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Summary

COMPUTATIONAL ANALYSIS OF CELL ORIENTATION IN RESPONSE
TO MECHANICAL STIMULI; IMPLICATIONS FOR MYOCARDIAL RE-
PAIR STRATEGIES

Myocardial infarction is one of the most common causes of death in the developed
world. The oxygen supply to part of the heart is interrupted, causing local but mas-
sive death of cardiomyocytes. Because the natural regenerative capacity of the human
heart is limited, a noncontractile scar tissue is formed after a myocardial infarction.
This reduces heart function and, on the long term, may lead to detrimental remodeling
and eventually heart failure. In an effort to enhance regeneration, stem cell therapy
has been investigated to treat patients suffering from a myocardial infarction, albeit
with limited success. Only a small fraction of delivered cells are retained in the my-
ocardium and robust differentiation into cardiomyocytes has not been observed. It is
hypothesized that embedding stem cells in a biomaterial to form small tissue-like con-
structs that can be injected into the myocardium (microtissues) will improve cell re-
tention. The biomaterial allows enhanced control over the local cellular environment,
which in view of the mechanosensitivity of the cells is expected to lead to increased
control over cellular behavior. Next to a variety of biological requirements, functional
integration of these cells with the myocardium also requires proper alignment of the
cells. The goal of the present thesis was to develop a theoretical framework and com-
putational model to analyze and predict cellular orientation in response to mechanical
cues in the light of cardiac regeneration using microtissues.

As a first step towards this goal, it was investigated to what extent the local cellu-
lar mechanical environment in a microtissue can be controlled (Chapter 2). The local
mechanical environment of the cell is determined in part by the mechanical proper-
ties of the microtissue (e.g. microtissue stiffness) which can be sensed by the cells,
and also by the macroscale mechanical environment including the cyclic deforma-
tion of the heart, which will lead to deformation of a microtissue embedded in the
heart. The influence of microtissue stiffness on microtissue strain was assessed using
a computational model representing a spherical microtissue embedded in a deform-
ing environment. When the stiffness of the microtissue was reduced, the strain in the
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microtissue increased, showing that some control over microtissue deformation is pos-
sible via microtissue stiffness. However, the maximal average strain obtained in the
microtissue was only 21/2 times the deformation applied to the environment, while the
stiffness of the microtissue was reduced with a factor of one hundred compared to the
environmental stiffness. Thus, control over the strain in the microtissue via stiffness
changes is only possible within a limited range. Furthermore, strain varied with the
location within the microtissue. This effect was strongly influenced by on the contact
definition between microtissue and environment and was smallest when microtissue
and environment were fixed to each other. This heterogeneity further limits the range
within which microtissue strain can be controlled. The results described in this chapter
can be used to estimate which levels of strain are reasonable for application during in
vitro experiments. Furthermore, the results indicate it is beneficial to fix microtissues
to their environment when attempting to control the strain in a microtissue.

In Chapter 3, focus was shifted to the cell scale and cellular orientation. Many
adhering cells have internal fibers, mainly directed along the longest axis of the cell.
Cells can apply stress to their environment via these stress fibers, that have a molecular
motor unit similar to muscle fibers. A computational model was developed to describe
the synthesis and degradation of stress fibers. In the model, stress fibers could develop
in a number of equally spaced directions. The stress in stress fibers in each direction
was based on Hill’s model. Stress was maximal if strain and shortening rate were
zero, and reduced with absolute strain and with shortening rate. High stress in stress
fibers in a direction led to an increased stress fiber production in this direction. With
this model, stress fibers preferably developed perpendicular to directions undergoing
cyclic strain, in the stiffest direction on an anisotropic surface, and in constrained
direction when other directions were free, even when this constrained direction was
cyclically strained. All these phenomena correspond to observations in in vitro model
systems. These results show that the developed model is promising as a tool to analyze
and predict cellular orientation in response to mechanical cues.

As a next step (Chapter 4), the model was applied to 3D small scale tissues. These
tissues were constrained either uniaxially or biaxially so cells inside both types of
tissues would sense a different mechanical environment. Furthermore, because of the
specific method used to constrain the tissues, the local mechanical environment within
each tissue was expected to be heterogeneous. Therefore, the model could be rigor-
ously validated by simulating these experiments and quantitatively comparing simu-
lated to experimental stress fiber orientations in every region of the tissues. In both
experiment and simulation stress fibers mainly developed in directions with a high
resistance to deformation. In the center of biaxially constrained tissues, resistance
was high in all directions and a random orientation was observed. On the other hand,
for uniaxially constrained tissues and near the tissue edges, resistance to deformation
perpendicular to the free edge or constraint was reduced. This led to a preferred align-
ment in constrained direction and parallel to the edge. In general, a good quantitative
agreement between experimental and simulated stress fiber distributions was obtained.

In Chapter 5 the developed computational model was applied to the heart. In tis-
sues like myocardium, cells and collagen fibers are commonly aligned in the same
direction. By comparing the cell orientation predicted by the model to an experimen-
tally observed collagen orientation, it is possible to study whether this co-alignment is
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driven by the cells. A stress fiber orientation was predicted based on the local deforma-
tion in an infarcted heart, estimated with an existing model of the left ventricle. This
was compared to experimentally observed collagen orientations described in literature
for infarcts at different locations (apex and mid-ventricle) and of different shapes. For
the apical infarct the predicted stress fiber orientation was random. This corresponded
to the experimentally observed collagen orientation. However, for mid-ventricular
infarcts with different shapes the model predicted a preference for the longitudinal
direction, while a circumferential collagen orientation was observed experimentally.
This indicates that, assuming cellular deformation is similar to the macroscale defor-
mation of the infarcted tissue, the collagen orientation observed experimentally is not
due to collagen co-aligning with a mechanics-based cell orientation. These results
show that the developed cell model cannot directly be applied to the infarcted heart in
its current state and points towards the local structure (e.g. the local collagen orien-
tation) as important aspect of the cellular environment. Including the local structure
and contact guidance into the model is an interesting direction for future research.

Altogether this thesis shows that computational modeling can provide a signifi-
cant contribution to the understanding and prediction of cellular orientation behavior,
which is important for myocardial repair strategies such as the injection of microtis-
sues.
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General introduction
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Chapter 1

Fig. 1.1: The heart (modified from [1])

1.1 The heart

The heart (Fig. 1.1) is one of the vital organs of the human body. It pumps blood
around the body, to allow oxygen and nutrient delivery as well as waste removal, by
cyclically contracting. The contraction phase of the cardiac cycle is called systole,
while the relaxation phase is termed diastole. The heart is divided in a left part, pump-
ing oxygen-rich blood throughout the body, and a right part, which pumps oxygen-
poor blood to the lungs. Each part consists of an atrium that is located above a ven-
tricle. The atria receive blood from the circulation and pump it to the ventricles. This
requires minimal contraction and, as a rule, the atria contribute little to the propul-
sive pumping activity of the heart. The ventricles discharge blood from the heart into
the circulation. Valves between atria and ventricles and between ventricles and con-
necting large arteries ensure blood flows in only one direction. Ventricular function
requires more contractile force than atrial function, which is reflected in the more mas-
sive wall size of the ventricles compared to the atria. Also, left ventricular wall mass
is larger than right ventricular wall mass as the left ventricle pumps against the large
resistance of the entire circulatory system. The heart wall consists of three layers:
the endocardium on the inside of the heart, the epicardium on the outside of the heart,
and the myocardium in between. [88] The myocardium consists of heart muscle cells or
cardiomyocytes, non-muscle cells, and connective tissue called the extracellular ma-
trix (ECM) [89]. Cardiomyocytes take up the bulk myocardial volume (∼75% [95]), and
provide the force that contracts the heart to propel blood [110]. The cardiac fibroblast,
a type of non-muscle cell, is the most numerous cell type and produces, regulates and
remodels the ECM [110]. An important component of the ECM is collagen, as it is the
major stress-bearing protein [110]. The building blocks of cardiac tissue are assembled
into a specific three-dimensional structure, which includes a layer-wise alignment of
cardiac myocytes [23]. This (fiber) structure is essential for proper pumping of the heart
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General introduction

and is hypothesized to be mechanically optimal [122], minimizing the energy required
to pump blood.

1.2 Myocardial infarction

The heart supplies itself with blood via coronary arteries [88]. The oxygen supply
to a part of the myocardium may be interrupted, for example due to a blood clot
(thrombus) blocking a coronary artery that already has a reduced diameter due to
atherosclerosis [141]. Unless this situation is resolved within 30 minutes [13], the re-
stricted blood supply (ischemia) causes local cardiomyocyte cell death [136]. The left
ventricle (LV) is most susceptible to irreversible ischemic damage [49] and LV myocar-
dial infarction (MI) receives most attention. In the acute phase after MI, patient death
may occur due to electrical dysfunction such as ventricular fibrillation (often before
a hospital is reached [147,164]), cardiogenic shock (the most common cause of death
in patients hospitalized with acute MI [138,151]) or structural disorders including free
wall rupture (most common death cause after cardiogenic shock [151]) [11]. Fortunately,
acute MI-related mortality is reduced over the last decades [11,139] due to drugs to re-
duce thrombus formation and abnormal heart rhythms [10], as well as catheter-based
reperfusion [139] and stenting [11]. Because of this, an increased number of patients
have healing or healed infarcts [10,59]. As the natural capacity to regenerate human
heart muscle tissue is limited, non-contracting scar tissue is formed after an MI [73].

The healing process in an infarcted heart shares many characteristics with healing
in e.g. skin and follows several phases. The first 12–16 hours after MI correspond to
the cardiomyocyte death phase. This is followed by a second, inflammatory, phase,
lasting until two or three days after infarction. Degradation of ECM components
starts during these initial phases. During a third phase, granulation tissue is formed
containing new ECM proteins including collagen produced by myofibroblasts. Dur-
ing the final phase of infarct healing, myofibroblasts in the infarct undergo apoptosis,
though some myofibroblasts remain present in the scar [10]. Cross-linking of the de-
posited collagen becomes important [10,59]. Infarct scar tissue often continues to dy-
namically remodel, without reaching a stable final configuration [59,133]. LV function
may improve during the process of infarct healing [59]. However, eventually detri-
mental remodeling of the infarcted heart occurs [43,65,68] in approximately 20% of the
patients [46,63], especially in those with large MI’s [43,109]. In the case of detrimental
remodeling, cardiomyocyte loss leads to progressive left ventricular dilation [25], pos-
sibly because infarct expansion leads to ventricular dilation [25] and causes increased
wall stress, resulting in more ventricular dilation [109] of the non-infarcted tissue [25] in
a vicious cycle [65,109]. Though initially patients may be asymptomatic due to com-
pensatory mechanisms, on the long term symptoms of heart failure may occur, with a
striking increase in patient mortality [87,113]. It is thus important to develop new ther-
apies that prevent the development of heart failure, especially after large or recurrent
MI’s [43]. In these therapies, left ventricular maladaptive remodeling is a target for
treatment [94].
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Chapter 1

1.3 Cell based strategies to prevent heart failure afterMI

Most therapies for MI, such as drug therapies and circulatory assist devices, can im-
prove life expectancy [148] and may attenuate adverse remodeling [94], but cardiac func-
tion is not restored [148]. An interesting treatment approach to myocardial infarction
is cell therapy, involving the transplantation of cells to the infarcted region [148]. This
technique aims at restoration of cardiac function [148], thus breaking the vicious cy-
cle leading to heart failure. Different cell types (e.g. bone marrow derived cells,
skeletal myoblasts, mesenchymal stem cells and cardio-derived progenitor/stem cells)
as well as delivery methods (intravenously, intracoronary, or direct injection into the
myocardium [25]) have been investigated for cardiac cell therapy [134]. However, the
optimal cell type and delivery route, as well as cell quantity and timing of delivery are
still uncertain [123]. Though cell therapy was shown to be beneficial in some animal
studies, in clinical trials only modest or negligible improvement of heart function is
demonstrated [43]. The number of differentiated transplanted cells in most experimen-
tal studies is too small to account for the observed cardiac function improvements.
This indicates the mechanism leading to functional improvement may not be directly
related to cardiac regeneration by transplanted cells, but to paracrine effects [86], and
the mechanisms by which various cell therapy approaches influence cardiac func-
tion require further research [80]. A main limitation of current cardiac cell therapy
approaches is a low cell retention and survival after delivery [21,86]. Retention is gen-
erally below 10% and approximately 90% of the cells that are retained die within the
first week [86]. Increasing cell retention and survival is expected to improve the long-
term efficacy of cell therapy, and several strategies to achieve this have been proposed,
including physical approaches to retain cells, often using biomaterials [86].

