMFT: variable magnitudes of local
lengthening are shown to occur simultaneously with local shortening at other locations
within the muscle. Muscle modeled at high lengths [15] yielded results in agreement
with this: Due to EMFT, not only positive but also negative strains were found along
the fiber direction. Accompanying length changes of human m. gastrocnemius, such
effects occur also within m. soleus, confirming mechanical interaction between human

synergistic muscles, in vivo [104].

Animal experiments have also shown interantagonistic EMFT (for a review see
[74]): tibial muscle complex force decreases when adjacent peroneal complex is length-
ened [123] and EMFT occurs also between more distant muscle compartments |7, 8],
yielding a conclusion that EMFT has major effects within the entire lower leg of ro-
dents [8]. Our recent [104] and present results indicate that EMFT has major in vivo

effects throughout the entire human lower leg.
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4.4.3 Limitations and Implications of the Present Study

Our present results were obtained after imposing joint angle changes externally.
Theoretically, this would have been possible without muscular activity. However, EMG
recordings performed outside the MRI machine indicates that some muscular excitation
was present, but small. Nevertheless, we find not only negative strains (that could orig-
inate from shortening due to muscle activation), but also high positive strains. Joint
movement was shown to cause no significant changes in muscle activity after manipu-
lating ankle joint angle (from neutral to 65 ° dorsal flexion) [124]. Even for substantial
muscular activity (up to 30 %MVC), knee movement imposed externally caused no
significant changes in gastrocnemius EMG [125]. On the other hand, at neutral ankle
position with the subjects trying to relax, standard deviations of gastrocnemius EMG
indicate that across participants’ variability of muscle activity is limited to approxi-
mately 1/4 of mean EMG values [124]. Therefore, some of the inter-subject variability
shown presently may be caused by differences in muscle excitation; however, such ef-
fects are expected to be small. It should be noted that due to unavailability of MRI

compatible EMG devices, EMG measurements were not made during our experiment.

Local principal strains shown should not be interpreted quantitatively as in-
formation regarding sarcomere lengths: (i) the resolution obtained allows the study
of muscles or muscle groups instead of individual muscle fibers and sarcomeres. (ii)
Length changes specifically along the muscle fiber directions are not estimated. Deter-
mining such directions is feasible using MRI diffusion tensor imaging (DTT). Diffusion
of water molecules that are encoded within the MRI signal and their principal direc-
tions are determined [44, 42]. It has been shown in mouse muscle [126] and human
cadavers [127]| that such diffusion occurs in parallel to the muscle fiber. A preliminary
analysis of our MRI data supports expectations of occurrence of sarcomere length het-
erogeneity based on our previous modeling work (e.g., [18, 122]): rotation of strain
tensors for m. soleus to the muscle fiber direction for each voxel shows major peak
lengthening and shortening (56 % and 40 %, respectively) [128]. Analyses of muscle
fiber direction strain distributions within other synergistic and antagonistic muscles

are indicated. DTI has been used also to show that passive length changes in lower leg
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muscles, induced by altered ankle joint angle, affect diffusivity in muscle tissue [129],
presumably due to changing muscle fiber dimensions. A role played by myofascial loads

in these processes is quite conceivable and should be studied.

Mechanical interaction between the long flexor of the thumb and force exerted
at other fingers [80] indicates in vivo EMEFT in human subjects. However, passive ex-
tension of the big toe caused only marginal global displacement of triceps surae muscles
[93]. This does not necessarily indicate limited force transmission between triceps surae
muscles and the deeper-lying m. flexor hallucis longus, as local deformations were not
studied. Huijing et al. [104] showed that global m. gastrocnemius strain (<1.5 %) due
to imposed knee movement in human cadavers is an order of magnitude smaller than
local strains found in vivo within that muscle. Recently, actuator independence of cat
muscle was studied [91]. At constant ankle and hip joint angles, a robot manipulated
knee joint angle, imposing changes of muscular relative positions of passive gastrocne-
mius and plantaris muscles with respect to partially activated m. soleus. No significant
effects on m. soleus ankle moment were shown. Given our present results, the gener-
alizing conclusion drawn that mechanical interaction between muscles does not occur
under physiological circumstances in vivo is not tenable. Differences in species and ac-
tual mechanical conditions (e.g. static versus dynamic, or degree of muscle activation)
are plausible sources of divergent results. However, our results suggest that even for
conditions in which the net effect of EMFT on forces exerted at the tendon would be
small, local heterogeneous effects of epimuscular loads may still be substantial. EMFT
effects discussed may affect function substantially, as they refer to mechanical condi-
tion dependent contribution of muscles to joint moment and movement. In light of
previous and present findings, we conclude that in vivo, muscles are, in principle, not

independent mechanically due to effects of EMFT.

4.5 Conclusions

Global strains imposed on m. gastrocnemius after knee movement causes sub-

stantial and quite heterogeneous local strains to occur, not only within this muscle, but
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also within synergistic, as well as antagonistic muscles kept at constant muscle-tendon
complex length (global isometric condition). Moreover, variable magnitudes of local
lengthening will occur simultaneously with local shortening at other locations. These
findings confirm our hypothesis and show that EMFT is a relevant mechanism also in

VIV0.
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5. ASSESSMENT OF MYOFASCIAL FORCE
TRANSMISSION IN LOCAL FIBERS USING MRI in vivo

5.1 Introduction

Aside from myotendinous junctions, force generated by sarcomeres is transmit-
ted along the full periphery of the muscle fibers onto intramuscular connective tis-
sue [100, 2, 130, 131, 132, 97, 20]. The continuity of these connective tissues with
perimysium, epimysium, neurovascular tracts, fascia, and compartmental boundaries
allows the transmission of force to synergistic muscles as well as antagonistic muscles
[9, 12, 11, 13]. The force transmission via this integral system of connections is referred

to as epimuscular myofascial force transmission (EMFT) [74].

Previous animal experiments showed that EMFT varies muscle length-force
characteristics [15, 17]. Moreover finite element modeling studies indicated that this is
caused by changing the sarcomere length distribution arranged in series within muscle
fibers [20, 17]. The effects of EMFT in human muscle in vivo have been shown recently
by our research group using MRI [133]: Global length changes imposed externally on
the target muscle-tendon complex by joint movement caused sizable and heterogeneous
local principal strains within the target muscle, as well as within the remaining muscles
of the human lower leg that were kept isometric. Based on these findings we hypothe-
sized that in the same experimental conditions length changes will occur in local fiber
directions. These length changes will be heterogeneous within individual fibers and the
mean length changes of fibers will also be heterogeneous. Confirmation of this hypoth-
esis would be an explicit indicator of n vivo occurrence of EMFET and its effects on
sarcomere length changes that has not been demonstrated previously. Therefore, the
aim of the present study was to test this hypothesis using magnetic resonance imaging

(MRI) with diffusion tensor imaging (DTI) techniques.
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5.2 Methods

5.2.1 Experimental Procedures

5.2.1.1 Subjects. Experimental procedures were in strict agreement with guide-

lines and regulations concerning human welfare and experimentation set forth by Turk-
ish law, and approved by a Committee on Ethics of Human Experimentation at Istanbul
University, Istanbul School of Medicine, Istanbul. Five healthy subjects (mean 4+ SD:
age = 27 + 3 years, height = 175 + 7 cm and body mass = 73 + 8 kg) volunteered for
this study. In order to minimize anthropometric differences between subjects (Table
5.1), only males were recruited. After a full explanation of the purpose and methodol-

ogy of the experiments, the subjects provided an informed consent.

Table 5.1
Anthropometric data

Subject Age Height (cm) Mass (kg) Upper leg Lower leg
length (cm) length (cm)

A 29 178 85 41 31
B 31 188 73 46 41
C 23 173 72 41 39
D 25 170 70 45 40
E 30 172 78 42 38

5.2.1.2 Experimental Protocol. Each subject was positioned prone within the
MRI scanner. The left leg was brought to a reference position before the patient table
(a motorized and computer-controlled slide) was moved into the MRI bore: (I) the
ankle angle was fixed at 90° (Fig. 5.1) by using an MRI compatible ankle-foot orthosis
(brace on the lower leg and the foot allowing fixation of the ankle angle). (II) To
keep orientation of the lower leg constant, the position of the knee cap and the tip
of the ankle-foot orthosis were marked on the patient table. (IITI) The knee angle in
this position (undeformed state) was (mean £ SD) 173° £ 3°. Based on e.g., [101],

knee joint angle was measured using a universal goniometer with its center positioned
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over the lateral epicondyle of the femur and its arms aligned with the femur and tibia.
After moving the patient table into the bore, sets of 3D high-resolution MR images
were acquired in the undeformed state. Subsequently, the patient table was moved out
of the bore. The hip and knee joints were brought in flexion by repositioning the upper
body using a MRI compatible chest support until the trunk approached the bore wall
(diameter 60 cm). In this deformed state, the knee angle equaled 150° 4+ 6°. Care was
taken to maintain the positions of the kneecap and the tip of the ankle-foot orthosis.
Subsequently, the patient table was moved back into the bore automatically ensuring
that it attains the identical position as during previous image acquisition. Subjects

were asked to remain completely relaxed throughout the experiment.
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Figure 5.1 Schematic of the leg and trunk within the MRI instrument. (a) The undeformed state.
The body is prone on a table (solid line) that is can be moved in and out of the bore of the MRI
machine. MRI compatible ankle-foot orthosis (see inset for a picture) was used to fix the ankle angle
at 90°, in such a way to leave a small space between posterior side of the lower leg and the ankle-
foot orthosis and also between anterior side of the lower leg and MR table to avoid exertion of other
external forces. The ankle-foot orthosis was secured in the MR table by support materials. The tips
of the toes were not allowed to contact the MRI machine in order to prevent the foot from being
loaded and any activation of muscles to compensate for that. (b) The deformed state. The trunk of
the subject is now supported and brought as close as possible to the bore wall. This creates movement
in hip as well as knee joints, but leaves the lower leg in a similar position. In any case the ankle angle
is unchanged.
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5.2.1.3 Image Acquisition. 3D localizer imaging was performed to plan the sub-

sequent imaging sequences. 3D turbo fast low-angle shot [Turbo Flash| based coronal
MR image sets were collected using 3T MR scanner (Magnetom Trio; Siemens, Er-
langen, Germany) with 6-channel surface cardiac array coil. The following parameters
were used in the Flash sequence: TR = 2000 ms, TE = 3.94 ms, TT = 1100 ms, no
fat suppression, flip angle = 12°, bandwidth = 130 Hz/pixel, number of averages = 1,
field of view = 256x256 mm, slice thickness = 0.8 mm (distance factor = 50 %), image
matrix size = 320x320x144, voxel size = 0.8x0.8x0.8 mm. Choices of high bandwidth
(41600 Hz) and frequency encoding in proximo-distal direction [102| allowed minimiz-
ing potential chemical shift artifacts. Imaging time equaled 6 minutes and 50 seconds.
Subsequently 2-D axial echo planar imaging (EPI) based diffusion weighted image sets
are collected in 6 directions with these parameters: TR = 2500 ms, TE = 84 ms, flip
angle = 90°, bandwidth = 955 Hz per pixel, number of averages = 5, field of view
= 140x224 mm, slice thickness = 8 mm, image matrix size = 160x256x20, voxel size
= 0.875x0.875x8 mm, b = 500 s/mm?. Note that subject position was fixed so that
physical coordinates (provided by MRI scanner) of the corresponding voxels from these

two different types of image sets would be the same in order to match them.