1.4 Strategies combining cells with biomaterials to prevent heart failure after
MI

One possible use of biomaterials is to create cardiac patches [112], for example by
seeding cells on a pre-formed scaffold [25,112]. An improvement of cardiac function
with this technique is shown in small animals [112]. However, major drawbacks of this
method [113] are the inability to create thick patches due to diffusion limitations [112],
limitation of the delivery region to the epicardial surface, and the invasive procedure
that is required to deliver cardiac patches [112]. The last two drawbacks are avoided if
an injectable material is used. Cells embedded in such a material can then be directly
injected into the heart [65,112], using an in situ tissue engineering approach [25]. Injec-
tion of a biomaterial along with cells can improve cell retention and viability [112].
Also, the biomaterial itself may help preserve cardiac function after a myocardial
infarction [112], by supporting passive cardiac function [45] and attenuating LV remod-
eling [146]. Therefore, approaches incorporating only a biomaterial and no cells have
been proposed [65]. However, the active mechanical function of the heart can only be
restored if the number of contractile cells in the infarcted heart is increased, either
via exogenous or via endogenous cells [45]. Exogenous cells must be delivered to the
heart. If a non-contractile cell type, such as stem cells, is used, the cells must also
be stimulated to differentiate into cardiomyocytes. Endogenous cells must be stim-
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Infarcted heart.

Representation of the microtissue.

Dead heart tissue is replaced by the microtissue.

Microtissues are injected 
in the dead part of the 
heart via a catheter.

necrotic area 
of the heart

catheter

Fig. 1.2: The SMARTCARE project. Cells are surrounded by a biomaterial to form miniature
tissues that engraft into the myocardium. Biochemical factors may be incorporated to stimulate
beneficial cellular behavior. Biomaterial properties may be tuned to provide optimal mechanical
support to both cells and the macroscopic cardiac environment. The small size allow non-
invasive delivery to the infarcted myocardium via a catheter. c©BMM/Rogier Trompert Medical
Art, adapted

ulated to migrate, proliferate and differentiate. Attracting cells may be possible by
delivering a biomaterial scaffold to the infarcted heart that stimulates cellular infiltra-
tion [65], possibly by incorporating biochemical agents such as growth factors that are
released in a temporally controlled manner [113]. Combining these effects, an optimal
approach to cardiac regeneration could involve cells embedded in small (∼100 µm)
tissue-like biomaterial constructs (microtissues) also including biochemical factors.
Cells may provide active contraction and beneficial paracrine effects. The biomaterial
and biochemical factors may increase cell retention and may possibly attract endoge-
neous cells besides providing a suitable local cellular environment for cell survival,
differentiation and engraftment. The mechanical properties of the biomaterial may
improve passive cardiac mechanics and limit negative remodeling, and the microtis-
sue form allows non-invasive delivery via a catheter. Such a combinatory approach
is investigated in the BMM (BioMedical Material) program SMARTCARE (SMART
microtissues for CArdiac Regeneration), of which the work presented in this thesis
forms a part (Fig. 1.2).
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Chapter 1

1.5 The local cellular environment

One of the main advantages of incorporating cells in microtissues compared to di-
rectly injecting them, is that microtissues allow increased control over the local envi-
ronment experienced by the cells. This is advantageous because cells are known to
react in response to their environment — cells can respond to chemical and physical
stimuli by e.g. migrating [82], differentiating [30] or even undergoing apoptosis [35,74].
Control of the cellular environment may thus allow control of cellular behavior. With
standard cell therapy, cells are in direct contact with the myocardium, which is pre-
defined, so control over the local cellular environment is limited. If the cells are part
of a microtissue, they interact with their local environment within the microtissue,
while the microtissue interacts with the myocardium on a larger scale. The local cel-
lular environment can thus be influenced via microtissue properties, but the properties
of the myocardium will also play a role (Fig. 1.2). This holds for both biochemical
and mechanical aspects of the micro-environment. The chemical micro-environment
experienced by cells in a microtissue may be influenced by incorporating biochem-
ical agents in the microtissue. This is not discussed in detail here, as the focus of
this thesis is on mechanical rather than chemical aspects of the cellular environment.
The mechanical micro-environment may be influenced via the mechanical properties
of the biomaterial incorporated in the microtissue. In this case, besides microtissue
mechanical properties, cardiac deformation will play a role in determining the mi-
cromechanical environment inside a microtissue. To understand the behavior of cells
delivered to the heart in microtissues, it is thus essential to understand the mechani-
cal interaction between the infarcted myocardium on the macro scale, the microtissue
on the meso scale and the cells on the micro scale. Furthermore, it is necessary to
understand how cells respond to mechanical stimuli.

1.6 Cellular mechanosensing and the cytoskeleton

The local cellular mechanical environment includes active inputs, such as an applied
stress or strain, and passive inputs, such as stiffness [115]. Both types of input can in-
fluence cellular behavior. Examples of responses to passive inputs include reduced
cell spreading on soft substrates [106], and preferred migration [48,84,119] and orienta-
tion [48,119] in stiffest direction on anisotropic substrates. These are active, biologi-
cal responses. In response to active inputs, cells can behave passively, by deform-
ing. When the material properties of a cell or tissue are determined, it is commonly
assumed that the cellular response to deformation measured is strictly passive [115].
However, cells may also respond in an active, biological manner to active stimuli [115].
Examples of such an active response include cellular reorientation to a position per-
pendicular to cyclic strain [26,50] and reduced endothelial cell proliferation in response
to laminar shear stress [3]. A cellular response is only possible if the input is sensed.
Active inputs can be sensed passively by the cell, because they change the force and/or
deformation of the cell, but passive inputs cannot be sensed without cellular activity.

The cellular cytoskeleton plays an important role in determining passive cellu-
lar properties, sensing passive and active mechanical inputs and responding to these
inputs [92,124]. The cytoskeleton has three main components: actin filaments, interme-
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diate filaments and microtubuli [22], and also includes their cross-linking proteins [93].
For cells in solution, only the microtubuli network is well developed [124], which plays
a role in withstanding compressive forces [22]. Intermediate filaments mainly resist
large cellular tensile deformation [22]. In adhering cells, bundles and networks of
actin fibers are commonly under tension, because they are contracted by molecular
motor proteins, mainly myosin II [124]. This causes sliding of actin filaments with
respect to each other, unless the actin filament is anchored to an environment that
resists this, leading to the build-up of force [124]. Actin filaments can form differ-
ent structures, including lamellipodia, protrusions important for cell migration; corti-
cal cell membrane-bound networks regulating cell shape; and stress fibers, contractile
actin bundles [132]. Stress fibers are periodically cross-linked by α-actinin that alter-
nates with myosin II, giving them an appearance that is similar to sarcomeres [20],
the basic contractile units of muscle fibers. Stress fibers mainly form between points
where actin contraction via myosin is resisted [93]. These points are often focal ad-
hesions, transmembrane protein complexes that are anchored to the extracellular ma-
trix [93]. On 2D anisotropic substrates, stress fibers mainly develop in the stiffest direc-
tion [48,119] and, when cells are embedded in a gel that is constrained in one direction
but not in the others, stress fibers mainly develop in constrained direction [24,102]. Actin
stress fibers commonly respond to cyclic strain by orienting away from it, both on 2D
substrates [54,69,70,100,158] and in 3D gel environments [42,50]. The avoidance of a cycli-
cally strained direction can be dominated by the preference of a constrained direction,
if both stimuli are present [47,102]. The presence and orientation of stress fibers thus de-
pends on the mechanical environment [20]. Stress fibers influence cellular mechanical
properties [60]. They are thought to be the main generators of force on the cytoskele-
ton [124] and are thus required for active mechanosensing. Therefore, the complex
interplay between the local mechanical environment and the presence and structure
of the stress fiber network inside a cell is important to understand how cells influence
their environment and vice versa.

1.7 Rationale and outline

The interaction between cells and their mechanical environment is extremely compli-
cated and virtually impossible to understand without computer models. In this thesis,
I aim to improve understanding of the interaction of cells embedded in microtissues in
the heart with their environment via theoretical modeling. Attention is concentrated
on how cells respond to their mechanical environment, focusing on their orientation,
and on the local mechanical environment experienced by cells in the heart and how
this environment is influenced by embedding the cells in a microtissue. First of all,
the amount of control over the local mechanical environment in a small tissue injected
into the heart was investigated (Chapter 2). The results indicated some control over
the strain in an injected tissue is possible by varying its stiffness. However, strain in-
homogeneity may be an issue, especially if the injected tissue is not adhered to the my-
ocardial tissue. After this, the focus was shifted to modeling the interaction between
the cytoskeleton and the cellular mechanical environment (Chapter 3). Inspired by
models by Deshpande et al. [29] and Vernerey and Farsad [142], a computational model
was developed to describe how stress fibers develop in response to the mechanical
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environment that they actively sense. In the model, stress fibers can align in response
to both a passive substrate anisotropy stimulus and an active cyclic strain stimulus.
The model qualitatively describes stress fiber orientation in response to a range of
mechanical stimuli reported in literature for various cell types. The model was then
applied to an in vitro model system, in which the local mechanical environment is
heterogeneous (Chapter 4). This showed quantitative agreement between simulated
and experimental results, increasing confidence in model predictions. Therefore, the
model was applied to the stress fiber orientation of cells in the infarcted heart (Chap-
ter 5), by combining it with results from a previously developed ventricular model [17].
Calculated stress fiber orientations in the infarcted zone were compared to experi-
mentally observed collagen orientations, as cells and collagen commonly co-align.
The orientation predicted by the model was opposite to the experimentally observed
orientation, implying that instead of collagen orientation in the infarcted heart being
determined by the cells, cell orientation may be determined by the collagen organi-
zation present. Finally, this thesis ends with a general discussion in which the main
findings and the developed models are discussed, and recommendations for further
research are given (Chapter 6).
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Chapter 2

Controlling the deformation of cells
delivered to the heart for cardiac

repair: a finite element study
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Abstract

Stem cell therapy after myocardial infarction may be improved by combining cells with a bio-
material. One such approach is to embed the cells in small, tissue-like constructs to form mi-
crotissues. After delivery, these microtissues will mechanically interact with the myocardium
surrounding them. In this study, reasonable levels of microtissue deformation, a possible me-
chanical stimulus for cells in the microtissue, are estimated using finite element analysis. Our
axisymmetric model represents a spherical microtissue embedded in a cylindrical environment,
simulating the myocardium. A uniaxial elongation is prescribed to represent macroscale de-
formation, and microtissue stiffness is varied to simulate the controllability of microtissue me-
chanical properties. Local strain in the microtissue was between zero and four times the applied
strain, indicating that this is a reasonable range of strains to be applied to cells experimentally.
Strain heterogeneity depended on the microtissue-environment contact definition, showing the
importance of adhesion of the microtissue to the environment.