5.2.1.4 EMG Assessment of Subject Relaxed State. In order to confirm the

subject’s relaxed state during the experiments, an EMG test was performed (n = 1).
Pre-amplified bi-polar surface EMG (Delsys, Trigno Wireless, Boston, MA, USA) was
used. Electrodes were located over mid muscle belly of m. gastrocnemius and m.
tibialis anterior. This showed that in the final isometric states, EMG activity was very
low for both muscles: root mean square values of full wave rectified low pass filtered
EMG data normalized for subject’s EMG during maximal voluntary contraction (MVC)
was less than 0.5 % of the respective MVC value.
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5.2.2 Calculation of in vivo Strains

A slice group consisting of 30 consecutive cross-sectional slices was selected
manually for each subject (Fig. 5.2a): the most proximal slice location was at the
proximal third of the length of imaged portion of the lower leg (corresponding to mid-

m. gastrocnemius belly).

medial

slice P
group

Figure 5.2 Examples of MR images of the lower leg. (a) Longitudinal anatomic image of the lower
leg representing a sagittal slice illustrating the locations of the group of cross-sectional slices to be
analyzed for strains. For all subjects, the most proximal axial slice of the slice group was located at
the upper third of the imaged portion of the lower leg, a level corresponding to the mid-belly of m.
gastrocnemius. (b) An example of a cross-sectional anatomic image of the slice group with anatomical
identification of muscles or muscle groups and bones (tibia and fibula). Five anatomical regions of
interest were distinguished: m. gastrocnemius, m. soleus, deep flexor muscles, peroneal muscles and
anterior crural muscles. The dashed horizontal line indicates the location of sagittal image shown in

(a).

Within each slice analyzed, five anatomical regions representing m. gastrocne-
mius, m. soleus, deep flexor muscles, peroneal muscles and anterior crural muscles were

distinguished manually by outlining their boundaries (Fig. 5.2b).

Deformations caused by knee joint angle changes i.e., in vivo strains were cal-

culated. In order to do that, MR images acquired in the deformed and undeformed
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states were aligned. Demons algorithm [41] i.e., a non-rigid and non-parametric im-
age registration technique was applied. Utilizing arrays of voxel grayscale values, this
algorithm relies on (i) gradients of images and (ii) differences between images i.e., dif-
ferences between voxel grayscale values of consecutive voxels within each image and
corresponding voxels in deformed and undeformed images, respectively. Image differ-
ences calculated iteratively are used to characterize displacement values for each voxel.
During each iteration, updated displacement fields are smoothed by a Gaussian kernel
for regularization of local displacements and global motion. Finally, after a success-
ful alignment of images obtained by minimizing image differences, information on real
deformation is available for each cubic shape comprised of four adjacent image voxels.

See Appendix A for detailed descriptions of the steps of Demons algorithm.

Using displacement fields obtained, deformation gradient matrix F, characteriz-
ing voxel deformation, was calculated by using displacement gradient (Vu) in material

coordinates:

F=Vu+1I (5.1)

Green-Lagrange strain tensor E was calculated for each voxel in order to assess
deformations within the lower leg muscles present after changing the knee and hip

angles:

E = ; [FTF —1] (5.2)

5.2.3 Calculation of Diffusion Tensors

In order to obtain local muscle fiber direction per voxel diffusion tensor (DT) was
calculated from diffusion weighted image set. The noise in images may cause negative
semi-definite tensors which is physically meaningless. Therefore nonlinear computation
algorithm (3dDWItoDT) included in AFNI (well-known software package for analysis

and visualization of functional MRI neuroimages) [134] was used which constraints
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diffusion tensors to be positive semi-definite matrices.

5.2.4 Matching Corresponding Voxels

The anatomic and diffusion weighted image sets were taken in different planes
(coronal and axial, respectively) and had different voxel sizes. Therefore voxels of these
different types of image sets had to be matched using their common physical reference
coordinates provided by MRI scanner: two global transformation matrices were calcu-
lated between (i) diffusion weighted image coordinate system and physical coordinate
system of MRI scanner (Fig. 5.3a) and (ii) physical coordinate system and anatomic
image coordinate system (Fig. 5.3b). These transformation matrices were multiplied so
that one transformation matrix was attained in order to (i) rotate diffusion tensors into
anatomic image coordinate system and (ii) subsequently match corresponding voxels

within different types of image sets by nearest neighborhood interpolation.

5.2.5 Calculation of Strains in Local Muscle Fiber Directions

After rotating and mapping diffusion tensors to anatomic image coordinate sys-
tem, 3 principal diffusion values (A\; > Ay > A3) and their corresponding orthogonal
directions were calculated from diffusion tensors to find local muscle fiber based co-
ordinate system per voxel: The axis in the direction of maximal principal diffusion
corresponded to local muscle fiber direction. The strain tensors were then rotated to

local muscle fiber based coordinate system (Fig. 5.3¢):
E, = RER" (5.3)

where, R was the rotation matrix described by local fiber based coordinate system and
E, was the rotated strain tensor. Normal strain in local fiber direction corresponded

to length changes in fiber direction.

For each anatomical region separately, the strains in local fiber directions were
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Figure 5.3 Schematic of the coordinate transformations. Coordinate transformation is performed (a)
from DT image coordinate system to physical coordinate system, then (b) from physical coordinate
system to anatomic image coordinate system to match voxels. (c¢) Each strain tensor is rotated to

local fiber coordinate system using a local rotation vector derived from diffusion tensor in order to
calculate local fiber direction strains.

calculated and mean £+ SE values were reported separately. In addition, heterogeneity

of deformation was analyzed within anatomical regions distinguished.

5.2.6 Imitial Tests of the Limitation of the Registration Algorithm

The validity of Demons algorithm in quantifying tissue deformations was shown
after performing vigorous testing [133]. Presently, image sets of the undeformed state
were transformed by a "synthetic rigid body motion" imposed on the data for each
subject: (i) a 10° rotation within the cross-sectional plane (corresponding to an en-
dorotation of knee as the knee flexed [87]), (ii) a 3° rotation in the coronal plane, (iii)

a 3° rotation in the sagittal plane and (iv) a 4 mm translation in the axial direction.
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Subsequently, image sets of the undeformed state and the transformed image
set were compared and apparent strains were calculated. Theoretically, rigid body
motion, as imposed in this validation test, should not cause any strains. Therefore, any
strains calculated accordingly represent artifacts, which may arise from the algorithm
e.g., when there is subject motion or due to subject-repositioning between conditions

tested.

5.2.7 Distinguishing in vivo Deformations from Artifacts Statistically

Principal strain distributions by definition deviate from normal distributions.
Therefore, for each anatomical region separately, nonparametric Wilcoxon rank sum
tests were performed to test for differences between in vivo strains and strain artifacts.

The level of significance was chosen at p < 0.05.

5.2.8 Calculation of Fractional Anisotropy (FA) and Fiber Tracking

Fractional anisotropy (FA) was calculated from diffusion values (A; > Ay > A3)

and their means (\) for each voxel:

3 x ((A1 - 5\)2 + (M- X)z +(Ns = A)2>

2x (A1 + 23+ )3)

FA=

(5.4)

Possible effects of changing knee angle on longitudinal diffusivity (i.e. largest
principal diffusion value: \;), transversal diffusivity (i.e. average of Ay and \3) and FA

were assessed for each anatomical region.

Fiber tracking was based on a line propagation algorithm by which lines were
propagated according to the local fiber direction at each voxel in a selected region of
interest [135]. The paths of fiber bundles were constructed until stop criterion (i.e.

low FA or large deviation of orientation) was reached. Small region of interest (shaded
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area in Fig. 5.2b) within middle part of m. gastrocnemius and m. soleus was selected
for better visualization of fiber strain distribution on fiber bundles. Subsequently, fiber
tracking (n=1) was performed to assess (i) the heterogeneity of local fiber direction
strains along fiber bundles (referred to as serial distribution) and (ii) the heterogeneity

of mean fiber direction strains among fiber bundles (referred to as parallel distribution).

5.3 Results

5.3.1 Initial Tests of the Registration Algorithm

Mean strain artifacts for all anatomical regions (Table 5.2) are very small. This
shows that the errors caused by subject motion or subject-repositioning do not effect
the quantified deformations of muscle groups. These baseline strains are similar for all

muscle groups.

Table 5.2
Baseline strains and tissue strains in local fiber directions in the deformed state

Mean + SE m. gastrocnemius m. soleus deep flexors peronei anterior crural

Local baseline strains (synthetic rigid body motion) (n=>5)

Knee angle =173° 4+ 3°. Ankle angle = 90°

Positive strains 0.004 0.004 0.004 0.003 0.003
(lengthening) + 0.001 + 0.001 +0.001 =+ 0.001 =+ 0.001
Negative strains -0.004 -0.004 -0.003 -0.004 -0.003
(shortening) =+ 0.001 =+ 0.001 £ 0.001 =+ 0.002 =+ 0.000

Local tissue strains in the deformed state (n=>5)

Knee angle =150° £ 6°. Ankle angle = 90°

Positive strains 0.048 0.036 0.028 0.031 0.047
(lengthening) + 0.004* =+ 0.003* + 0.002% + 0.004* + 0.010*
Negative strains -0.048 -0.040 -0.045 -0.031 -0.053
(shortening) + 0.002*  + 0.002* + 0.004* + 0.003* + 0.013*

* indicates significant differences with the strain error.

Using AFNI’s nonlinear algorithm (3dDWItoDT) only 0.2 % of DTs remained
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negative semi-definite. Note that those tensors belonged to skin and bones which do

not exist within anatomical regions (i.e. muscle groups) focused.

5.3.2 wn vivo Strains

Mean tissue strains (lengthening and shortening values separately) were signifi-
cantly higher than strain artifacts (Table 5.2). Experimentally found results for local
deformations in fiber directions are shown in Fig. 5.4. Inter-quartile range (IQR) val-
ues indicate heterogeneity of local deformations. Details of local deformation data are

provided below:

5.3.2.1 m. gastrocnemius. Local deformations are substantial (peak lengthen-

ing = 33.10 % and shortening = 27.31 %) and heterogeneous across subjects (IQR
value = 0.082). Maximal within subject IQR value equaled 0.086 (subject C).