2.1 Introduction

In patients with myocardial infarction, contractile cells in part of the myocardium die
due to local ischemia [136]. Following this injury, the tissue loses its ability to con-
tract and undergoes remodeling, often leading to fatal dilatation of the heart [59,109].
Cell therapy has been proposed to improve myocardial functioning, attenuate adverse
remodeling, and avoid heart failure. However, functional improvement, commonly
measured as an increase in ejection fraction, is moderate and inconsistent [83,91,152].
Only a fraction of the cells is retained [117,135], and whether significant cardiac regen-
eration by differentiation occurs is arguable [114]. Strategies to improve cell retention
and differentiation are therefore expected to increase cardiac regeneration and func-
tional improvement. One such strategy is to combine the cells with a biomaterial.
The cells can then adhere to the biomaterial as they adhere to the extracellular matrix.
This improves cell survival and engraftment [165]. The biomaterial may in itself im-
prove cardiac function when placed in the heart by providing mechanical support and
inhibiting dilation [64]. Since contractile function cannot be restored without active
cells [45], an approach combining material and cells seems most favorable. Cells and
material may be engineered into a tissue in vitro. This allows stimuli to be applied to
the cells, aiming to direct them towards differentiation and to create myocardium-like
tissue patches [165]. However, such cardiac patches are commonly so large that their
delivery requires invasive open chest surgery [126]. A tissue-like structure may also be
formed in vivo, when cells are delivered in a fluid that gels in the heart after deliv-
ery [126]. With this approach, catheter delivery is possible. However, in vitro tissue
formation is impossible, and control over what is experienced by cells in a time- and
space-dependent manner is limited. Therefore, we propose the use of small, injectable
tissues (microtissues), allowing non-invasive delivery, the possibility of in vitro tissue
engineering, and a well-defined local environment for the cells.

In the ideal situation, microtissues are delivered without in vitro stimulation be-
cause this requires the least time and effort. The cells embedded in the microtissues
should then be guided towards differentiation and cardiac tissue formation by the stim-
uli received in vivo. If the required stimuli cannot be given in vivo, microtissues need
to be engineered in vitro, and the stimuli received in the heart should not undo in vitro
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tissue engineering. In both cases, it is important to know which stimuli the cells re-
ceive and how they respond to them. So far, environmental control of stem cells has
mainly focused on biochemical regulation. There is, however, growing evidence that
mechanical signals may also regulate stem cell fate [34]. For the heart, it is hypoth-
esized that cyclic deformation is of special importance because of its occurrence in
vivo and because cells, including cardiomyocytes, respond to it in vitro [2,8,37]. Thus
controlling microtissue deformation is expected to improve control over cell behavior
and allow increased cell differentiation and hence cardiac repair.

In a microtissue, the mechanical properties of the biomaterial can be selected, but
the properties and deformation of the macro-environment (the heart) cannot. Since
the microtissue is mechanically coupled to the macro-environment, not all mechani-
cal stimuli will be possible in the microtissue. In particular, microtissue deformation
will be influenced by both the uncontrollable macro-environment and the controllable
local mechanical properties. To understand and predict the relationship between the
macromechanical environment (the heart) and the micromechanical environment (the
microtissue), this study investigates the possible range of mechanical states in a micro-
tissue. This can then be used to guide experimental studies regarding the relationship
between mechanical stimuli and cellular behavior. Therefore, the aim of this study
is to determine within which range the deformation of a microtissue in a deforming
environment can be controlled by varying microtissue stiffness. Several options for
the contact definition between microtissue and macro-environment and the amount of
anisotropy of the macro-environment are tested since these factors may vary.

2.2 Method

Model

A computational model representing a microtissue in a simulated cardiac environ-
ment was developed in Abaqus 6.9-2 (Simulia, Providence, USA). This axisymmetric
model consists of a sphere with a radius of 50 µm, representing the microtissue, em-
bedded in a cylindrical environment with a radius of 100 µm and length of 200 µm,
representing the myocardium. Due to symmetry considerations, only a quarter of the
cross-section was modeled and movement at both the axisymmetry axis and the re-
flection symmetry axis was restricted perpendicular to the respective axes (Fig. 2.1).
A macroscopic deformation corresponding to a longitudinal strain of 0.1 was applied.
Though this is a simplification of the actual deformation of the heart, it is expected
to give a reasonable first impression of the interaction between macro- and microtis-
sue when microtissue deformation is taken relative to macroscopic deformation, as
was done here. The microtissue was modeled as an incompressible hyperelastic neo-
Hookean material with the Abaqus/standard material library. Microtissue stiffness was
varied between 0.3 and 50 kPa. In this sensitivity study, the maximal principal nominal
strain (MPNS) was used as a measure of deformation in the microtissue. Specifically
the mean MPNS in the microtissue, the range of the MPNS in the microtissue, and the
distribution of the MPNS in the microtissue were investigated. Nominal strain was
defined as (FFT )1/2 − I, with F the deformation tensor. To calculate the mean MPNS,
the MPNS at the integration points in the microtissue was used, and the integration
point volume was applied to calculate a weighted mean.
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Fig. 2.1: The model consisting of a microtissue (light) surrounded by an environment (dark).
Coordinate system, axisymmetry axis, boundary conditions, mesh and size are also shown.

Contact and (an)isotropy variation

Several versions of this model were made, varying in contact definition and (an)isotropy,
while the range of microtissue stiffness was maintained for each configuration. The
relative motion of microtissue and environment depends on their adherence and fric-
tion. Two extreme cases were investigated: infinite friction or affine contact (AFF;
adhesion in normal and shear direction) and frictionless shear (FLS; adhesion only in
normal direction). This was done by defining default cohesive behavior for the AFF
contact and a hard contact in the normal direction without allowing separation after
contact for the FLS case. To investigate the influence of microtissue stiffness, irre-
spective of anisotropy likely for healthy [97] and infarcted [59] myocardium, simulations
were run for both an isotropic (ISO) and a severely anisotropic (AN) environment as
extreme cases. The environment was modeled as a neo-Hookean matrix with linear
elastic fibers, comparable to Korhonen et al. [75], using the user subroutine UMAT.
With a rule of mixtures, the non-fibrillar matrix stress (σn f ) and the fiber stress with
respect to the global coordinate system (σ f ), are combined into the total stress (σtot):

σtot = (1 − ρ)σn f + ρσ f (2.1)

with ρ the fiber volume fraction [161]. The non-fibrillar matrix stress is defined as [75]

σn f = K
ln(J)

J
I +

G
J

(FFT − J2/3I) (2.2)

where F is the deformation tensor and J = det(F). The bulk (K) and shear (G) moduli
are expressed as K = Em

3(1−2νm) and G = Em
2(1+νm) , where Em and νm are the Young’s
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Table 2.1: Model versions and abbreviations used for them.

Isotropy Anisotropy
Straight fibers Curved fibers

Affine AFF-ISO AFF-AN-S AFF-AN-C
Frictionless shear FLS-ISO FLS-AN-S FLS-AN-C

modulus and the Poisson’s ratio of the non-fibrillar matrix, respectively. The fiber
stress is given by

σ f = σ f ~e f~e f (2.3)

with σ f the Cauchy stress in fiber direction and ~e f the current fiber direction, com-
puted as ~e f =

F·~e f ,0

||F·~e f ,0 ||
with ~e f ,0 the initial fibril direction [159]. A linear elastic model is

used for σ f according to [75]

σ f =

E f ε f if ε f ≤ 0
0 if ε f > 0

(2.4)

where E f is the fiber stiffness and the fiber engineering strain is chosen as ε f . For
the isotropic model, ρ is zero, so σtot equals σn f (equation 2.1), resulting in a neo-
Hookean material. Em is 50 kPa, comparable to scar tissue [7,61], and νm approaches
0.5. For the anisotropic model, the fiber volume fraction is 90% (ρ = 0.9), so σtot =

0.1σn f + 0.9σ f . The basic fiber direction is axial. To avoid differences between the
isotropic and anisotropic models due to stiffness differences, the stiffness in fiber di-
rection — corresponding to the loading direction — is taken to be comparable to the
isotropic stiffness. To achieve this, both Em and E f were 50 kPa. In this case, in-
creasing fiber volume fraction leads to a comparable stiffness in fiber direction since
Em and E f are similar, but reduced stiffness in other directions since σ f is only de-
termined by stress in fiber direction and not by stress in other directions (equation
2.3). Around an inclusion such as a microtissue, fibers may curve instead of abruptly
stopping. Therefore, two options for the fiber direction were tested: straight (S) or
curved around the microtissue (C) (Fig. 2.2). This leads to a total of 6 model versions
(Table 2.1).

2.3 Results

Influence of microtissue stiffness on microtissue strain

For each model version, an example of the strain distribution in the model is shown in
Fig. 2.3. In the microtissue, the mean strain, range of strain, and location of minima
and maxima vary between model versions. Varying stiffness within a model version
leads to differences in the average strain and the range of strain but a similar strain
distribution. Therefore, in Fig. 2.4 strain and range of strain versus stiffness are shown
for each model version. As microtissue stiffness decreases, mean strain (solid line)
and range of strain (filled area) increase for each version. Local strains were between
0 and 4 times environmental strain, while the average strain was between 0.5 and 2.5
times environmental strain.

13



Chapter 2

0 0.02 0.04 0.06 0.08 0.1
0

0.01

0.02

0.03

0.04

0.05

0.06

0.07

0.08

r−coordinate [mm]

z
−

c
o
o
rd

in
a
te

 [
m

m
]

 

 

curved

straight

Fig. 2.2: Fiber direction in part of the model with curved fibers (dark lines). Fiber directions
in model with straight fibers are also shown (lighter lines) when not coinciding. Curved fibers
are parallel to the spherical inclusion along the curved edge, vertical away from this edge and
gradually change orientation in between. Straight fibers are vertical everywhere.

Influence of contact definition and (an)isotropy

The FLS-contact (right graph) led to larger strain ranges and slightly smaller mean
strains than the AFF-contact (left graph). For the FLS-contact, mean and maximal
strains showed comparable trends and minimal strains were close to zero indepen-
dent of stiffness or (an)isotropy. Strain distributions were also similar, independent of
(an)isotropy of the environment (Fig. 2.5 bottom row). For the AFF-contact, the strain
distribution did vary with (an)isotropy (Fig. 2.5 top row). For both contact definitions,
anisotropy of the macro-environment enhances the sensitivity of the microtissue defor-
mation to the stiffness ratio: strain was larger for compliant microtissues and smaller
for stiff microtissues (Fig. 2.4). Also, the curved fibers resulted in a smaller mean
strain than the straight fibers and for the AFF-simulations, the strain heterogeneity
was larger, especially for high microtissue stiffnesses.

2.4 Discussion

In this study, we computationally investigated the level of control of the deforma-
tion of a microtissue embedded in a deforming macro-environment, such as the my-
ocardium. Our model indicates that local microtissue strains range between zero and
four times the environmental deformation. We also found that the deformation of
the microtissue is heterogeneous: the local strain within the microtissue is location
dependent, especially when the microtissue can slide with respect to the environment
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Fig. 2.3: Maximal principal nominal strain distribution for 5 kPa microtissue in all model ver-
sion. The same scale is used for each model.

(FLS-contact). To our knowledge, the number of computational models of the cellular
micromechanical environment presented in literature is limited. Yan et al. [163] mod-
elled the deformation and damage of cells in a gel during a compression test. Since
no fixed macro-environment was under consideration, control of the local mechani-
cal environment was not an issue. The consequences of interventions such as cellular
transplantation in dilated cardiomyopathy [111] and the injection of material into the
myocardium after infarction [145] have also been simulated. Various infarct mechan-
ical properties have been investigated numerically as well [39]. These studies focus
on measurements of macroscale heart function, such as ejection fraction. The inter-
vention is modeled as a regional change in mechanical properties, without separately
modeling the infarcted tissue and any material added; therefore, a local mechanical
environment cannot be determined from these studies. Our study, on the other hand,
specifically addresses the interaction between macro scale and micro scale and shows
the local mechanical environment that can be expected in a microtissue when placed
into the heart.

Though our model is obviously a simplification of reality, we expect our main con-
clusions — a relevant strain range between zero and four times environmental strain
and the possibility of strain heterogeneity occurring — to be valid. Since deformation
relative to the environmental deformation is considered, our results are rather insensi-
tive to variations in environmental deformation. As an example: changing the applied
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Fig. 2.4: Maximal principal strain for AFF (left) and FLS (right) models. Different lines denote
mean in microtissue for different versions of the model. The surrounding filled area in corre-
sponding color corresponds to the range of strain in the microtissue. The dotted line denotes a
strain of 0.1, which is the applied strain.

deformation to 10% compression or 40% extension had little influence on the ratio
between microtissue deformation and applied deformation (less than 5% difference,
data not shown). Other model simplifications, such as the material properties used,
or not taking into account any initial deformation that may occur due to delivery of
the microtissues, may influence the precise strain occurring at a specific location in
a microtissue with specific stiffness. However, the range of strains is not expected to
be influenced much, because it is less sensitive to changes. Obviously, experimental
input is required to validate the model and to establish data on cellular behavior in
response to local mechanical properties.

Reducing stiffness beyond the minimal value investigated here (0.3 kPa, 0.6% of
environmental stiffness) may further increase strain. However, the small stiffness re-
quired for a significant strain increase does not seem realistic. This is partly because
minimal stiffness is limited by cell stiffness: if the stiffness of the cells is larger than
the stiffness of the rest of the microtissue, cell stiffness will dominate the deforma-
tion. Because in reality the microtissue is not a continuum but consists of cells and
surrounding material, the current results can only give an approximation of their com-
bined strain, and not of local cellular strain. Determining strain on a cellular level is an
interesting problem. However, the combined cell-local environment strain is currently
more relevant, because strain will be applied on a construct level when in vitro ex-
periments are performed to determine cellular response to a specific micromechanical
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Fig. 2.5: Maximal principal nominal strain distribution in a microtissue with 5 kPa stiffness for
each model version. Different scales are used for each model.

environment.
Based on our results, microtissue deformation in vivo is expected to be between

zero and four times the (macroscopic) deformation of the heart. It is therefore inter-
esting to determine the response of cells to strains in this range in vitro. The results
can then be used to determine appropriate microtissue material parameters. Since
stiffness and deformation are interdependent when environmental boundary condi-
tions are fixed, as is the case in our model, microtissue stiffness was varied to obtain
this range of deformations. During in vitro experiments, however, stiffness and de-
formation may be varied separately. Moreover, cells have been shown to respond to
stiffness [99] as well as strain. Therefore, an investigation of the response of cells not
only to prescribed deformations, but also to different environmental stiffnesses under
a prescribed deformation can be performed, to determine the relative and combined
contributions of microtissue stiffness and microtissue deformation on cellular behav-
ior. It should be noted that the frequency of the cyclic deformation in the heart is also
a determinant of cellular responses and should be taken into account in these future
studies.

The heterogeneity of the strain field within the microtissue may limit the control
over the strain in the microtissue because the mechanical stimulus that cells in dif-
ferent parts of the microtissue experience can vary and so can their response. Since
deformation was more homogeneous with affine contact than with frictionless shear,
this contact is preferable. However, a frictionless shear contact may be more reason-
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able for potential microtissue materials, such as hydrogels. In this case, control over
the strain field within the microtissue is expected to be improved if a way is found to
adhere the microtissue to its environment.
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Computational model predicts cell
orientation in response to a range of

mechanical stimuli

This chapter is based on:
C. Obbink-Huizer, C.W.J. Oomens, S. Loerakker, J. Foolen, C.V.C. Bouten, F.P.T. Baaijens
(2014) Computational model predicts cell orientation in response to a range of mechanical
stimuli. Biomech Model Mechanobiol. 13(1):227-236 doi: 10.1007/s10237-013-0501-4
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Abstract

To build anisotropic, mechanically functioning tissue, it is essential to understand how cells
orient in response to mechanical stimuli. Therefore, a computational model was developed
which predicts cell orientation, based on the actin stress fiber distribution inside the cell. In the
model, the stress fiber distribution evolves dynamically according to: (1) Stress fibers contain
polymerized actin. The total amount of depolymerized plus polymerized actin is constant. (2)
Stress fibers apply tension to their environment. This active tension is maximal when strain rate
and absolute strain are zero, and reduces with increasing shortening rate and absolute strain. (3)
A high active fiber stress in a direction leads to a large amount of fibers in this direction. (4) The
cell is attached to a substrate; all fiber stresses are homogenized into a total cell stress, which
is in equilibrium with substrate stress. This model predicts that on a substrate of anisotropic
stiffness, fibers align in the stiffest direction. Under cyclic strain when the cellular environment
is so stiff that no compaction occurs (1 MPa), the model predicts strain avoidance, which is more
pronounced with increasing strain frequency or amplitude. Under cyclic strain when the cellular
environment is so soft that cells can compact it (10 kPa), the model predicts a preference for
the cyclically strained compared to the compacting direction. These model predictions all agree
with experimental evidence. For the first time a computational model predicts cell orientation
in response to this range of mechanical stimuli using a single set of parameters.

3.1 Introduction

Many tissues in the human body have a mechanical function. This includes load bear-
ing in bone, damping in cartilage, elastic deformation in skin to accommodate joint
movement and active contraction in the heart to circulate blood. When such tissues are
damaged their mechanical function is compromised. Repair of damaged tissue, for ex-
ample by replacement with tissue engineered constructs, can only be successful if the
mechanical function is restored as well. For most soft tissues mechanical properties
are strongly influenced by the cellular organization, including the orientation of elon-
gated cells. Tissue cells apply traction to their surroundings, mainly in the direction
they are oriented in. This is most obvious for muscle cells, but other adhering cells
such as fibroblasts and endothelial cells also apply traction forces to their surround-
ings [48]. These are mainly generated via the actin cytoskeleton [5], including actin
stress fibers [28]. Generally, cell and stress fiber orientation coincide [12,24,26,36,47,48,125].
Cell stiffness is highest in stress fiber direction, and disrupting stress fibers can al-
most completely abolish mechanical anisotropy [60]. The influence of cell orientation
on tissue mechanics is further increased when the cells produce a collagen matrix
parallel to their orientation [150]. Because cell orientation strongly influences tissue
mechanics, understanding and predicting cell orientation is essential to obtain me-
chanically functioning tissue engineered constructs. Therefore, this paper concen-
trates on how cells orient in response to mechanical stimuli. Experiments regarding
cell orientation in response to mechanical stimuli were initially performed on cells
in 2D. When undergoing cyclic strain, different cell types including fibroblasts [67,98],
endothelial cells [26,69,70,100,125,158,167], smooth muscle cells [128,169], mesenchymal stem
cells [79], bone marrow-derived progenitor cells [54] and osteoblasts [98] respond by ori-
enting approximately perpendicular to the cyclic strain. This has been interpreted as
an avoidance response to stretch [19]. The preference for this orientation increases with
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increasing strain rate [67,137], strain amplitude [36] or the combination of both [56,98,149].
A minimal strain amplitude [12] or frequency [67] may be necessary for strain avoid-
ance to occur. In a 2D setting, cells have also been shown to orient in response to
stiffness anisotropy. In this case, cells orient with a preference for the stiffest di-
rection [48,119]. Equally increasing the stiffness in both the stiffest direction and the
direction perpendicular to the stiffest direction (with a of factor 3.7) did not reveal a
noticeable difference in preferred cell orientation, which implies that the difference in
stiffness between directions, and not the absolute stiffness, is the predominant factor
in this process [119]. However, when stiffness was extremely large in both directions,
the cells could not discriminate between the directions [119], indicating a (smaller) in-
fluence of absolute stiffness. A preferred cell orientation thus develops when cells feel
a direction dependent mechanical trigger from their environment. This can either be a
difference in amount of cyclic strain, termed strain anisotropy here, or a difference of
stiffness, termed anisotropy of mechanical resistance here.

Next to culturing on a 2D substrate, cells have been cultured in a three dimen-
sional (3D) matrix or gel. In static 3D culture the traction forces applied by the cells
lead to compaction of the resulting construct in all directions unless the tissue is con-
strained [102]. If the construct is uniaxially constrained, the cells in the construct orient
in the constrained direction [24,47,55,102]. This behavior may be comparable to cells
orientating preferably in the stiffest direction in 2D, as in both cases the cells ori-
ent towards the direction in which they sense most resistance to deformation. When
cyclic strain is applied to such a construct (in the constrained direction) cells still ori-
ent preferably in the constrained direction [47,102]. This strain alignment observed in
3D appears opposite to the strain avoidance observed in 2D and suggests a possible
difference in 2D versus 3D stretch [116]. We hypothesize, however, that cells respond
according to the same principles in 2D and 3D. The apparently different behavior in
2D and 3D is then a consequence of the difference in stiffness of the cellular sur-
roundings that are being used: in 2D, cells are often cultured on silicone substrates,
including PDMS (about 1MPa [67]), that are stiffer than the extracellular matrix-like
surroundings, such as a fibrin-based matrix (1–12 kPa [24]) used in 3D. When cells
apply traction to a stiff substrate, they sense a high mechanical resistance in all di-
rections independent of the presence of a constraint. When these cells undergo cyclic
strain, their orientation is determined by strain anisotropy, as no anisotropy of me-
chanical resistance is sensed. On or in a low stiffness substrate, on the other hand, the
traction forces applied to the surroundings will lead to much larger strains, causing
compaction or sensing of a constraint that resists this. A constraint in one direction
can therefore be sensed as anisotropy of mechanical resistance. Application of cyclic
strain in this case causes the cells to sense both anisotropy of mechanical resistance
and strain anisotropy. Our hypothesized theory explains a preference for a cyclically
strained but not compacting orientation as a larger influence of the sensed anisotropy
of mechanical resistance than of the sensed strain anisotropy. Our hypothesis implies
that cells will orient perpendicular to strain in 3D if no anisotropy of mechanical re-
sistance is present. Indeed Gould et al. [50] found, when biaxially straining collagen
hydrogel tissue constructs that were constrained in both directions, most cells oriented
in the least strained direction. Also, recent experiments performed by our group [42]

on small scale biaxially constrained cell-populated fibrous tissues suggested that cells
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Computational cell orientation model

orient away from cyclic strain in 3D, as hypothesized, unless collagen contact guid-
ance dictates otherwise. Because there are fibers in the cyclically strained direction
when there is compaction perpendicular to the strain (as is the case in 3D) but not
when there is no compaction perpendicular to the strain (2D) our hypothesis implies
that the amount of fibers in a certain direction is influenced by mechanical stimuli
applied perpendicular to the fiber.

In this paper, we aimed to develop a new model that allows prediction of experi-
mentally observed cell orientations in response to different mechanical stimuli, includ-
ing anisotropic stiffness of the environment, cyclic tissue deformation, and combined
cyclic deformation and compaction of the tissue. Such a model will allow us to predict
cell orientation in complex, non-uniform loading conditions.

3.2 Proposed model

Existing models

As in general, including the situations discussed here, cell and stress fiber orientation
coincide, we will use the main stress fiber orientation as a measure of cell orienta-
tion. Two promising models describing stress fiber evolution in response to mechan-
ical stimuli have previously been published: one by Deshpande et al. [29] and one by
Vernerey and Farsad [142]. In both models, stress fibers apply tension to their envi-
ronment. This tension is based on a Hill-type muscle model, where a muscle’s force
depends on its length and shortening velocity, as the structure of stress fibers is sim-
ilar to that of the myofibrils in myocytes [142]. Both models have an evolution law
where high fiber tension induces either low fiber dissociation [29] or high fiber asso-
ciation [142], leading to a large amount of fibers in directions with high fiber tension.
In both models, the influence of all stress fibers is homogenized and added to the
mechanical properties of the other parts of the cell to determine total cell properties.
Here we will not focus on the contribution of other parts, such as intermediate fila-
ments [29] and cytosol [142], but we will only consider the contribution of stress fibers to
the mechanical properties of the cell. A difference between the two models is that only
Vernerey and Farsad take actin mass conservation into account. Furthermore, while
a Hill-type contraction law is used in both models, there are differences between the
precise laws used. Specifically, Deshpande et al. account for strain rate sensitivity, but
not for strain dependency, while Vernerey and Farsad incorporate both. Also, though
the general shape of the stress-strain rate function is comparable in both models, they
are shifted with respect to each other: in Vernerey and Farsad’s model the function
is antisymmetric around a strain rate of zero, while in Deshpande et al.’s model it
is constant for all positive strain rates. This shift strongly influences the response of
the models to cyclic strain. Graphs of these functions, as well as an overview of the
similarities and differences between the models, are shown in Table 3.1.