5.3.2.2 m. soleus. Peak local lengthening = 20.77 % and shortening 22.98 % (i.e.

approximately 63 % and 84 % of the values calculated for m. gastrocnemius). IQR
value is 0.067. Maximal within subject IQR value equaled 0.069 (subject E).

5.3.2.3 Deep flexor muscles. Peak local lengthening = 19.71 % and shortening
= 26.97 % (i.e. approximately 60 % and 99 % of the values calculated for m. gas-
trocnemius). IQR value is 0.060. Maximal within subject IQR, value equaled 0.070
(subject E).

5.3.2.4 Anterior crural muscles. Peak local lengthening = 38.78 % and short-

ening = 36.40 %. However, these extremely high values are found only for a minority

of the voxels (0.02 % and 0.31 %, respectively). For local lengthening and shortening,
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median strain values were approximately 74 % and 97 % of m. gastrocnemius val-
ues, respectively. IQR value is 0.068. Highest within subject IQR value equaled 0.080
(subject B).

5.3.2.5 Peroneal muscles. Peak local lengthening = 22.05 % and shortening =

22.39 % (approximately 67 % and 82 % of values calculated for m. gastrocnemius,
respectively). IQR value is 0.048. Highest within subject IQR value equaled 0.059
(subject E).
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Figure 5.4 Effect of altered knee angle: Local lengthening and shortening effects (local fiber direction
strain). Box & whisker plots: the horizontal line inside the box represents the median strain value;
the upper and lower edges of a 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 strains plotted. Inter-quartile ranges (IQR i.e., absolute value of the difference
between upper and lower quartiles) were considered as a measure of strain heterogeneity within each
anatomical region. Data were represented per anatomical region of interest (muscle or muscle group)
and analyzed across all subjects.

5.3.2.6 Diffusivity and FA. Longitudinal diffusivity (A\;) and FA values for each

anatomical region are listed in Table 5.3. Change in FA, longitudinal and transversal

diffusivities caused by knee movement were not significant (p<0.05) for all muscle
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groups. In all muscle groups negligible fiber direction strains have been found within
voxels whose longitudinal (Fig. 5.5) and transversal (Fig. 5.6) diffusivities are very
small or very high. In contrary, fiber direction strains in voxels whose longitudinal
diffusivity is around median can reach peak values. In all muscle groups negligible fiber
direction strains have been found within voxels whose fractional anisotropy values are

very high (Fig. 5.7).

Table 5.3
Longitudinal diffusivity and FA values

Mean + SE m. gastrocnemius m. soleus deep flexors peronei anterior crural

In the undeformed state (n=>5)
Knee angle =173° 4+ 3°. Ankle angle = 90°

A1 (x1073mm?s™1) 1.98 2.14 1.88 1.86 1.66
+ 0.08 + 0.06 +0.01  +0.01 + 0.07
FA 0.34 0.36 0.35 0.39 0.35
+ 0.02 + 0.03 +0.02 4 0.01 + 0.02

In the deformed state (n=>5)
Knee angle =150° +6°. Ankle angle = 90°

AL (x10~3mm2s™1) 1.86 2.10 2.10 1.82 1.72
+£0.04  +0.05 +0.10 =+ 0.07 +0.07
FA 0.33 0.39 0.36 0.38 0.33
+0.02  +0.02 +0.02 +0.01 +0.01

5.3.2.7 Serial local fiber direction strain distribution. Heterogeneity in se-

rial local fiber direction strains was highly pronounced (Fig. 5.8a): For m. gastroc-
nemius [QR values of serial fiber direction strains ranged from 0.001 to 0.224. Even
m. soleus was kept isometric; IQR values of serial fiber direction strains (ranged from
0.000 to 0.161) were substantial. These ranges and histograms (Fig. 5.8b for m. gas-
trocnemius and Fig. 5.8¢ for m. soleus, respectively) show that IQR values themselves
were quite heterogeneous. This indicates heterogeneity in both serial and parallel dis-

tributions of fiber direction strains.
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Figure 5.5 Relation longitudinal between diffusivity (x1073mm?s~!) and local fiber direction strain.

For each anatomical region of interest (muscle or muscle group) each scatter plot shows the relation
between the longitudinal diffusivity and fiber direction strain across all subjects.

5.3.2.8 Parallel local fiber direction strain distribution. Heterogeneity in par-

allel local fiber direction strains was highly pronounced: IQR value of mean length
changes of fiber bundles were 0.039 for both m. gastrocnemius and m. soleus in

selected region of interest.

It is concluded that (T) knee (and hip) angle changes cause substantial local fiber
direction strains within synergistic, as well as antagonistic muscles of m. gastrocnemius
within the lower leg even if the length of muscle-tendon complexes are kept isometric,
(IT) the patterns of strains are not simple ones: (a) it differs per muscle or muscle group
and (b) at different locations even within one muscle sizable local lengthening occurred

simultaneously with local shortening, and (III) knee movement causes heterogeneous
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Figure 5.6 Relation between transversal diffusivity (x10~2mm?s~!) and local fiber direction strain.
For each anatomical region of interest (muscle or muscle group) each scatter plot shows the relation
between the transversal diffusivity and fiber direction strain across all subjects.

length changes not only along fibers (serial distribution of strains) but also among

fibers (parallel distribution of strains).

5.4 Discussion

5.4.1 Combination of Intensity Based Non-rigid Registration and Diffusion

Tensor Imaging as a Tool to Quantify Fiber Direction Strain

In this study, in vivo quantification of local fiber direction strains within hu-

man lower leg was explored as changing knee (and hip) angles. Previously only local
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Figure 5.7 Relation between fractional anisotropy (x10~3mm?s~!) and local fiber direction strain.
For each anatomical region of interest (muscle or muscle group) each scatter plot shows the relation
between the fractional anisotropy and fiber direction strain across all subjects.

principal strains (i.e. peak lengthening and shortening) were calculated in order to
assess the effects of changing knee angle on local tissue deformations without giving
any information about local fiber direction strains [133]. Englund et al. [136] calcu-
lated linear strains in six directions from spatially tagged images during submaximal
(50 %) isometric contraction of the tibialis anterior muscle and combined them within
3x3 strain tensors. Additionally, they acquired diffusion weighted images and calcu-
lated diffusion tensors in order to compare local peak lengthening and shortening (i.e.
positive and negative principal strains) and local fiber directions. Again local fiber di-
rection strains were not calculated in this study. On the other hand, their technique has
advantage in quantifying strains caused by active isometric muscle motion. However,

to avoid fatigue, imaging time is reduced: (i) spatial tagging MRI was chosen rather
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Figure 5.8 Example of fiber tracking. (a) Selected region of interest located within lateral gastrocne-
mius and soleus is delimited by red line. (b) White line separates the fiber bundles of m. gastrocnemius
and m. soleus tracked within selected region of interest. Colors on fiber bundles represent local fiber
direction strains. (c¢) Histogram of IQR values of m. gastrocnemius fiber bundles. (d) Histogram of
IQR values of m. soleus fiber bundles.

than phase-contrast MRI, (ii) it was applied to small regions of interest on superficial
and deeper tibialis anterior muscle, (iii) its resolution (slice thickness and tag intervals
equaled 7.1 mm) was selected quite low compared to the resolution (0.8x0.8x0.8 mm
voxel size) in the present study to reduce imaging time. Note that in the present study,
(i) the muscle motion is passive causing less fatigue, (ii) local fiber direction strains
are calculated not only within tibialis anterior but also its synergistic and antagonist

muscles.
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5.4.2 Relation between Diffusivity, Fractional Anisotropy and Local Fiber

Direction Strain

The effect of passive knee and ankle angle changes on diffusion parameters (ap-
parent diffusion coefficients and FA) was found pronounced in human tibialis anterior
[137, 129] and calf muscles [138], respectively. We found no significant change in FA,
longitudinal and transversal diffusivity related to knee angle change. Note that in pre-
vious studies joint movements were major functions of the focused muscles as opposed
to the present experimental scenario: Knee angle change is the secondary function of

m. gastrocnemius.

The scatter data across all subjects showed that sizable local fiber direction
strains occur around median longitudinal (Fig. 5.5) and median transversal diffusivity
(Fig. 5.6) for each muscle groups. It can be explained that median value corresponds
to the resting length of fibers and therefore those fibers are capable of pronounced
lengthening or shortening. Voxels with small diffusivity values have small fiber direction
strains: the fibers are already shortened, thus they are less available to change their
length. Voxels with large diffusivity and FA (Fig. 5.7) values have small fiber direction
strains: the fibers are lengthened already, thus changing knee angle has little or no

effect in their length.

5.4.3 Effects of in vivo Myofascial Force Transmission in Human

Previous animal experiments and finite element modeling showed that EMFT
causes: (I) Unequal proximal and distal muscle forces [12, 13], (II) Muscle length-
force characteristics depends also on the myofascial conditions |17, 122], (III) Local
myofascial loads cause major sarcomere length heterogeneity [20, 15, 122, 18]. Tt was
shown that EMFT is capable of causing these effects within the entire lower leg of
the rat [8]. Our recent study supports this finding in human lower leg muscle in vivo
by quantifying deformations caused by passive knee angle change [133]. In similar

experimental conditions, the present study benefits from DTI in order to quantify
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deformations in local fiber directions. Despite local fiber direction strains do not refer
directly to sarcomere length changes and therefore sarcomere length heterogeneity,
it points out that EMFT causes major local fiber length changes within the entire
human lower leg in vivo. The size of these effects differs among subjects as emphasized

previously for both passive [133] and active motion [136].

5.4.4 Heterogeneities in Local Fiber Direction Strains

Using finite element modeling it was shown previously that continuity of in-
tramuscular connective tissues to inter- and extramuscular connective tissues causes
heterogeneity in the length of sarcomeres in series within the same individual muscle
fiber [20, 15]. This changes the length between active slack and optimum lengths, even-
tually alters muscle force production characteristics. This heterogeneity increases the
mean sarcomere length of each fiber which causes heterogeneity in parallel distribution
of length of sarcomeres. Heterogeneities in both serial [139] and parallel distributions
[140| were shown to lead improved range of muscle length. Present findings are consis-
tent with the results of previous finite element modeling studies and indicate the effects
of EMFT on length heterogeneity of fibers in series and parallel. To our knowledge
this is the first study that showed the effects of EMFT on fiber length distributions in

human muscles n vivo.

5.4.5 Limitations and Implications

Pilot EMG study performed outside the MRI scanner indicates that muscular
activity is small during passive joint angle change. Even that activity causes negative
strains in local fiber direction; positive strains cannot be explained by muscle excitation.
Knee movement was shown to cause no significant changes in gastrocnemius EMG even
for sizable muscular activity of 30 % MVC [125]. Note that muscular activity may
have small effects on intersubject variability: Standard deviations of gastrocnemius

EMG indicate that subjects’ variability of muscle activity is limited to 1/4 of mean
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EMG values at neutral ankle position with the subjects trying to relax [124]. EMG
measurements were not made at the time of our experiment due to unavailability of

MRI compatible EMG devices.