Both models have been shown to accurately predict the static stress fiber con-
centrations for a square cell attached at its corners, where fiber concentrations are
highest in the directions of highest stiffness [29,142]. Due to the different contraction
laws, the models respond differently to certain stimuli. The model by Deshpande
et al. predicts strain avoidance in response to cyclic strain, including increased strain
avoidance for higher strain amplitudes using a constant frequency [153] or increased
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Table 3.2: Accuracy of expected model predictions for typical experimental tests.

Experiment Deshpande et al. Vernerey and Farsad

square cell attached at corners + +

strain avoidance for cyclic strain
at low amplitude + +

at high amplitude + −

increasing frequency + −

increasing strain amplitude − +

strain alignment on soft substrate − ?

+ denotes accurate prediction, − denotes inaccurate, ? denotes unknown

frequency at constant amplitude. As no length-tension relationship is incorporated
in this model [29,153], increased strain avoidance for increasing amplitude at constant
strain rate is not described. Also, since in this model cells respond to strain rate only,
the influence of cyclic strain generally dominates other stimuli. Strain avoidance will
therefore be predicted for cells on or in soft substrates undergoing cyclic strain instead
of the strain alignment seen experimentally. Vernerey and Farsad include a length-
tension relationship which will cause stress fibers to develop differently for different
strain amplitudes. However, because a passive strain hardening response to elongation
is incorporated, cyclic strain at large amplitudes will lead to a high fiber tension and
thus a (likely unwanted) large amount of fibers in the strained direction. Also, this
model does not predict increased strain avoidance for increasing strain frequency, be-
cause its velocity-tension relationship is antisymmetric around zero. Since this model
takes into account strain and strain rate via separate functions, it can independently
sense compaction and cyclic strain. Which of these has the strongest influence on
cell orientation depends on the amplitude of cyclic strain compared to compaction
and therefore cannot be determined in general. An overview of the accuracy of the
expected model predictions for typical experimental tests is shown in Table 3.2.

Currently proposed model

We propose to combine aspects of both of these models, while avoiding their limita-
tions. To allow interdependence of the amount of stress fibers in different directions,
actin mass conservation is taken into account [142] according to:

Φtot = Φm +
1
N

∑
θ

Φ
p
θ (3.1)

with Φtot total actin volume fraction, Φm monomer volume fraction, Φ
p
θ stress fiber

volume fraction of stress fibers originally having direction θ and N the number of
stress fiber directions used. In accordance with Hill’s muscle model, stress fibers are
assumed to apply tension to their environment in a strain (ε) and strain rate (ε̇)dependent
manner:

σ
p
θ = σmax fε(εθ) fε̇(ε̇θ) (3.2)
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where σp
θ is the stress in a stress fiber which originally had direction θ and σmax is

a constant corresponding to the maximal stress fiber stress. Green-Lagrange strain
is used: εθ = 1

2 (λ2
θ − 1), with λθ the stretch ratio in direction θ. The length-tension

relationship fε is taken from Vernerey and Farsad. It consists of an active component
( fε,a), corresponding to a reduction in active acto-myosin contraction as the absolute
strain in a contractile unit differs from zero, plus a passive component ( fε,p) corre-
sponding to a strain hardening response in extension, according to:

fε = fε,a + fε,p (3.3)

fε,a(εθ) = exp−( εθε0
)2

(3.4)

fε,p(εθ) =

0 if ε < 0
( εθ
ε1

)2 if ε ≥ 0
(3.5)

with ε0 a constant describing how quickly contraction reduces as strain increasingly
differs from zero and ε1 a constant describing passive strain hardening [142]. We mod-
eled the velocity-tension relationship fε̇ comparable to Deshpande et al. [29] to allow
increased strain avoidance when strain rate is increased. For reasons of numerical
stability, we replaced the piecewise linear function of Deshpande et al. by a shifted
version of the smooth function by Vernerey and Farsad:

fε̇(ε̇θ) =
1

1 + 2
√

5

(
1 +

kvε̇θ + 2√
(kvε̇θ + 2)2 + 1

)
(3.6)

where kv is a constant describing how quickly contraction reduces as the rate of short-
ening increases. As in both existing models, the stress fiber volume fraction is as-
sumed to evolve in time in a stress-dependent manner, with increasing stress fiber
stress leading to increased stress fiber formation. However, in our model only the
active part of the stress fiber stress influences stress fiber volume fraction, to avoid
strain alignment at high strain amplitudes. This leads to (adapted from Vernerey and
Farsad [142]):

dΦ
p
θ

dt
= (k f

0 + k f
1σmax fε,a fε̇)Φm − kdΦ

p
θ (3.7)

with k f
0 , k f

1 , and kd constants describing basal stress fiber formation, stress-dependent
stress fiber formation, and stress fiber dissociation respectively. The influence of stress
fibers in different directions is combined into the total cell stress σcell as follows:

σcell =
1
N

∑
θ

Φ
p
θ σ

p
θ ~eθ~eθ (3.8)

where ~eθ~eθ is the dyadic product of the unit vector corresponding to the current orien-
tation of a stress fiber originally in direction θ with itself.

3.3 Model results

We aimed to test the performance of the proposed model by analyzing experimen-
tal observations. To this end, we implemented the model as a user defined material
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Table 3.3: Constants used in all simulations.

parameter value unit

Φtot 5.0e−2 -
σmax 2.0e+5 Pa
ε0 1.2e−1 -
ε1 1.7e−1 -
kv 5.0e+1 s
k f

0 1.5e−6 s−1

k f
1 7.0e−7 s−1Pa−1

kd 1.0e−3 s−1

model in the commercial finite element package ABAQUS (SIMULIA, Providence,
RI, USA). Model parameters were initially chosen in agreement with literature [29,142]

and manually tuned to obtain qualitative agreement of simulated with experimental
results. The resulting set of parameters was used for all results shown in this paper
(Table 3.3).

A 2D situation is assumed, where the cell is adhered to a substrate and both expe-
rience the same strain. For simplicity, cell and substrate share the same mesh. Twenty
stress fiber orientations were taken into account. Initially they are equally spaced in
a plane and range from − π2 to π

2 −
π
N . The substrate is modeled as a Neo-Hookean

material according to [160]:

σNH =

[
κ

ln(J)
J

I +
G
J

(FFT − J2/3I)
]

(3.9)

with σNH the neo-Hookean substrate stress, F the deformation tensor and J = det(F).
The bulk modulus κ and shear modulus G are defined as κ =

ENH
3(1−2ν) and G =

ENH
2(1+ν)

with ν the Poisson’s ratio and ENH the Young’s modulus of the neo-Hookean material.
Substrate stress is added to cell stress in one user defined material model to simulate
stress equilibrium between cell and substrate. A model of a piece of this material,
square shaped in the plane in which the stress fibers are defined and with a thickness
of 10% of the length of the other edges, was used in all simulations. The momentum
equations were solved quasi-statically for this model. All stress fiber volume frac-
tions were initially zero and simulations were run until t = 10000 s, when stress fiber
volume fractions had reached an equilibrium in all simulations. As the discrete fiber
directions taken into account deform with the material, they may no longer be homo-
geneously distributed when the material is deformed. The amount of fibers in each
direction is then a combination of the fiber volume fraction and the density of discrete
fibers. We account for the discrete fiber density by dividing the fiber volume fraction
in a direction by the ratio of the deformed to the undeformed angle between its two
neighboring directions and term the result the scaled fiber volume fraction.
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Fig. 3.1: Equilibrium stress fiber distribution for a cell with an anisotropic substrate. The stiffest
direction is horizontal, as indicated. In each direction the length of the line is proportional to the
scaled fiber volume fraction in this direction. In horizontal and vertical direction, black frames
are at a distance from the center corresponding to a scaled fiber volume fraction of 0.1.

Anisotropic substrate stiffness

The predicted stress fiber distribution in response to an anisotropic substrate was de-
termined. To recall, cells orient preferentially in the stiffest direction in vitro, which
is mainly determined by the stiffness difference between both directions, unless stiff-
ness is so high that no stiffness difference is sensed [119]. In this case the substrate was
reinforced with linear substrate fibers in a single direction to model anisotropy. The
fibers deform with the substrate and their influence is homogenized and added in the
substrate material model according to:

σsub = σNH + E fλ f~e f~e f (3.10)

were σsub is the total substrate stress, E f represents the substrate fiber stiffness, λ f the
substrate fiber Green-Lagrange strain and ~e f the substrate fiber orientation. Symmetry
conditions were imposed to avoid rigid body displacement and no other boundary
conditions were applied, to allow free compaction of the material. This homogeneous
situation was modeled with 4 hexahedral elements (C3D8). In comparison to Saez
et al. [119], simulations where performed for ENH = 3.3 kPa, 13 kPa and 5 MPa, with
E f = 2ENH in each case (estimated based on Ghibaudo et al. [48]). Poisson’s ratio ν
was 0.4 in every simulation. In agreement with experimental results [119], stress fiber
volume fraction was highest in the stiffest direction for the two lower stiffnesses, with
no noticeable difference between them, while no preferred direction was observed for
the highest stiffness (Fig. 3.1).

Cyclic strain and high stiffness environment

The response of the model to cyclic strain was investigated. To recall, this leads to
strain avoidance, which is more pronounced with increased amplitude [36] and fre-
quency [137] in vitro. In the simulations a high substrate stiffness of 1 MPa was used,
so that cell strain is determined by substrate strain. Two series of three simulations
each were performed, one with varying strain frequency and one with varying strain
amplitude at constant strain rate. The applied elongation history is shown in Fig. 3.2.
The parameters shown in this figure, strain amplitude (A), frequency ( f ) and time de-
lay (d), as well as the substrate poisson ratio (ν) were chosen in agreement with Faust
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Table 3.4: Parameters used in cyclic strain calculations.

A [-] f [Hz] d [s] ν [-]

1a† 0.1 0.01 0 0.19
1b† 0.1 0.1 0 0.19
1c† 0.1 1 0 0.19
2a‡ 0.049 0.052 3 0.15
2b‡ 0.084 0.034 3 0.15
2c‡ 0.32 0.009 3 0.15
† Parameters taken from Tondon et al. [137]

‡ Parameters taken from Faust et al. [36]

Fig. 3.2: Applied stretch ratio (λ) in time (t) to a cell with a high stiffness substrate during one
strain cycle with time period T , equal to the inverse of frequency f . Amplitude (A) and delay
between extending and shorting parts of cycles (d) are also shown.

et al. [36] or Tondon et al. [137] and are given in Table 3.4. Final stress fiber distributions
are shown in Fig. 3.3. It is clear from Fig. 3.3 that indeed the cells avoid strain as the
stress fibers are mostly perpendicular to the strain direction, and this effect is stronger
with increased strain amplitude or strain frequency.

Cyclic strain and low stiffness environment

The influence of uniaxial cyclic strain on cells in a low stiffness environment was
investigated. In this case cell tension compacts the environment in the direction per-
pendicular to straining. To recall, this is investigated in 3D and cells and stress fibers
orient in the strained direction [47,102] in vitro. However, as the presence of fibrous col-
lagen can influence stress fiber orientation [42], we adapted an experiment performed
previously [42] to exclude such contact guidance effects. The same model system was
used, consisting of silicone posts attached to a flexible membrane with a mixture of
cells (human vena saphena cells; 1e6/mL), collagen I (0.45 mg/mL) and matrigel
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Fig. 3.3: Equilibrium stress fiber distribution for different strain frequencies (top row) and strain
amplitudes (bottom row). Precise simulation parameters are given in Table 3.4. In each direction
the length of the line is proportional to the scaled fiber volume fraction in this direction. In
horizontal and vertical direction, black frames are at a distance from the center corresponding
to a scaled fiber volume fraction of 0.1. Strain is applied in horizontal direction as indicated.

(8.5%) constrained by the posts. The posts prevented compaction in one direction
(i.e. a uniaxial constraint) as shown in Fig. 3.4 and Fig. 3.5a. Cyclic strain with a fre-
quency of 0.5 Hz and amplitude of 10% was imposed in the direction of the constraint,
by straining the flexible membrane to which the posts were attached. In contrast to
the previously published experiment, cyclic strain was now applied immediately after
applying the gel in the model system, to investigate the influence of a combination of
cyclic strain and anisotropy, and not contact guidance. Upon quantification of the F-
actin stress fibers, the dominant orientation was observed to align with the constrained
direction, and hence the cyclically strained direction (Fig. 3.5c).

This experiment was simulated using the computational model described previ-
ously in this paper. Noting low mechanical resistance and lack of stress fibers in the
thickness direction of the 3D gel, stress fibers were modeled in the plane constrained
by the posts with the same twenty fiber directions used previously. The gel surround-
ing the cells was modeled in the same manner as the substrate underlying cells in 2D:
as a neo-Hookean material added to the stress fiber stress in a single user defined ma-
terial model. ENH was 10 kPa, comparable to the stiffness used by Legant et al. [81]

when simulating similar tissue constructs, and ν was 0.4. As described previously,
the model was square shaped in the plane in which the stress fibers were defined.
Cyclic elongation with a frequency of 0.5 Hz and an amplitude of 10% was applied
to one edge of this square, while displacement in y-direction was suppressed along
this same edge (at x = L) to mimic the influence of the posts. The post geometry is
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Fig. 3.4: Schematic image of experimental set-up

thus not taken into account explicitly. Symmetry conditions were prescribed to two
other edges, so only a quarter of the construct needed to be simulated. The last edge
was free to deform. As these boundary conditions lead to heterogeneous deformation,
more elements were required compared to previous simulations. A mesh consisting
of 145 C3D8 elements was used, with most elements near the corner where the cycli-
cally strained edge meets the free edge, where heterogeneity is largest (Fig. 3.5b).
As expected, the relatively low substrate stiffness led to compaction of the construct.
In the center region, the main stress fiber direction was oriented with respect to the
strained direction, but clearly more stress fibers were oriented in the strained than in
the compacting direction (Fig. 3.5d) as was the case experimentally.

3.4 Discussion

A model of mechanically-dependent stress fiber formation was developed by combin-
ing features of the models by Deshpande et al. [29] and Vernerey and Farsad [142]. In the
resulting model, fiber formation increases with increasing active fiber stress, and ac-
tive fiber stress reduces with increasing absolute strain and with increasing shortening
rate. The model qualitatively predicts the following aspects of stress fiber develop-
ment in response to mechanical stimuli, all observed experimentally:

• development of more fibers in a direction with high resistance to mechanical
deformation compared to a direction with lower resistance to mechanical defor-
mation;

• development of fibers mainly in directions not cyclically strained when the cell
resides in a high stiffness environment, with increased strain avoidance for in-
creased strain frequency and strain amplitude;

• development of more fibers in a cyclically strained direction than in a non-
constrained direction when the cell resides in a low stiffness environment.

We hypothesized that cells behave according to the same principles when subjected to
2D and 3D experimental conditions, despite apparently different behavior when un-
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Fig. 3.5: Cell undergoing cyclic strain in a low stiffness environment. a: Picture of the experi-
mental set-up (top view). Each circle in this image is the top of a post. b: Deformed model at
t = 10000 s, at this time point the applied strain is 0. Mesh, coordinate system, and symmetry
axes are also shown. c, d: Experimental (c) and numerically simulated (d) equilibrium stress
fiber distribution in the middle of a cell-populated gel undergoing cyclic strain. Both are nor-
malized for comparability. Cyclic strain was applied in horizontal direction while the vertical
direction was allowed to compact.

dergoing cyclic strain. Our model predicted both strain avoidance (seen in 2D) and
strain alignment (seen in 3D) using the same rules to describe cell behavior. This im-
plies that indeed the seemingly different behavior in 2D and 3D can be caused by the
cells “feeling” a different mechanical environment. Although our results correspond
qualitatively with experimental observations, there is room for improvement. Par-
ticularly, the preferred directions are more distinct experimentally than is predicted
by the model. This includes cyclic strain and a low stiffness environment where the
main stress fiber direction is oriented with respect to the (con)strained direction, indi-
cating a less dominant response to anisotropy of mechanical resistance compared to
strain anisotropy than seen experimentally. The less distinct response may be partly
attributed to the single set of parameters used here to describe experiments performed
on a range of cell types. Since the overall behavior of different cell types is similar, the
use of a single set of parameters to predict the general trends is considered a strength
of the model. However, quantitative agreement with experimental results may be im-
proved by optimizing cell type-dependent parameters, as cell type may influence for
example the threshold frequency above which a response to cyclic strain occurs [67].
For cyclic strain and a low stiffness environment we varied the parameters to investi-
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Fig. 3.6: Cell with ε0, ε1 and σmax multiplied by two undergoing cyclic strain in a low stiffness
environment. a: Deformed model. b: Stress fiber distribution in the center of the construct.
Cyclic strain was applied in horizontal direction while the vertical direction was allowed to
compact.

gate whether this could lead to a preferred orientation in the (con)strained direction,
as seen experimentally and we found that multiplying ε0, ε1 and σmax by two achieved
this (Fig. 3.6).

Also, while the parameters in our model have a physiological interpretation, they
were not determined directly from physiological evidence but from parameter tuning
to obtain agreement of simulated with experimentally observed stress fiber distribu-
tions. It would be an interesting extension of this work to experimentally determine
the physiological range of these parameters directly. Furthermore, we did not incor-
porate any cell components other than the actin cytoskeleton. Though we expect their
influence to be small compared to the active contraction of the actin cytoskeleton, such
components could add a passive stiffness to the model, comparable to the effect of the
substrate we model. If this is taken into account the substrate stiffnesses mentioned
are overestimated. This mainly has an influence when substrate stiffness is low, as
the passive cell stiffness relative to the substrate stiffness is then largest. We aim to
include passive cell properties in the future, but believe our current approach suffices
for this qualitative investigation. Other possible future extensions of the model in-
clude homogenizing the fiber stress by integration and accounting for non-linear fiber
deformation.

3.5 Conclusion

We have developed a computational model that accurately predicts trends with respect
to stress fiber orientation in response to a range of mechanical stimuli with a single
parameter set.
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Computational and experimental
investigation of local stress fiber

orientation in uniaxially and
biaxially constrained microtissues

This chapter is based on:
C. Obbink-Huizer, J. Foolen, C.W.J. Oomens, M. Borochin, C.S. Chen, C.V.C. Bouten,
F.P.T. Baaijens (2014) Computational and experimental investigation of local stress fiber ori-
entation in uniaxially and biaxially constrained microtissues. Biomech Model Mechanobiol.
doi: 10.1007/s10237-014-0554-z. Available online.
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Abstract

The orientation of cells and associated F-actin stress fibers is essential for proper tissue func-
tioning. We have previously developed a computational model that qualitatively describes stress
fiber orientation in response to a range of mechanical stimuli. In this paper, the aim is to quan-
titatively validate the model in a static, heterogeneous environment. The stress fiber orientation
in uniaxially and biaxially constrained microscale tissues was investigated using a recently de-
veloped experimental system. Computed and experimental stress fiber orientations were com-
pared, while accounting for changes in orientation with location in the tissue. This allowed for
validation of the model, and additionally, it showed how sensitive the stress fiber orientation in
the experimental system is to the location where it is measured, i.e., the heterogeneity of the
stress fiber orientation. Computed and experimental stress fiber orientations showed good quan-
titative agreement in most regions. A strong local alignment near the locations where boundary
conditions were enforced was observed for both uniaxially and biaxially constrained tissues.
Excepting these regions, in biaxially constrained tissues no preferred orientation was found
and the distribution was independent of location. The stress fiber orientation in uniaxially con-
strained tissues was more heterogeneous, and stress fibers mainly oriented in the constrained
direction or along the free edge. These results indicate that the stress fiber orientation in these
constrained microtissues is mainly determined by the local mechanical environment, as hypoth-
esized in our model, and also that the model is a valid tool to predict stress fiber orientation in
heterogeneously loaded tissues.

4.1 Introduction

Biological tissues are often mechanically anisotropic. This anisotropy is essential for
proper tissue functioning. In the field of tissue engineering, it is therefore neces-
sary to be able to control the anisotropy of engineered neo-tissues. The orientation
of cells and their cytoskeletal F-actin stress fibers strongly influences the mechanical
anisotropy of tissues. This is both a direct effect, with cells being stiffest in their lon-
gitudinal direction [60] and an indirect effect, with cells producing a collagen matrix
parallel to their orientation [9,150]. One factor influencing cell and stress fiber orienta-
tion is their mechanical environment. When cells are embedded in a gel under static
loading conditions, their stress fibers are known to orient preferably in directions in
which the gel is constrained, both uniaxially [24,42,55,102] and biaxially [42,47], leading to
a clear anisotropic fiber distribution for uniaxially constrained tissues, or a random
fiber orientation for biaxially constrained tissues. In biaxially constrained dynamic
conditions, cells tend to avoid cyclic strain [42,50] unless contact guidance dictates oth-
erwise [42], while in uniaxially constrained dynamic conditions, cellular stress fibers
align in the constrained direction, independent of cyclic strain [47,102]. It may be pos-
sible to induce a preferred direction and degree of cell and stress fiber orientation, as
well as tissue anisotropy, by applying appropriate mechanical boundary conditions. A
computational model describing how stress fibers orient in response to their mechan-
ical environment can be of great use in determining what these boundary conditions
are. Several authors have proposed a model to do this, including Deshpande et al. [29],
Zemel et al. [168] and ourselves [103]. Our model qualitatively predicts stress fiber ori-
entation in response to a range of mechanical stimuli with a single parameter set,
including strain avoidance in response to cyclic strain and a preferential alignment
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in a constrained direction, independent of applied cyclic strain [103]. In the current
paper, we aim to quantitatively validate the stress fiber orientations predicted by our
computational model for static boundary conditions. This requires simulating suitable
experimental data and comparing experimental and simulated results. Ideally, these
experimental data are obtained in a controlled environment that is locally heteroge-
neous, to validate the response of the model to different mechanical environments as
well as the interaction between different regions. Previously, an experimental system
to investigate the response of cells to different mechanical stimuli was developed, con-
sisting of posts constraining initially square tissues [42]. These posts are either located
along all edges of the square (biaxial constraint) or in two opposite rows (uniaxial
constraint). The mechanical environment in this system is expected to be hetero-
geneous, in part because boundary conditions are applied to the tissues via discrete
posts and not via a continuous constraint. Another interesting system to investigate
the interaction between cells and their mechanical environment is the one proposed
by Legant et al. [81], in which two or four small cantilevers constrain a microscale
tissue. The small size allows visualization of the entire construct and allows for high-
throughput applications, while the deformation of the cantilevers with known bending
stiffness quantifies tissue contraction. The small scale is also expected to increase
the relevance of heterogeneity within the tissue. In this paper, we combine both sys-
tems to obtain small scale tissues that are either uniaxially or biaxially constrained by
deformable posts, providing a controlled but heterogeneous mechanical environment
in a newly developed high-throughput system. Investigating stress fiber orientation
throughout the constrained plane in microtissues allows us to validate the computa-
tional model and, additionally, provides data on the heterogeneity of the stress fiber
orientation within constrained microtissues. Furthermore, by using two different post
heights, corresponding to different post bending stiffnesses, the variety of mechanical
environments for the assessment of experimental heterogeneity and the validation of
the computational model is increased.