New MRI techniques have been focused in recent years. (I) Real-time DTI is
aimed to estimate diffusion parameters during the repetition time of the sequence [141,
142]. This new method is promising for its potential application in clinic. (II) Strain
encoding imaging (SENC) is performed by encoding a pattern similar to tagging into
the tissue. The intensity in SENC images depend on local strains in a specific direction
[40]. (III) Magnetic resonance elastography (MRE) benefits from the propagation
of shear waves into the tissue and images the mechanical properties of soft tissues
[143, 144, 145]. Using these three techniques one can measure not only local strains
and fiber directions locally, but also local stiffness in order to show the effects of EMFT
more precisely. Using these techniques it is also possible to relate the nonmuscular

connective tissues and their local effects directly.

In a recent study, at fixed ankle and hip joint angles, using a robot, relative
positions of passive gastrocnemius and plantaris muscles were changed with respect to
partially activated m. soleus [91]. As a result, ankle moment of m. soleus was not
significantly changed. Nevertheless Huijing et al. showed that global m. gastrocnemius
strain (<1.5 %) is much smaller than local strains found in vive (10.3 + 1.0 % and
-9.7 + 1.0 % for lengthening and shortening, respectively) within the same muscle
[104]. The projection of such local strains on local fiber direction strains is given in
the present study as 4.8 + 0.4 and -4.8 £ 0.2 %. Thus, even the net effect of EMFT
on distal end of the muscle would be small, epimuscular loads may still be pronounced
locally. Such heterogeneous effects may change the mechanical conditions of muscles

and affect the force production capability.
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5.5 Conclusion

Global strains imposed by passive knee movement causes substantial and quite
heterogeneous local fiber direction strains to occur, not only within m. gastrocnemius,
but also within its synergistic, as well as antagonistic muscles kept at constant muscle-
tendon complex length (global isometric condition). Moreover, variable magnitudes
of local lengthening will occur simultaneously with local shortening at other locations
and even within the same fiber. These findings confirm our hypothesis and show that
EMEFT is a relevant mechanism also n vivo. In light of previous and present findings, we
could now more firmly postulate that in vivo, muscles are, in principle, not independent

mechanically due to effects of EMFT.
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6. MRI ASSESSMENT OF EXTERNAL MECHANICAL
LOADING ON HUMAN LOWER LEG MUSCLES in vivo

6.1 Introduction

Fascia has an important role in posture and movement. This dense irregular
connective tissue surrounds all muscles and organs, forms a continuous structure pass-
ing through tissues and connects them [146]. Moreover it helps to transmit forces

among muscles referred to as epimuscular myofascial force transmission (EMFET) [74].

Several forms of manual therapy techniques have been achieved including clas-
sical massage, friction massage, acupressure, trigger point therapy and ischemic com-
pression as well as instrument-assisted soft tissue mobilization techniques (e.g. Graston
Technique [69]. They mostly focus on fascia to change its stiffness and arrangement.
Previous studies point that after therapy proliferation and activation of fibroblast in-
creases in a way to reproduce extracellular matrix including collagen, elastin, cytokines,
and growth factors [147]. Tt is stated that excessive external mechanical load (e.g.
caused by an injury) has pro-inflammatory effect on fascia whereas reasonable size of
external load has anti-inflammatory effect [148|. Therefore, the level of external me-
chanical loading and its duration has key importance which manual therapists need
to take into account. However, local effects of external mechanical load were not as-
sessed in vivo and no scientific basis has been established towards the effects of manual

therapy on tissue deformations.

The purpose of the present work is to examine the local deformations within
tissues caused by external mechanical loading simulating ischemic compression in order
to relate the deformations with the mechanical load applied. It is hypothesized that ex-
ternal mechanical loading on human lower leg muscles causes sizable and heterogeneous

deformations.
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In the present study, it is aimed to show the effects of external mechanical
loading simulating ischemic compression on human lower leg muscles, in vivo using

magnetic resonance imaging (MRI) techniques.

6.2 Methods

6.2.1 Experimental Procedures

6.2.1.1 Subjects. Experimental procedures were in strict agreement with guide-

lines and regulations concerning human welfare and experimentation set forth by Turk-
ish law, and approved by a Committee on Ethics of Human Experimentation at Istanbul
University, Istanbul School of Medicine, Istanbul. Five healthy subjects (mean 4+ SD:
age = 27 + 3 years, height = 175 + 7 cm and body mass = 73 + 8 kg) volunteered for
this study. In order to minimize anthropometric differences between subjects (Table
6.1), only males were recruited. After a full explanation of the purpose and methodol-

ogy of the experiments, the subjects provided an informed consent.

Table 6.1
Anthropometric data

Subject Age Height (cm) Mass (kg) Upper leg Lower leg
length (cm) length (cm)

A 29 178 85 41 31
B 31 188 73 46 41
C 23 173 72 41 39
D 25 170 70 45 40
E 30 172 78 42 38

6.2.1.2 Experimental Protocol. Each subject was positioned prone within the
MRI scanner. The left leg was brought to a reference position before the patient table
(a motorized and computer-controlled slide) was moved into the MRI bore: (I) the

ankle angle was fixed at 90° (Fig. 6.1) by using an MRI compatible ankle-foot orthosis
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(brace on the lower leg and the foot allowing fixation of the ankle angle). (II) To
keep orientation of the lower leg constant, the position of the knee cap and the tip
of the ankle-foot orthosis were marked on the patient table. (IITI) The knee angle in
this position (undeformed state) was (mean + SD) 173° + 3°. Based on e.g., [101],
knee joint angle was measured using a universal goniometer with its center positioned
over the lateral epicondyle of the femur and its arms aligned with the femur and tibia.
After moving the patient table into the bore, sets of 3D high-resolution MR images
were acquired in the undeformed state. Subsequently, the patient table was moved
out of the bore and conditions representative of mechanical loading were created: a
rigid cylindrical indenter (diameter—=2.5 cm) was pressed against the posterior lower
leg by fixing the indenter between the posterior lower leg and ankle-foot orthosis (mean
+ SD indentation=6.52 + 1.24 mm). This causes application of forces normal to m.
gastrocnemius, which loads predominantly the muscle’s lateral head (Fig. 6.2a). Care
was taken to maintain the positions of the knee cap and the tip of the ankle-foot
orthosis. Subsequently, the patient table was moved back into the bore automatically
ensuring that it attains the identical position as during image acquisition. Second
MR image set was collected in this deformed state. Subjects were asked to remain

completely relaxed throughout the experiment.

6.2.1.3 TImage Acquisition. 3D localizer imaging was performed to plan the sub-

sequent imaging sequences. 3D turbo fast low-angle shot [Turbo Flash| based coronal
MR image sets were collected using 3T MR scanner (Magnetom Trio; Siemens, Er-
langen, Germany) with 6-channel surface cardiac array coil. The following parameters
were used in the Flash sequence: TR = 2000 ms, TE = 3.94 ms, TT = 1100 ms, no
fat suppression, flip angle = 12°, bandwidth — 130 Hz/pixel, number of averages — 1,
field of view = 256x256 mm, slice thickness = 0.8 mm (distance factor = 50 %), image
matrix size = 320x320x144, voxel size = 0.8x0.8x0.8 mm. Choices of high bandwidth
(41600 Hz) and frequency encoding in proximo-distal direction [102]| allowed minimizing

potential chemical shift artifacts. Imaging time equaled 6 minutes and 50 seconds.



92

[ a Undeformed state [ |

( |
I‘I | |
[ / |
| el
.’/,,- "-‘_\‘\7 - ’,,r bor
\ Trunk hip ) \\\
\\‘_ _,/ Upper leg N ‘ ‘
S i |
\ o* |
\ o /
\ | — )
‘ ankle angle constant at 90° ‘
[\ b k i\
[ E [
[ Deformed state s |
[ B [
L 5 [
| external load applied e | |
.)/" . - \\_ - ‘
\ Trunk hip / | A\
\‘_‘_ e Upper leg ) | |

! ™
| knee |
N L

Figure 6.1 Schematic of the leg and trunk within the MRI instrument. (a) Undeformed state. The
body is prone on a table (solid line) that is can be moved in and out of the bore of the MRI machine.
MRI compatible ankle-foot orthosis (see inset for a picture) was used to fix the ankle angle at 90°, in
such a way to leave a small space between posterior side of the lower leg and the ankle-foot orthosis
and also between anterior side of the lower leg and MR patient table to avoid exertion of other external
forces. The ankle-foot orthosis was secured onto the patient table using support material. The tips of
the toes were not allowed to contact the bore of the MRI machine in order to prevent the foot from
being loaded mechanically. (b) The deformed state. A rigid cylindrical indenter (diameter = 2.5 cm)
was pressed against the posterior lower leg as the whole body was kept in the same position as in
undeformed state.

6.2.1.4 EMG Assessment of Subject Relaxed State. In order to confirm the

subject’s relaxed state during the experiments, an EMG test was performed (n = 1).
Pre-amplified bi-polar surface EMG (Delsys, Trigno Wireless, Boston, MA, USA) was
used. Electrodes were located over mid muscle belly of m. gastrocnemius and m.
tibialis anterior. This showed that in the final isometric states, EMG activity was very
low for both muscles: root mean square values of full wave rectified low pass filtered
EMG data normalized for subject’s EMG during maximal voluntary contraction (MVC)

was less than 0.5 % of the respective MVC value.
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medial

Figure 6.2 Examples of MR images of the lower leg. (a) Mechanical loading. The lower leg was
loaded by pressing a cylindrical indenter (a box containing arrow in the image) against the posterior
leg. The cross-sectional image shows deformed contours of the calf region, but also deformation of other
regions can be seen. (b) Longitudinal image of the lower leg representing a sagittal slice illustrating
the locations of the group of cross-sectional slices (white solid rectangle) to be analyzed for strains. For
all subjects, the most proximal cross-sectional slice of the slice group was located at the upper third
of the imaged portion of the lower leg, a level corresponding to the mid-belly of m. gastrocnemius.
(c) An example of a cross-sectional image of the slice group with anatomical identification of muscles
or muscle groups and bones (tibia and fibula). Five anatomical regions of interest were distinguished:
m. gastrocnemius, m. soleus, deep flexor muscles, peroneal muscles and anterior crural muscles. The
dashed horizontal line indicates the location of sagittal image shown in (b).

6.2.2 Calculation of n vivo Strains and Volume Changes

A slice group consisting of 30 consecutive cross-sectional slices embracing the
region pressed by the indenter was selected manually for each subject (Fig. 6.2b): the
most proximal slice location was at the proximal third of the length of imaged portion

of the lower leg (corresponding to mid-m. gastrocnemius belly).
Within each slice analyzed, five anatomical regions representing m. gastrocne-
mius, m. soleus, deep flexor muscles, peroneal muscles and anterior crural muscles were

distinguished manually by outlining their boundaries (Fig. 6.2c).

Deformations caused by mechanical loading i.e., in wvivo strains and wvolume
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changes were calculated. In order to do that, MR images acquired in the deformed
and undeformed states were aligned. Demons algorithm [41] i.e., a nonrigid and non-
parametric image analysis technique was applied. Utilizing arrays of voxel grayscale
values, this algorithm relies on (i) gradients of images and (ii) differences between im-
ages i.e., i.e., differences between voxel grayscale values of consecutive voxels within
each image and corresponding voxels in deformed and undeformed images, respectively.
Image differences calculated iteratively are used to characterize displacement values for
each voxel. During each iteration, updated displacement fields are smoothed by a Gaus-
sian kernel for regularization of local displacements and global motion. Finally, after a
successful alignment of images obtained by minimizing image differences, information
on real deformation is available for each cubic shape comprised of four adjacent image

voxels.

Using displacement fields obtained, deformation gradient matrix F, characteriz-
ing voxel deformation, was calculated by using displacement gradient (Vu) in material

coordinates:

F=Vu+1 (6.1)

Green-Lagrange strain tensor E was calculated for each voxel in order to assess
deformations within the lower leg muscles present after changing the knee and hip

angles:

E= ; [FTF —1] (6.2)

For each anatomical region separately, the principal strains (means + SE) and
their orientations (i.e. angle between principal direction and the direction of mechanical
loading in anterior-posterior direction normal to m. gastrocnemius) were calculated.
First (E) and third (F3) principal strains are considered to represent maximal tissue
lengthening and shortening respectively. Second principal strains (Fy), characterizing

relatively smaller length changes, were not included in the analysis. Only the orienta-
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tion of maximal tissue lengthening is included in the analysis.

In addition, heterogeneity of deformation was analyzed within anatomical re-

gions distinguished.

For each voxel with undeformed and deformed volume represented by a® and

(a+ E1)(a + Ey)(a + Ej3) respectively, volume changes (AV) were calculated as:

AV = (a+ Ey)(a+ Ey)(a+ E3) — a (6.3)

The method was tested previously in section 5.2.6 against subject motion or

subject-repositioning.

6.2.3 Distinguishing n vivo Deformations from Artifacts Statistically

Principal strain distributions by definition deviate from normal distributions.
Therefore, for each anatomical region separately, nonparametric Wilcoxon rank sum
tests were performed to test for differences between (i) in vivo strains and strain arti-
facts, and (ii) magnitude of in vivo volume changes and volume artifacts. The level of

significance was chosen at p < 0.05.

6.3 Results

6.3.1 n vivo Strains and Volume Changes

After application of external load, mean peak tissue strains were significantly
higher than strain artifacts (Table 6.2). Experimental tissue volume changes were

significantly different from volume artifacts (Table 6.3).
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Table 6.2
Strain errors and principal strains in the deformed state due to mechanical loading

Mean + SE m. gastrocnemius m. soleus deep flexors peronei anterior crural

Strain errors (type A) (synthetic rigid body motion) (n=>5)

Strain error 0.009 0.011 0.012 0.024 0.016
(lengthening) + 0.001 + 0.002 + 0.002 + 0.004 + 0.002
Strain error -0.009 -0.011 -0.011 -0.020 -0.013
(shortening) £ 0.001 + 0.002 £+ 0.002 £ 0.003 £ 0.001

Local principal strains due to mechanical loading (n=>5)

First principal 0.220 0.143 0.081 0.040 0.050
strain (lengthening) + 0.049% £ 0.032* + 0.026% + 0.020* + 0.017*
Third principal -0.114 -0.124 -0.105 -0.116 -0.105
strain (shortening) + 0.015*  + 0.038* + 0.046* + 0.044* + 0.039*

* indicates significant differences with the strain error.

Fig. 6.3 shows a typical example of a comparison of grids mapped on the most
proximal slice of a sample in the undeformed state (left top) and in the deformed state
(right top) for subject A. Hardly any deformations are calculated for bony tissues. Sub-
stantial tissue deformations are seen within both heads of m. gastrocnemius. However,
despite an absence of any global length changes since they do not cross the knee joint,
deformation is seen in m. soleus and synergistic deep flexor muscles also, as well as in

antagonistic peroneal and anterior crural muscle groups.

Principal strains (mean £ SE) for each anatomical region are listed (Table 6.2).
Significant differences between experimental mean principal strains and error strains
indicate that deformation illustrated in Fig. 6.3 are common for all subjects and are
therefore typical. Experimental tissue volume changes are significantly different from

volume errors (Table 6.3) for all muscles.

Experimentally found results for local deformations are shown in Fig. 6.4. Inter-
quartile range (IQR) values indicate heterogeneity of local deformations. Details of

local deformation data are provided below:
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Table 6.3
Volume errors and tissue volume changes in the deformed state due to mechanical loading

Mean + SE m. gastrocnemius m. soleus deep flexors peronei anterior crural

Volume errors (type A) (synthetic rigid body motion) (n=5)
Volume error 0.0003 0.0006 0.0016 0.0034 0.0020
+ 0.0004 £ 0.0005 £ 0.0005 + 0.0014 £ 0.0019

Tissue volume changes due to mechanical loading (n=5)
Tissue 0.0853 0.0088 -0.0360 -0.0915 -0.0622
volume change + 0.0576* £ 0.0722* + 0.0576* £ 0.0437* + 0.0430*

* indicates significant differences with the volume error.

6.3.1.1 m. gastrocnemius. Local deformations are substantial (peak lengthen-

ing = 181.50 % and shortening = 33.20 %) and heterogeneous across subjects (IQR
values for £ = 0.230, and for E3 = 0.084). Maximal within subject IQR values equaled
0.376 (subject C) and 0.118 (subject E) for E; and Es, respectively.

6.3.1.2 m. soleus. Peak local lengthening = 185.27 % and shortening = 31.62 %

(i.e, approximately 102 % and 95 % of values calculated for m. gastrocnemius). IQR
values are for 7 = 0.115, and for E3 = 0.064. Maximal within subject IQR values
equaled 0.152 (subject C) and 0.081 (subject C) for E; and Ej, respectively.

6.3.1.3 Deep flexor muscles. Peak local lengthening — 25.67 % and shortening

= 33.72 % (i.e, approximately 14 % and 102 % of values calculated for m. gastrocne-
mius). IQR values are for E; = 0.044, and for E5 = 0.032. Maximal within subject IQR
values equaled 0.066 (subject A) and 0.041 (subject A) for Ey and Ej, respectively.

6.3.1.4 Anterior crural muscles. Peak local lengthening — 18.73 % and short-

ening = 37.13 % (i.e, approximately 10 % and 112 % of values calculated for m.
gastrocnemius). IQR values are for F; = 0.027, and for E5 = 0.071. Maximal within
subject IQR values equaled 0.042 (subject A) and 0.183 (subject E) for F; and Es,
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respectively.

6.3.1.5 Peroneal muscles. Peak local lengthening = 15.45 % and shortening =

34.40 % (i.e, approximately 9 % and 104 % of values calculated for m. gastrocnemius).
IQR values are for £} = 0.023, and for 3 = 0.074. Maximal within subject IQR values
equaled 0.037 (subject A) and 0.171 (subject D) for E) and Ej, respectively.

6.3.1.6 Strain-direction relation. For each subject separately, Fig. 6.5 and Fig.

6.6 show the relation between the size and orientation of lengthening and shortening,
respectively along the direction of mechanical loading (big scatter plots) regardless of
the muscle groups: High lengthening mostly occurs in small deviations from direction
of loading whereas smaller lengthening can occur in any direction. This relation can be
highly pronounced for subjects A, C, and E. Among subjects, the relation between the
size of shortening and direction varies more: For subjects A, B, and E high shortening
mostly occur in small deviations from direction of loading whereas for subject C there
is no clear relation and for subject D the relation is opposite. Small shortening can

occur in any direction.

6.3.1.7 Strain-distance relation. Distance was measured per voxel in muscles

as the radial distance between it and the closest voxel to the indentation in m. gas-
trocnemius. Voxels in tibia, fibula, and the skin are not included in these plots. The
lengthening values spread radially through calf muscles and even into deep flexors (see
insets in Fig. 6.5). Highest lengthening occurred in parts of calf muscles which are
closely in the neighborhood of the indenter. Local lengthening decreases gradually as
the distance to the indenter increases. This relation can be highly pronounced for
subjects A, C, and E. However, this relation is less clear for shortening (see insets in
Fig. 6.6): Shortening values spread radially as in lengthening for subjects A, B, and D

whereas for subject C the relation is opposite. There is no clear relation for subject E.
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In summary, mechanical loading will cause substantial local strains within (i)
gastrocnemius immediately within the treatment vicinity, (ii) synergistic, (iii) as well as
antagonistic muscles of gastrocnemius within the lower leg. Note that local lengthening
effects of such loading are profound in the directly targeted m. gastrocnemius and
drop at least by half at more distant locations, but remain sizable nevertheless. In
contrast, the reduction in the local shortening effect remains rather limited at larger
distances throughout the lower leg cross-section. Mechanical loading causes highly
heterogeneous length changes for the tissues closely in the neighborhood of the indenter
but length changes are less heterogeneous for the tissues more distant to the location
of the indenter. The inter-subject variability in local lengthening indicates that for

different subjects similar mechanical load causes different size of deformations.

6.4 Discussion

6.4.1 Intensity Based Non-Rigid Registration as a Tool to Quantify Tissue

Deformation Caused by Mechanical Loading

Our main goal was to quantify tissue deformations within human lower leg, in
vivo caused by mechanical loading. This loading simulates the ischemic compression
type manual therapy technique. Such techniques focus on changing the mechanical
properties of connective tissues -mainly fascia- by simply stretching or compression.
Previously the effects of such manual therapies have been investigated clinically by
palpation and statistical analyses of the patient responses [149, 150, 151]. Addition-
ally mathematical analyses were performed to quantify the effects of manual therapy:
(I) Viscoelastic behavior of stretched human fascia during the therapy was studied to
predict the stress for certain deformation [152]. (II) Three-dimensional mathematical
model was developed in order to relate applied mechanical forces and deformation of
fasciae during manual therapy [153]. (III) Mathematical analysis was performed in
order to determine the mechanical load over a specific duration to produce a deter-
mined amount of stretch in biceps muscles during manual therapy [154]. (IV) Animal

experiments were performed in order to show the effects of cross-fiber massage on knee
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ligament healing [155]. These clinical studies and mathematical models are useful in
order to show the effects of manual therapies clinically and theoretically. However they
are unable to provide in vivo data to show the effects of manual therapies. Ceelen et
al. [152] used MR Tagging in vivo to validate a finite element model in order to pre-
dict strains causing pressure ulcer. They applied mechanical loading using an indenter
as in the present study, however performed the analysis only on 2D images and the
strain resolution was lower than the present study because of high tagging grid line
spacing (3.3 mm). By analyzing high resolution 3D MR images, our method was used
successfully in previous studies to assess the effects of epimuscular myofascial force
transmission between m. gastrocnemius and (i) synergistic m. soleus [104] and (ii)
synergistic deep flexors and antagonistic peroneal and anterior crural muscles [133].
We therefore conclude that present method provides more detailed data compared to

other methods in order to show the effects of manual therapy techniques.