4.2 Experimental method

Experimental model system

Adapted versions of the model system by Legant et al., containing microtissues an-
chored to posts positioned in four corners [81], were created (Fig. 4.1). In our system,
post geometry and fabrication method were identical to those of Legant et al. [81].
An array of 8 by 8 microwells was created, containing either a biaxial (12 posts,
Fig. 4.1d) or uniaxial (8 posts, Fig. 4.1e) setup, consisting of high (200 µm) or low
(125 µm) posts. In short, multilayered masters were manufactured by photopattern-
ing SU-8 photoresist (Microchem) on silicon wafers, via successive spin coating,
UV exposure, alignment and baking. Exposure and alignment were performed on
a Karl Suss MJB3 mask aligner (Suss Microtec). The masters were developed using
propylene glycol methyl ether acetate (PGMEA, Sigma), and were subsequently hard
baked. Poly(dimethylsiloxane) (PDMS, Sylgard 184, Dow Corning) replicates were
created in a petri dish containing an 0.18 µm thick glass bottom, via an intermediate
PDMS casting step to create a substrate. During replication steps, the SU-8 mas-
ter and PDMS substrate were rendered non-adhesive via plasma treatment (oxygen,
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Fig. 4.1: Microtissue model system. a: PDMS templates were adhered to a petri dish containing
a glass bottom. b: Top view of the 8x8 array of microwells; a black pigment was added to the
PDMS for a clear overview. c: Side view of 4 posts from one microwell. Post diameter was
75 µm at the base and 125 µm at the top, with a total height of 200 µm or 125 µm. d: Biaxially
constrained microtissue in a single well of 1125×1125 µm. After contraction, the tissues are
approximately 800×800 µm. e: Uniaxially constrained microtissue

1 min at 100 Watt) and overnight silanization with (tridecafluoro-1,1,2,2-tetrahydro-
octyl)-1-trichlorosilane under vacuum. During a second plasma treatment step, PDMS
templates were made hydrophilic. Templates were sterilized by treatment with 70%
alcohol for 30 min and UV exposure for 15 min. Templates were treated for 2 min
with 0.2% Pluronic F127 (BASF) to reduce cell adhesion.

Microtissue seeding

Vascular-derived cells (HVSC, passage 6) characterized as myofibroblasts [42]) were
suspended in growth medium (DMEM advanced, 10% FBS, 1% penicillin/streptomy-
cin, 1% glutamax, 260 µg/mL ascorbic acid). Subsequently, a gel mixture of growth
medium, collagen type I (final concentration 1 mg/mL, rat tail, BD Bioscience) and
sodium hydroxide, to neutralize the pH of the acidic collagen, was produced in which
HVSCs were suspended to obtain a final cell concentration of 14×106 HVSCs per mL.
To each microwell, approximately 0.16 µL (low posts) or 0.25 µL (high posts) of the
cell-gel mixture was pipetted. The microwells were thereby fully submerged. During
this procedure, the microwells were kept on ice to prevent evaporation of the gel. Gel
seeding was facilitated by making the PDMS hydrophilic in the plasma oxidizer, as
previously mentioned. Gels subsequently polymerized in an incubator at 37◦C, 5%
CO2 for 10 min. To prevent dehydration of the gel, the petri dish was inverted and
sterile water was added to the lid. Subsequently, growth medium was added to the
microtissue constructs, which contracted around the posts within 6 h (Fig. 4.2).

Visualization

After 24 h of culturing, microtissues were fixed in 10% formalin for 30 min and
permeabilized for 30 min in 0.5% Triton-X in PBS. Microtissues were incubated
with phalloidin-Atto 488 (1:100 Sigma) for 30 min at room temperature to visual-
ize F-actin. Fluorescent images were taken with a confocal microscope (Zeiss LSM
510 META NLO, Darmstadt, Germany). The excitation source was an Argon laser
(488 nm). The pinhole of the photo-multiplier was set at 8 µm. The photo-multiplier
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Fig. 4.2: Time span of tissue contraction. Within 6 h of culturing, the tissue is fully anchored
around the posts.

accepted a wavelength region of 500–550 nm. No additional image processing was
performed. Laser light was focused on the microtissues with a water immersed Achro-
plan 40×/0.8 NA long distance objective, connected to a Zeiss Axiovert 200 M. Mi-
crotissues were visualized through the glass bottom of the petri dish, while the mi-
crotissues were still anchored around the posts. Tile scans were produced composed
of 4×4 individual images, each individual image measuring 225×225 µm. 2D tile
scans were taken at halfway the thickness of the tissue. For each condition (biaxial or
uniaxial constraint with high or low posts) five to seven tissues were scanned.

Image analysis

The tile scans showing F-actin fibers throughout the tissues were automatically
cropped and divided into four equally sized quarters. These quarters were flipped
based on symmetry so that all quarters had the orientation of the quarter in the left
top corner. The quarters were divided into four by four equally sized subregions.
The F-actin fiber distribution was determined per subregion in a manner comparable
to Frangi et al. [44], originally developed to segment clinical images of blood ves-
sels. The implementation of the algorithm is based on Foolen et al. [42] and de Jonge
et al. [66]. In brief, a measure of “vesselness” (termed “fiberness” here) is calculated
for each point in the image, based on the eigenvalues and eigenvectors of the Hessian
matrix of the image intensity (second order derivative). However, in this case the in-
terest is not in a binary value whether or not a vessel or fiber is present on a specific
position but in an overall fiber distribution. Therefore, we calculated a histogram of
the amount of fibers per direction, where the contribution of the fiber direction at each
pixel is weighed with its “fiberness”. Hereby pixels with fiberness close to one, hav-
ing a high likelihood of belonging to a fiber, strongly contribute to the final histogram,
while pixels with a fiberness close to zero have a limited contribution. Pixels with
a fiberness below 0.14 were excluded from the histogram, because they could occur
without a preferred orientation. Initial trials showed this weighing method increased
the smoothness of the histogram, with little influence on the main fiber orientation
found, compared with using a cut-off to determine whether or not a pixel(orientation)
belongs to a fiber. A more detailed description of the image processing algorithm is
provided in Supplementary information: Image processing algorithm. Per subregion
the histograms calculated in this manner were summed for all four quarters. This re-
sulted in a total of 16 histograms per image, that were each normalized to have a total
weighed amount of fibers of hundred percent. Mean and standard deviation for each
point in this series of histograms was then determined over all images corresponding
to the same condition (uniaxial or biaxial constraint with high or low posts). From
the resulting mean fiber fraction (FFθ) per direction θ, the direction with largest fiber
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fraction (θmaxFF) was determined, along with the strength of alignment around this
direction quantified via order parameter S (based on [168]), defined as

S =

∑
θ FFθ cos(2(θ − θmaxFF))∑

θ FFθ
. (4.1)

Three regions were defined per tissue (around posts, free edge and central region,
shown in Fig. 4.7a, b). For each type of constraint and post height, θmaxFF and S were
averaged over the subregions within these regions. As a measure of the force applied
by the cells to the posts, the displacement of the posts was determined from the tile
scans. The locations of the posts were visible as circular regions without actin staining
along the tissue edges. A circle was manually fitted for each post, and the displace-
ment of these circles relative to the designed initial configuration was determined.
These displacements were divided in a component parallel and a component perpen-
dicular to the edge, so two displacement values per post per tissue were obtained. Of
these 24 (biaxial) or 16 (uniaxial) displacement values per tissue, only 3 (biaxial) or 4
(uniaxial) were expected to be distinct based on symmetry (shown in Fig. 4.6b, e) and
all indistinct displacements were averaged.

4.3 Computational method

Computational model

The experiments were simulated via finite element analysis, using the commercial
finite element package ABAQUS (SIMULIA, Providence, RI, USA). The geometry
of the entire experimental model system was modeled as a single part, divided into
regions to represent the microposts and the cell-populated gel. Only a quarter of the
construct was modeled for reasons of symmetry. The dimensions and spacing of the
posts correspond to those in the experimental designs. Cells in the relatively large area
outside the posts sense hardly any mechanical resistance and undergo extreme defor-
mations. To avoid numerical difficulties arising from these extreme deformations, the
simulated initial cell-populated gel geometry was reduced in size compared with the
experimental microwell size. The gel was modeled as a cuboid around the tops of the
microposts, with 20 µm of gel below and to the sides of the tops of the posts (Fig. 4.3).
Four versions of the model were made, corresponding to the uniaxial and biaxial con-
straint with high or low posts. Linear hexahedral reduced integration elements were
used for the microposts and linear hexahedral elements with full integration were used
for the gel. A compressible neo-Hookean material model with a Young’s modulus (E)
of 1 MPa (representative for PDMS [67]) and a Poisson’s ratio (ν) of 0.45 was used
to simulate the microposts. The cell-populated gel was modeled as a combination
of a cell component, a fibrous collagen component and an isotropic component, all
sharing the same mesh. Our previously developed computational model [103] was used
to simulate the cells inside the gel. In brief, in this mechanical model cell stress is
determined by a homogenization of the stress in stress fibers in a number of discrete
directions. The total stress (σcell) in all fibers in a direction ~eθ is a weighed (weight-
ing factor wθ) combination of the amount of fibers in this direction (parameterized as
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Fig. 4.3: Overview of computational model geometry. Undeformed geometry (a, b) and de-
formed geometry (c, d) for biaxially constrained tissue with low posts (a, c) or uniaxially con-
strained tissue with high posts (b, d). In a top view of the model (c) the division in subregions
is shown

stress fiber volume fraction Φ
p
θ ) and the stress fiber stress in this direction σp

θ :

σcell =
∑
θ

wθ Φ
p
θ σ

p
θ ~eθ~eθ (4.2)

This stress fiber stress is based on a Hill-type muscle model, where stress is a function
of the strain ε (active component fε,a plus passive component fε,p) and the strain rate
ε̇ (function fε̇) according to the following:

σ
p
θ = σmax fε̇( fε,a + fε,p) (4.3)

fε,a = exp−( εθε0
)2

(4.4)

fε,p =

0 if εθ < 0
( εθ
ε1

)2 if εθ ≥ 0
(4.5)

fε̇ =
1

1 + 2
√

5

(
1 +

kvε̇θ + 2√
(kvε̇θ + 2)2 + 1

)
(4.6)

A high active stress fiber stress in a direction leads to a large amount of fibers (large
stress fiber volume fraction) in this direction according to the following:

dΦ
p
θ

dt
= (k f

0 + k f
1σmax fε,a fε̇)Φm − kdΦ

p
θ (4.7)

Furthermore, the total amount of actin, present as either monomer (Φm) or fiber (Φp
θ

for angle θ) is constant according to the following:

Φtot = Φm +
∑
θ

wθ Φ
p
θ (4.8)
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Table 4.1: Material parameters.

parameter description value unit

σmax maximal stress fiber stress 2.0e+5 Pa
ε0 how quickly contraction reduces as strain in-

creasingly differs from 0
1.2e−1 -

ε1 passive strain hardening 1.7e−1 -
kv how quickly contraction reduces as rate of

shortening increases
5.0e+1 s

k f
0 basal stress fiber formation 1.5e−6 s−1

k f
1 stress-dependent stress fiber formation 7.0e−7 s−1Pa−1

kd stress fiber dissociation 1.0e−3 s−1

Φtot total actin volume fraction 5.0e−2 -

The model parameters were unchanged compared with our previous publication [103]

and are given in Table 4.1. Under static conditions, stress fibers mainly develop in
directions where they sense large mechanical resistance using this model, as strain is
low, and therefore stress is high in such directions. In an extension to our previous
work, the discrete fiber directions used, were implemented in 3D and not 2D, with the
initial discrete fiber orientations and corresponding weighting factors (wθ) determined
by Lebedev quadrature points [78]. Since every Lebedev point has a “partner” with
the same orientation but opposite direction, only half of the Lebedev grid points are
used, in this case 25 orientations, while the weighting factors of both directions are
summed. Fibrous collagen was taken into account in the same discrete directions as
the stress fibers. The total stress due to all fibrous collagen was a homogenization of
the stress in these directions, taking into account the collagen fiber volume fraction,
which was 0.02 in all directions. The collagen fibers were assumed to only contribute
to stress in extension and an exponential stress-extension (σ-λ) relationship was used:

σ =

0 if λ < 1
k1λ

2(exp k2(λ2−1) −1) if λ ≥ 1
(4.9)

with k1 and k2 taken as 0.676 and 2.75, respectively [31]. The relatively small influence
on tissue mechanical properties of other factors than the ones explicitly taken into
account, such as non-contractile cell components and possibly glycosaminoglycans
(GAGs), is combined into a single isotropic component, modeled as a low stiffness
(E=50 Pa, ν = 0.2) neo-Hookean material. This provides some resistance to compres-
sion and stabilizes the material. For each of the four model versions, a simulation
was run for 10000 s. During this period, an equilibrium stress fiber distribution had
developed starting from an initial situation without stress fibers.