Note also that present approach allows quantification of volume changes in mus-
cle groups. Volume changes calculated presently were marginal for all muscle groups.
However, during mechanical loading, certain notable volume changes that may occur
within parts of the limb are physiological, as altered intramuscular pressure may cause
changes in arterial flow and venous expulsion [118, 119, 120|. Our present results show
that, after mechanical loading, effects were sizable, causing an increase in volumes of
m. gastrocnemius and its synergistic m. soleus, and a drop in volumes of deep flexors
and antagonistic peroneal and anterior crural muscles. This suggests that mechanical
loading imposed on m. gastrocnemius causes considerable blood expulsion from the
deep veins (peroneal vein, anterior tibial vein and posterior tibial vein). Therefore,
additional to effects on muscle mechanics, quantification of local tissue volume changes
may help improving our understanding of such hemodynamics in healthy subjects and

in patients with venous dysfunction.
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6.4.2 Effects of Manual Therapy in Cellular Level

Since the proliferation and activation of fibroblast is the key to healing process in
connective tissues [147]; studies have been made in order to explore the effect of mechan-
ical loading on fibroblast proliferation [156, 157]. Repetitive strain injuries resulting
from exercise or manual labor and myofascial release were modeled n wvitro by cul-
tured human fibroblasts [158]. The morphological alterations in post repetitive strain
were indicated in this model study. Additionally, it was shown that these injuries were
reversed when myofascial release were applied. Wang et al. [159] showed that cyclic
mechanical stretching of tendon fibroblasts increases the production of prostaglandin
E2 and cyclooxygenase. It is hypothesized that repetitive low magnitude of stretching

has anti-inflammatory effect whereas large one has pro-inflammatory effect [148].

It is necessary to know the relation between the size of mechanical loading and
its effects in order to enhance the results of manual therapy. The stress-strain curve of
connective tissues is divided into regions in order to indicate this relation [160]: In toe
region, despite strains are low, very little stress produces relatively large deformations
as the crimping is taken out of the fibrils. In linear region as the stress increases there is
no crimping left. Elastic deformation occurs within physiological limits. At the end of
this region, tissue cannot tolerate the stress anymore and microfailure starts internally:
In this primary failure region, individual collagen fibers and fiber bundles are broken
permanently (plastic deformation). It is followed by a cycle of tissue inflammation,
repair, and remodeling which is the desired outcome of manual therapies in order to
produce permanent elongation. If the load is increased further, all fibers are broken in
complete failure region. Note that applying the load causing only microfailure depends
on the expertise of the examiners. Therefore, quantification of the relation between
the load and the deformation is needed. Kureshi et al. [161] measured the intervals of
toe, linear and primary failure regions (13.28 %, 51.43 %, and 61.97 %, respectively)
of stress-strain curves from longitudinal and transverse samples of transversalis fascia.

This study can be used to match these regions and tissue parts, locally.

The present approach does allow quantifying the effects of mechanical loading
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simulating ischemic compression on tissues: Mechanical loading on m. gastrocnemius
causes high strains not only within m. gastrocnemius but also its synergistic m. soleus.
This deformation gradually decreases through deep flexors, peroneal muscles and an-
terior crural muscles. The direction of maximal lengthening values may depend on the
orientation of the fibers in muscular and nonmuscular tissues. Toyoda et al. [162| and
Buckley et al. [163] demonstrated that cells align to the direction of the tensile load

by reconstructing their cytoskeleton.

6.4.3 Effects of in vivo Myofascial Force Transmission in Human

In previous animal experiments [100, 15|, finite element models [98] and in vivo
human experiments [133] it is showed that epimuscular myofascial force transmission
(EMFT) occurs between synergistic as well as antagonistic muscles through perimysium
and epimysium, neurovascular tracts, compartmental boundaries and fascia [74, 97].
These nonmuscular tissues create continues connections among muscles which allow
EMFT. In the present study, deformations spreading through synergistic and antago-
nistics of target muscle (m. gastrocnemius) show that EMFT not only occurs during
regular human movement but also when manual therapy is applied externally. It is
also shown using finite element modeling that EMFT causes highly nonuniform mus-
cle tissue deformation [133, 20, 17]. This explains one of the present findings: the

heterogeneity of strains within muscles.

6.4.4 Limitations and Implications of the Present Study

The present method is useful to predict damage as performing ischemic com-
pression. It can be extended to assess the effects of other manual therapy methods.
However local strains should not be interpreted quantitatively as information regarding
individual muscle and connective tissue fibers lengths. The resolution obtained allows
the study of muscles or muscle groups instead of individual muscle and connective

tissue fibers.



103

The present method can only quantify the deformations within the tissues. For
each patient, knowing local mechanical properties of tissues would be beneficial in order
to predict the deformations before and hence to decide the magnitude of the applied
load. Magnetic resonance elastography (MRE) [143, 144] does allow the calculation of
local values of shear modulus within human muscles [145|. Recently MRE studies are
focused on quantifying the mechanical properties of myofascial taut bands in order to

assess the changes resulting from manual therapies [164, 165].

In the present study ischemic compression is simulated on healthy subjects. This
type of compression is mostly used on treatment of trigger points. As the projected
pain caused by trigger points within gastrocnemius is localized on it as opposed to
other muscles (e.g. neck muscles) [166], the present study can be extended to clinical
practice to study the relation between pain and mechanical response. In such further
study, pain assessment should be done before application by an algometer or a visual
analog scale. Those trigger points in calf muscles have clinical importance since (I)
they may mimic Achilles tendonitis [167|, (II) they are possible contributors to calf
cramps [166, 168, 169, 170], (I1I) Plantar fasciitis (also known as Plantar heel pain) is

mostly related to trigger points in the calf muscles and foot musculature [171, 172].

6.5 Conclusions

External mechanical load to simulate ischemic compression imposed on m. gas-
trocnemius causes sizable and quite heterogeneous local strains to occur, not only
within this muscle, but also within synergistic, as well as antagonistic muscles kept at
constant muscle-tendon complex length (global isometric condition). Moreover, similar

mechanical load can affect the subjects differently.
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Figure 6.3 A typical example of deformations calculated as caused by mechanical loading. Sub-
ject A: A cross-sectional slice acquired in the undeformed state. A regular grid (made up of lines
connecting voxel group centers) was imposed on the image at certain pixel intervals (4x6 pixels) for
better visualization (top left). The corresponding slice acquired in the deformed state. Using Demons
algorithm, displacement fields were calculated. Based on these displacement fields, the regular grid
was deformed and imposed on this image (top right). For other subjects (B-E), sample slices at the
same proximo-distal level of the center of the indenter were shown without indentation (left) and with
indentation (right).
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Figure 6.4 Effect of mechanical loading: Local lengthening and shortening effects (first and third
principal strain). Box & whisker plots: 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. Inter-quartile ranges (IQR i.e., absolute value of the
difference between upper and lower quartiles) were considered as a measure of strain heterogeneity
within each anatomical region. Data were represented per anatomical region of interest (muscle or
muscle group) and analyzed across all subjects.

See Fig. C.11 in Appendix C for detailed 3D reconstructions of MRI images showing

the deformations in connective tissues within the lower leg.
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Figure 6.5 Relation between local lengthening, its direction and location. For each subject (A-E),
regardless of the muscle groups each graph shows the relations (i) between the size and orientation of
lengthening along the direction of mechanical loading (big scatter plot) and (ii) between the size and
the distance to the indentation (small scatter plot inset). The angle between peak lengthening and

indentation direction is denoted (bottom right).
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Figure 6.6 Relation between local shortening, its direction and location. For each subject (A-E),
regardless of the muscle groups each graph shows the relations (i) between the size and orientation of
shortening along the direction of mechanical loading (big scatter plot) and (ii) between the size and
the distance to the indentation (small scatter plot inset). The angle between peak shortening and
indentation direction are denoted (bottom right).
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7. GENERAL DISCUSSION

7.1 Goals and Methods

7.1.1 Magnetic Resonance Imaging and Demons Registration

For centuries in vitro studies have been the only way to understand how human
body is structured and how it works. Recently it has become possible to create finite
element models for this purpose. These models are great tools to extrapolate the results
to the conditions which cannot be created in vitro. However, the only way to validate
these extrapolated results is to use in vivo measurement techniques. Another necessity
to in vivo techniques is about the reliability of measurements. In biomechanics, in vivo
intervention for measurements (e.g. putting sensors) affects neurovascular connections
and muscular activity which may change the results. Studying in vivo noninvasively

should be our main goal and it reduces the side effects of measurements significantly.

Developments in computing technologies and computers have been facilitated
the practical usage of advanced image processing algorithms on data obtained from
computerized tomography (CT) and nuclear magnetic resonance. These two in vivo
techniques could provide detailed volumetric images. In addition, specific MRI tech-
niques has been developed in such a manner that they can be used to quantify stiffness
and deformations within soft tissues directly: (i) magnetic resonance elastography
(MRE) [143, 144], (ii) tagged magnetic resonance imaging (TMRI) [35], (iii) phase
contrast MRI (PCMRI) [36, 37|, (iv) pulse field gradient based MRI methods (HARP
and DENSE) [39, 38|, and (v) strain encoding imaging (SENC) [40]. Moreover, diffu-
sion tensor imaging (DTT) techniques of MRI provide information on tissue structure

based on contrast caused by motion of water molecules [43].
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7.1.2 Goals of the Study

In this dissertation study high resolution anatomic MR image sets acquired in
two different postures and were used in non-rigid non parametric Demons registra-
tion algorithm in order to quantify local deformations within muscular tissues. Strain
tensors representing deformations were rotated to local fiber directions using diffusion
tensors in order to calculate lengthening and shortening in local fiber directions. This
combined technique was used to assess (i) the effects of hip and knee angle change
on m. gastrocnemius and other synergistic and antagonistic muscles kept isometric
within human lower leg and (ii) the effects of external mechanical loading represent-
ing ischemic compression technique. Findings were utilized the effects of epimuscular
myofascial force transmission (EMFT) in human muscle in vivo which were not shown

previously in the literature.

7.2 Relevance of the Study

7.2.1 Experimental Conditions

To assess EMFET the length of a muscle should be changed passively whereas
other muscles within the same limb are kept isometric. For this reason and because
of its simple anatomic structure, lower leg was chosen as our initial target. Narrow
bore of MRI scanner limits the movement as lower leg was fixed; only small change in
knee angle was possible. Therefore the effects of EMFT were not quantified for full
range of motion of m. gastrocnemius. If forearm muscles had been studied, subject
positioning would have been easier and more comfortable. In such experiment, elbow
and wrist could be fixed so that wrist flexors remain isometric whereas the lengths of
digit flexors could be changed in full range by clenching. Note however that forearm
muscles have more complex anatomy as compared with lower leg. Moreover given the
same image resolution since they are small in size; the proportion of the number of

voxels within muscle boundaries to the whole number of voxels within muscle would be
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higher than those of lower leg muscles. Therefore smoothing effect of Demons algorithm

may dominate and reduces the accuracy of calculations.

7.2.2 Demons Algorithm

As other non-rigid registration techniques Demons algorithm relies on a defor-
mation model utilizing image intensity and contrast. Because of this, if imaged tissues
do not have sufficient detail (e.g. as in skin or general fascia) displacements of voxels,
hence deformations could not be calculated. Note however details on image can be
increased by selecting small field of view and small voxels as acquiring MR image sets

but this reduces SNR.

In addition Gaussian smoothing as one of the main steps for regularization of
displacements reduces the effective image resolution of displacement data. We believe
its effect on adjacent voxels is reduced significantly within a few voxels at the muscle
boundaries and muscle volumes are large in human lower leg, so our technique provides

adequate resolution and minimal muscle smearing due to algorithm itself.

If periodic motion is provided passively or actively by subject, dynamic MRI
techniques (e.g. TMRI, SENC) can be used in future studies. Doing so, strain or de-
formations are encoded directly on tissues by changing their magnetization properties.
Compared to the present method these more direct methods are more convenient to
assess small tissues (e.g. fascia, tendons or small muscles as those of forearm) as they

do not rely on plain image intensities or smoothing.

The synthetic tests (in chapters 4, 5, 6) are only given that the employed Demons
algorithm based registration method could be utilized effectively for these muscle MR

datasets (i.e. there are adequate structure and contrast within muscle).

Since the focus of our research team in the future is most likely rely on direct

MRI measurement techniques we did not explore fully the limitations and artifacts
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of Demons algorithm beyond what was basically requested by the reviewers in these

corresponding publications.

If Demons algorithm is utilized further in future studies, detailed synthetic mo-
tion performance analysis need to be repeated more exclusively including Monte Carlo

tests with various noise levels, and multiple repositionings of the same subject.

7.2.3 Quantifying Mechanical Properties of Tissues Using MRE

Neither present method nor dynamic MRI techniques can provide tissue stress
or stiffness. MRE which relies on imaging the propagation of external shear waves
is used recently to quantify tissue stiffness [143, 144]. In further studies a combined
methodology could be employed to get all three relevant parameter sets: (i) tissue
stiffness, (ii) deformations, and (iii) local fiber directions using MRE, one of dynamic
MRI techniques, and DTI, respectively. This could be more beneficial to relate the

transmitted force and its effects on muscle fibers locally and more directly.

7.2.4 MRI Compatible EMG

In this dissertation, MRI compatible EMG device was not available to us when
acquiring most of our imaging data. A pilot EMG study outside of MRI scanner was
performed to assess the muscular activity status. Using an MRI compatible EMG de-
vice could give more accurate and real-time information about the underlying muscular

activity.

7.3 Implications of EMFT

This is the first study that shows the effects of EMFT in human lower leg in

vivo using peak length changes (principal strains) and length changes in local fiber
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directions. The results indicate that muscles are not fully isolated functioning units.
It changes the sarcomere length heterogeneity of other muscles within the same limb

and hence changes the force-length characteristics.

7.3.1 Proximo-distal Force Difference

In this dissertation the proximo-distal force difference was not shown. In fur-
ther studies, in addition to single proximal ROI studied, second ROI can be selected in
distal in order to assess the effects of proximo-distal force differences by comparing the
deformations between two ROIs. For this purpose instead of two ROIs muscle defor-
mations on tendons may give more accurate results. SENC could be more appropriate
to quantify strain in tendons rather than the present method since tendons do not have

enough details on MR image.

7.3.2 TImplications of EMFT in Other Limbs

The effects of EMFT may differ in other skeletal muscles of human body. Fore-
arm muscles are good candidates for further experiments because the similar experi-
mental scenario can be applied as stated in section 7.2.1. These muscles are smaller
than those in lower leg and they have more complex inter- and extramuscular con-
nections. Therefore EMFT is expected to be more pronounced. Demands on imaging

resolution and challenges due to low SNR should be investigated in detail.

7.3.3 Implications of EMFT in Muscle Treatments

The effects of EMFT may differ in unhealthy subjects: (I) It was shown that
EMFT affect the abnormality in spastic muscle mechanics in vitro [25, 27|. In order
to get local effects of EMFT on spastic muscles can be assessed in vivo using the

present method. (II) Similarly the effects of BTX-A administration on both injected
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spastic muscle and noninjected adjacent muscles were shown in vitro [28]. Note that
it was shown that BTX-A injection affects EMFT mechanism, as well. In addition to
local deformation analysis using the present method, the measurement of diffusion and
fractional anisotropy using DTI before and after the injection may indicate how and
where these effects become pronounced. (III) The outcome of tendon transfer surgeries
was studied in vivo using Cine-PC MRI |21, 22|. However these studies should be

assessed within the perspective of EMEFT.

7.4 Implications in Manual Therapies

In our preliminary manual therapy study (chapter 6) experimental procedure
may not ideally reflect the manual therapies applied by physiotherapists. In accordance
with clinical procedures a few points should be taken into consideration in further stud-
ies: (I) The format of the application of external loading (e.g. size, duration, period)
should be redesigned. (II) Back and neck parts of human body should be studied as
well since these parts are the main focus of manual therapy. (IIT) Experiments should
be made on unhealthy subjects as well as healthy subjects since the effects of manual
therapy may differ. (IV) Manual therapies mainly focus on connective tissues rather
than muscles. Therefore imaging method should be retuned to get more detailed data
from connective tissues. (V) The present method can be used to assess not only the
effects of external mechanical loading but also those of other manual therapies. Such as
in kinesiotaping once elastic therapeutic tape (i.e. elastic cotton strip with an acrylic
adhesive referred also as kinesio tape) is applied it creates a pulling force on the skin.
It is claimed that the application of kinesio tape aligns the fascia, facilitates joint mo-
tion, and increase blood flow and circulation of lymphatic fluids by lifting the skin
and increasing the space below [173]. Note that these effects are still unclear and they
should be assessed in vivo in further studies: (I) Alignment of fascia and changes in
the space below the skin can be quantified by the analysis of local deformations using
MRI in vivo. (II) The perfusion (i.e. increase in blood flow) can be analyzed using MR

perfusion imaging in vivo.
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APPENDIX A. DEFORMATION ANALYSIS AND STRAIN
CALCULATION

In this appendix the steps of Demons algorithm are described. Demons algo-
rithm relies on gradients of images and differences between images that are used in
Demons equation (A.1) to get displacement vectors per pixel or voxel. For simplicity,
the steps of deformation analysis is shown for 2D images. There is only two images:

imagel and image 2 (Fig. A.1).

A.1 Difference Image

Each square represents a pixel and has value between 0 and 255 (i.e., grayscale)
in image 1 and image 2 (Fig. A.1). 0 and 255 refer to black and white, respectively.
Any value in this range is a tone of gray. The difference image is the difference of each
corresponding pixel values in image 1 and image 2. (e.g., the value of the pixel "a" in
difference image = the value of "a" in image 1 - the value of "a" in image 2 = 180-110
= 70, the value of the pixel "e" in difference image = the value of "e" in image 1 - the
value of "e" in image 2= 130-105 = 25, etc.). These values are normalized in the figure

of "difference image" to show the differences in values.

Note the dissimilarity in calculation of gradient images and difference image:
(i) gradients of an image are calculated by the differences of the neighboring pixels
within an image whereas, (ii) the difference image is calculated by the difference in

corresponding pixels in image 1 and image 2.
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Figure A.1 Difference Image. Each corresponding pixels in image 1 and image 2 are subtracted.

A.2 Gradients of Image

Gradients of image 1 are shown in Fig. A.2. The difference between neigh-
boring pixel values in x-direction is calculated to obtain the gradient of the image in
x-direction. (e.g., the gradient value of the pixel "a" = the value of "b" - the value of
"a" = 95-180 = -85, the gradient value of the pixel "d" = the value of "e" - the value
of "d" = 130-155 = -25, etc. ). The difference between neighboring pixel values in
y-direction is calculated to get gradient of the image in y-direction (e.g., the gradient
value of the pixel "a" = the value of "d" - the value of "a" = 155-180 = -25, the
gradient value of the pixel "b" — the value of "e" - the value of "b" — 130-95 — 35,

etc.). Gradients of image 2 are calculated, as well.

A.3 Demons Algorithm Formulation

The formulation of the Demon’s algorithm is below. Note that the gradients and
difference image are used to calculate displacement (u) of each pixel at each iteration.
"u" can be considered also as a measure of dissimilarities between image 1 and image
2. In each iteration, it is tried to decrease the dissimilarity and "total displacement of

each pixel" is updated by "u".
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Figure A.2 Gradients of Image. For image 1 neighboring pixel values are subtracted in x- and y-
directions to obtain the gradient images in x- and y- directions, respectively.

Keep in mind that after each iteration, image 1 is constructed again according
to the displacement values and then new "u" is calculated accordingly. After the
total difference between images becomes smaller than a threshold value prescribed,
the algorithm stops, and the last updated value of total displacement gives us the

displacement value of each pixel.

y Vs . Vm
’ﬁs‘2+a2 (m — s)? ‘ﬁm‘Q—i—a? (s —m)®

U= (m—2s)

For each pixel:

u: displacement vector containing displacements in x- and y- direction

m: value of the pixel in image 1

s: value of the pixel in image 2

Vs: gradient value of the pixel in image 2

Vm: gradient value of the pixel in image 1
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e «: positive weighting factor to avoid instabilities in the algorithm for small image

gradient values

For pixel "a": (m-s) = 70, Vsz=5, Vsy=-10, Vma=-15, Vmy=-5. If we take
a=1, then displacement in x- direction will be -0.40 and displacement in y- direction

will be -0.71 for the first iteration.

A.4 Regularization of Displacement Values

Fig A.3. denotes how displacement values are smoothed (i.e. regularized). The
displacement values (u) in y direction for a small part (5x5 pixel) of the image is shown
in the figure (left). Displacement fields are regularized in each iteration (i) to handle
large motions well and (ii) to decrease oscillations in local displacement values to make
sure that displacements are consistent with viscoelastic behavior of the tissues (i.e. to

preserve the geometric continuity of the tissues).

Weights of the Gaussian kernel (size=5, standard deviation=2) are calculated

(middle) for smoothing by the formula:

1 - 2 + y?
27w o2 202

G(z,y) = (A.2)

Resulting smoothed displacement field for all pixels in y direction by Gaussian
kernel is shown in the figure (right). The color values are normalized in the figures to

show the differences in values. The calculations for smoothed value of pixel "a":

e The original value of the displacement of pixel "a" = 0.111.
e In 5x5 window (i.e. the light green rectangle), whole pixels will be used:

e Smoothed value of "a" = -0.156x0.023 - 0.091x0.034 + ... + 0.068x0.023 = 0.025.
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Note that when calculating smoothed value of another pixel (Say, "b"), Gaussian
weights will be same for the same Gaussian kernel, but the pixels used will be within
the dark green rectangle (not the light one).

2: normalized gaussian wieghts
(G/max(G)) for each pixel

1: displacements in y direction 3: smoothed displacements

0.023 0.034 0.038 0.034 0.023

0034 0.049 0.056 0.049 0.034

0038 0.056 0.063| 0.0 0.038 D

1 0034 0048 0.056| 0.040 0.034

0.111 0123

0.023 0.034 0,038 0.034 0.023

Figure A.3 Regularization of Displacement Values

Regularized displacement values are shown in Fig. A.4. The displacement values

(u) for a small part (5x5 pixel) of the image is shown in the figure.

e (1) raw displacement field in x direction

(2) smoothed displacement field in x direction

e (3) raw displacement field in y direction

(4) smoothed displacement field in y direction

These values are normalized in the figures to show the differences in values. Pixel
values show how Gaussian smoothing (size—60, standard deviation—10) regularizes

the displacements at each iteration.
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Figure A.4 Regularization of Displacement Values

A.5 Obtaining the Deformation Gradient Matrix

Example of the calculation of one strain value between neighboring pixels is given
in Fig. A.5. Consider that the red circles (A,B,C,D) are centers of the 4 neighboring
pixels and the big blue circle is the center of the square (ABCD) in image 1 (left). In
image 2 (right), the square (ABCD) is deformed according to the displacements of the
four points (i.e. A,B,C,D). Note that these displacement values were those calculated

by Demons algorithm.

1.2 and 0.5 are the new lengths in x and y axes, respectively. 0.3 and 0.4 are

the shear values. Using these four values we can set "deformation gradient matrix":

1.2 04
0.3 0.5
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Figure A.5 Obtaining the Deformation Gradient Matrix

A.6 Calculation of the Strain Tensor

The relation between deformation gradient matrix (f) and the strain matrix (e)

is described with this equation:

e =

(f7f-1) (A.3)

DN | —

I is identity matrix:

10
01

Using this formula, strain matrix is calculated:

0.27 0.32
0.32 —0.30



121

The diagonal elements (i.e. 0.27 and -0.30) are normal strains and 0.28 is the
shear strain. If we calculate the diagonal matrix (d) of the eigenvalues of the strain ma-
trix, the shear elements vanish and the remaining principal strains give the maximum

lengthening and shortening, respectively: 0.41 and -0.44.

—0.44 0.00
0.00 041

These maximum lengthening and shortening are represented by purple dashed

lines perpendicular to each other (Fig. A.6).

Note that the strain between neighboring pixels are calculated. Both image 1
and image 2 have 256 pixel width and 256 pixel height. Thus, we have 255x255 strain

values. In our actual 3D case, we calculate the strains between neighboring voxels.

Figure A.6 Calculation of the Strain Tensor
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A.7 Volume Change

Vo = Initial volume = a?

V = Final volume = a®(e1; + 1) (€22 + 1)(€33 + 1)

Shear does not affect the volume. AV = Volume change = V — Vj = €11 + €99 +

€33 + €11€22 + €11€33 + €22€33 + €11€22€33)

a a(z33t+1)

(g2211)

a(z1;11)

Vo = Initial volume =a’ WV =Final volume = a’(g;;+1)(e2+1)(g35+1)

Figure A.7 Calculation of the Volume Change
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APPENDIX B. ROTATION OF STRAIN INTO LOCAL
FIBER DIRECTIONS

Anatomical Turbo Flash and DTI sequences are acquired consecutively in both
undeformed and deformed states with the help of the same localizer. Therefore their
dicom images have the same coordinate system. Their acquisition times are short and

the leg is fixed carefully.

A dicom file contains a header part which provides various parameters about
the image and the acquisition. Some of these parameters help to relate 2D dicom image
coordinates with 3D patient coordinates (i.e. physical coordinate system). The origin

of the patient coordinates is arbitrary but fixed.

B.1 Dicom Parameters

Fig. B.1 denotes the meaning of dicom parameters used. These parameters are:

e IPP: ImagePositionPatient; patient coordinates of the first pixel in mm

e [OP: ImageOrientationPatient; consisting of two direction cosines indicating ori-

entation of image plane with respect to patient coordinate
e PS: PixelSpacing; height and width of the pixels in mm

e ST: SliceThickness

B.2 Transformation between image and patient coordinates

These parameters are related to voxel orientation and location with respect to

patient coordinates as shown in Fig. B.2.
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Figure B.1 Dicom Parameters

L: Left

P: Posterior

H:Head (Superior)

R: Patient coordinates of any pixel.

R =IPP + 4 x IOP(1:3) x PS(2) + 2 x IOP(4:6) x PS(1)

Patient coordinates

Figure B.2 Transformation between image and patient coordinates

In order to calculate the transformation matrix between image and patient co-

ordinates, translation matrix of the first voxel (T7pp) related to IPP, rotation matrix
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(R) related to IOP, scaling matrix (S) related to PS and ST, and shifting matrix (7p)

to make top left voxel center at (0,0,0) are calculated.

B.2.1 Translation Matrix T;pp

[ 1 0 0 wppy ]
0 1 0 ipps
T[pp = (Bl)
0 0 1 :pps
000 1 |

where ipp1, ipps, and ipps are the elements of IPP array.

B.2.2 Rotation Matrix (R)

Slice direction cosine (§) is the cross-product of row (7) and col (¢) direction

cosines that are obtained from IOP.

?=10P(1:3) (B.2)
¢=1IOP(4: 6) (B.3)
§=rxe¢ (B.A4)
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(B.5)

~

where r1, 79, and 73 are the elements of 7, ¢, o, and ¢z are the elements of (¢), and

~

S1, So, and sz are the elements of (s).

B.2.3 Scaling Matrix (S)

where ps; and pss are the elements of PS, and st equals to ST.

B.2.4 Shifting matrix (7p)

Shifting matrix is to make top left voxel center at (0,0,0).

psy 0
0 ps;
0 0
0 0

o o O

o O = O

(R = )

st

= o O O

_ o O O

(B.6)

(B.7)
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B.2.5 Transformation matrix (M)

M:TIPPXRXSXTO (Bg)

Image points ((z1,y1, 21), (1, ¥1, 21), ...) are mapped to patient points ((l1, p1, h1), (l1, p1, h1), -..)

using M.
| ll lz ] | 1 T2 ]
b p2 - yy Y1 Yo (B.9)
hl hg 21~
I 1 1 | I 1 1 |

Transformation matrix from TurboFlash to DTT image coordinate system is the
product of transformation matrices from (i) TurboFlash image coordinates to patient

coordinates and (ii) patient coordinates to DTI coordinates.
M = My Mrr (B.10)

where MpT1 and M7 F are transformation matrices from DTT and TurboFlash image

coordinate systems, respectively to common patient coordinate system.
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Figure B.3 Transformation between TurboFlash and DTI image coordinates
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APPENDIX C. 3D RECONSTRUCTIONS OF
MYOFASCIAL PATHWAYS AND MUSCLES

3D reconstructions were generated from 3D high resolution MR images using
semi-automatic 3D analysis software Amira (FEI Visualization Sciences Group, Bor-
deaux, France). Myofascial pathways (e.g. neurovascular tracts, crural fascia, trans-
verse intermuscular septum etc.) as well as muscular compartments and bones (tibia

and fibula) were identified.

In figures 6-10 connective tissues were shown in different views.
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Figure C.1 Reconstruction of bones, m. gastrocnemius, and connective tissues in anterior crural
compartment. Tibia, fibula, medial gastrocnemius, and lateral gastrocnemius were shown. Blue
fibers penetrating through anterior crural compartment were delimited by orange lines. These fibers

indicate crural fascia, epimysium of muscles, intramuscular connective tissue, and neurovascular tracts
branching through.
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Figure C.2 Sagittal view of bones and connective tissues. Deep flexor muscles in deep posterior com-
partment, m. soleus, and m. gastrocnemius were delimited by red, green, and blue lines, respectively.
Continuous 3D structures formed by neurovascular tracts and other intra-, inter-, and extramuscular
connective tissues were denoted with yellow fibers.
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Figure C.3 Reconstruction of fibula and neurovascular tracts in deep posterior compartment through
all slices. These neurovascular tracts include (i) posterior tibial artery, vein, and tibial nerve, and (ii)
peroneal artery and vein.
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Figure C.4 Detailed identification of compartmental boundaries and neurovascular tracts. Orange
lines delimit compartmental boundaries. White arrows denote neurovascular tracts including: (i)
anterior tibial artery and vein, (ii) posterior tibial artery, vein, and nerve, (iii) peroneal artery and
vein. Aponeurosis of tibialis posterior and posterior aponeurosis of m. soleus was shown.
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Figure C.5 Sample branching of a neurovascular tract. The neurovascular tracts surrounding pos-
terior artery, vein, and nerve branch to peroneal artery and vein. These branches form a continuous
connection between deep posterior and peroneal compartments.
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Figure C.6 Reconstruction of connective tissues. Blue fibers denote the connective tissues. White
lines delimit the parts of crural fascia in medial and lateral peripherals.
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Figure C.7 Reconstruction of connective tissues. Blue fibers denote the connective tissues. White
lines delimit the parts of crural fascia in medial and lateral peripherals.
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Figure C.8 Reconstruction of connective tissues. Blue fibers denote the connective tissues mostly
in m. soleus and deep posterior compartment.

anterior
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Figure C.9 Reconstruction of connective tissues. Blue fibers denote the connective tissues mostly
in m. soleus and deep posterior compartment. White line delimits the posterior aponeurosis of m.
soleus.
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Figure C.10 Reconstruction of connective tissues. Blue fibers denote the connective tissues mostly
in deep posterior compartment. White lines delimit the anterior part of crural fascia and the posterior
aponeurosis of m. soleus.
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Figure C.11 Reconstruction of connective tissues as mechanical loading was applied. a) Green fibers
denote the continuous structures of connective tissues in deep and superficial posterior compartments
containing deep flexors, m. soleus, and m. gastrocnemius. Yellow lines show how external mechanical
loading deforms connective tissues. b) The direction of external mechanical loading was shown on
transverse slice.
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