Computational model data analysis

To compare experimental and computational results, the output from the simulations
— per element the deformation and the stress fiber volume fraction for each direc-
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Fig. 4.4: Change in discrete fiber density due to deformation. If there is more extension in one
direction than in the other, as depicted here, fiber directions will rotate with the material so the
fiber direction density in the most extended direction is increased and fiber direction density
in the least extended direction is reduced. To take into account the influence of fiber direction
density on fiber fraction, the calculated fiber volume fraction per direction is divided by the
ratio of the deformed to the initial angle between the two neighboring halfway fibers. These
angles are indicated in the figure for one representative discrete fiber direction

tion — is converted to a series of 4×4 subregion histograms for each case (biaxial
or uniaxial with high or low posts). To obtain 2D histograms from the 3D data, the
stress fiber volume fractions in the four directions originally in the horizontal plane
are considered. Because the number of directions precisely in the horizontal plane is
limited, directions under a small angle with respect to the horizontal plane are also
included: four directions above the plane (18◦) and these four directions mirrored in
the plane. Stress fiber volume fractions and initial fiber orientations of mirrored points
are averaged, so a total of eight fiber directions and corresponding volume fractions
were taken into account per element. The density of discrete fiber directions changes
as fibers deform with the material (Fig. 4.4). To take this into account, directions ini-
tially halfway between neighboring fiber directions were defined (gray in Fig. 4.4).
The stress fiber volume fraction in each direction was then divided by the ratio of the
deformed angle between the two halfway directions neighboring the fiber direction to
the initial angle between the two halfway directions neighboring the fiber direction.
The result is termed the “scaled stress fiber volume fraction”. This scaled stress fiber
volume fraction was linearly interpolated between the deformed fiber orientation an-
gles in the horizontal plane to obtain a histogram. The elements were divided into
4×4 same sized subregions, depending on their deformed coordinates (Fig. 4.3c). The
histograms of all elements belonging to the same subregion were summed and after-
ward normalized to have a total value of hundred percent. These are compared with
the experimental results. For simulated results θmaxFF and S where determined in the
same manner and for the same regions as was done for experimental results, and for
each case (biaxial or uniaxial with high or low posts), average values over the differ-
ent regions (between posts, along free edge, central region) were compared with the
corresponding experimental values. To compare the force applied by the cells to the
posts in experiment and simulation, for each post, the displacement of the node in the
center of the first horizontal layer below the wider top was determined (indicated by
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Fig. 4.5: Cut through micropost illustrating bending stiffness calculation. A force is applied
equally distributed over the region in contact with the gel when simulating experiments (thick
black line). Post displacement is determined at two different locations, to calculate two mea-
sures of bending stiffness. Both locations are indicated by an “x” and each is marked with the
corresponding stiffness measure.

kforce in Fig. 4.5). This location was chosen because in most cases the diameter of
the experimentally found post circles was 75 µm, the diameter of the base of the post.
To estimate the bending stiffness of both a high and a low post, an in time linearly
increasing force was applied to each of the posts, evenly distributed over the post sur-
face in contact with the gel when simulating the experiments, corresponding to the
entire circumference of the post (Fig. 4.5). Post stiffness was then calculated as the
applied force divided by the post displacement in the initial, linear, region. This was
done for two measures of displacement: the displacement of the node in the center of
the top surface of the post and the displacement of the node in the center of the first
horizontal layer below the wider top. Bending stiffness values were termed klit and
kforce respectively, as the first stiffness measure is expected to be comparable with lit-
erature (including Legant et al. [81]), while the second measure can be used to estimate
the force on the posts from the determined displacement.

4.4 Results

Experimental results

For all conditions (biaxial or uniaxial with high or low posts) close to the posts, stress
fibers were mainly oriented between neighboring posts (Fig. 4.6b, d). In the biaxially
constrained tissues in the 3×3 subregions not containing posts, there was no domi-
nant orientation and little difference between different subregions (Fig. 4.6b). In the
center of the uniaxially constrained tissues, stress fibers were mainly oriented in the
constrained direction (0/180◦). Approaching the free edge of the tissue, the preference
became stronger with a main orientation parallel to the free edge. Toward the posts,
the preference for the constrained direction reduced (Fig. 4.6d). Results for high and
low posts were generally comparable, though in the case of high posts, there was a
stronger preference for a single direction in between posts. These effects are also re-
flected in θmaxFF and S (Fig. 4.7): in regions U1 and B1, and B2, which contain the
posts, θmaxFF is 90 or 180◦ respectively, corresponding to the direction between neigh-
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Fig. 4.6: Experimental and simulated results. Representative experimental fluorescent image
of F-actin stress fibers, with top left corner divided into subregions (a, c). Histograms showing
fiber distribution per subregion (b, d). The arrangement of these histograms corresponds to the
grid shown in the top left corner of the representative fluorescent images. A biaxial (a, b) or
uniaxial (c, d) constraint is applied

boring posts (Fig. 4.7c, d). In the center of the biaxially constrained tissue (B3) S and
thus alignment strength is low (Fig. 4.7f). In the center of the uniaxially constrained
tissue (region U3), θmaxFF is close to 180◦ (the constrained direction, Fig. 4.7c) and S
is smaller than the S close to the free edge (region U2), showing alignment strength is
less (Fig. 4.7e). θmaxFF was similar in high and low posts, showing the main orienta-
tion agreed, while S differed for the post containing regions U1, B1 and B2, showing
the strength of this preference differed.

Computational results

Computed and experimental stress fiber distributions agreed well for both the uniax-
ial and biaxial constraint (Fig. 4.6b, d). Comparable with experimental results, the
simulations showed a preferred orientation between neighboring posts, a large homo-
geneous and randomly oriented central region for the biaxially constrained tissues and
a more heterogeneous stress fiber orientation for uniaxially constrained tissues, with
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a preferred orientation in the constrained direction or along the free edge. Differences
between high and low posts were small in the simulations, as was the case experimen-
tally. The largest discrepancies between experiment and simulation occurred near the
posts and along the free edge of the uniaxially constrained tissues. In the numerical
simulations, the preference for a specific direction was weaker and no difference be-
tween the high and low posts was observed in these regions. Outside these areas, the
simulated fiber fraction was almost always within the standard deviation of the exper-
imental mean, indicating quantitative agreement between experimental and simulated
results. Again θmaxFF and S values (Fig. 4.7) confirm the results shown in the his-
tograms. For θmaxFF , simulated and experimental mean ± standard deviation regions
overlap for all regions except B3. In this region, alignment is limited, as indicated
by a small S , which explains the difference in θmaxFF . Mean simulated S is within
a standard deviation of the mean experimental S for the uniaxial free edge and cen-
tral regions (U2 and U3), but not in the regions containing posts (U1, B1 and B2) as
expected based on the histograms (Fig. 4.6b, d). Mean simulated S is more than a
standard deviation lower than the mean experimental S in the biaxial central region
(B3). Because experimental and simulated histograms are comparable in this region
and no preferred orientation is expected based on symmetry considerations, we expect
this difference is due to noise on the experimental data, and does not reflect an inac-
curacy in the model. Post displacement, which is related to the force applied by the
cells in the tissue construct to the posts via post stiffness, was taken into account in the
directions indicated in Fig. 4.8a, b. Trends in post displacement were similar in exper-
iment and simulation. For both simulation and experiment, displacement was larger
for high posts than for low posts, as expected due to the lower bending stiffness of
high posts. For all conditions, post displacement was smallest for the non-corner post
in the direction parallel to the edge (direction 3 (biaxial) or 4 (uniaxial) in Fig. 4.8a
or b). Displacement in the other directions was approximately equal in most cases.
Quantitatively, most of the simulated displacements were larger than the correspond-
ing experimentally observed displacements, but the order of magnitude agreed. The
klit and kforce of the high post were 0.8 and 1.4 µN/µm respectively, while the low post
had a klit of 3.6 µN/µm and a kforce of 11 µN/µm.

4.5 Discussion

Main findings and implications

We aimed to quantitatively validate our computational model, describing stress fiber
orientation in response to the mechanical environment. In this model, we assume
stress fibers mainly develop in directions in which they can apply high stress, i.e. in
directions in which strain and shortening rate are small, even if stress fibers actively try
to contract. These are the directions in which the cell senses a large resistance to de-
formation. When simulating microtissue experiments with our computational model
using the same material parameters that were used previously, we found a simulated
fiber fraction that was within the standard deviation of the experimentally observed
mean throughout most of the mid-plane of the tissue for each of the four conditions
investigated (uniaxially or biaxially constrained with high or low posts). When com-
paring the experimental and simulated displacements, there was qualitative agreement
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Fig. 4.7: Experimental and simulated stress fiber distributions quantified via θmaxFF and S for
different regions. Division in regions is shown for uniaxial constrain (a) and biaxial constraint
(b) and results are shown per parameter (θmaxFF(c,d) and S (e,f)) and constraint type (uniax-
ial(c,e) and biaxial(d,f))

and the orders of magnitude were the same. The agreement between experimental and
simulated results supports our hypothesis on stress fiber orientation, as formulated in
the model. It indicates that stress fiber orientation in these microtissues is mainly de-
termined by the mechanical environment, and not by, e.g., contact guidance, because
our mechanics-based model accurately predicts stress fiber orientation. Because of
this good agreement, we suggest that our model can be used to predict stress fiber
distributions without the necessity of large amounts of experimental studies, provided
mechanical boundary conditions are known. Currently, this is especially the case for
static conditions when using comparable tissue constructs, because these conditions
have been most extensively validated so far.

Additionally, our experiments provide new evidence on how stress fibers orient
in microtissues, including the heterogeneity of stress fiber orientation in these mi-
crotissues, while the combination of experimental data with the computational model
provides an explanation of why stress fibers orient the way they do. Our experimen-
tal results show that the stress fiber orientation is approximately random in biaxially
constrained tissues. According to the model, this occurs because cells sense a similar
resistance to deformation in all directions in the constrained plane. Between neigh-
boring posts the cells are effectively uniaxially constrained by the posts, and respond
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Fig. 4.8: Comparison of simulated to experimental displacements. Definition of directions used
to determine displacement for uniaxial (a) or biaxial (b) constraint. Micropost displacement
for uniaxial (c) or biaxial (d) constraint including standard deviation over different images for
experimental data. This displacement is related to the force applied by the cells in the tissue
construct to the posts via post stiffness, which differs between high and low posts.

accordingly. In our model, this happens because cells sense a much larger resistance to
deformation in the direction between the posts, than in the perpendicular, free, direc-
tion and therefore orient in the direction between the posts. Apart from the subregions
containing the posts, no consistent differences between the subregions were found. In
the light of our model, this implies resistance to deformation is constant in this region.
This homogeneity also indicates that using an off-center or larger image to determine
fiber orientation in the biaxially constrained system will not influence results as long
as no micropost is directly included in the image used. In the uniaxially constrained
tissue, stress fibers develop preferably in the constrained direction, which, according
to our model, is due to the increased resistance to deformation in this direction. The
stress fiber distribution in the uniaxially constrained tissues is more heterogeneous
than in the biaxially constrained tissue. The preferred cell orientation in subregions
close to the free edge is more pronounced, while subregions closer to the posts have
a less pronounced preferred orientation compared with the center. At the free edge,
resistance to deformation is high along the edge, while the material is almost free to
deform perpendicular to the edge. In the center of the uniaxially constrained con-
structs the difference in resistance between constrained and perpendicular direction
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is smaller, because in this region the posts provide more resistance to compaction in
the perpendicular direction. According to the model, this leads to less pronounced
alignment. Closer to the posts, the posts provide even more resistance to compaction,
and alignment is further reduced. The preferred direction also changes: from approx-
imately 180◦ in the center, to 150◦ (low posts) or 165◦ (high posts) near the corner
post, reflecting a change in the direction of most resistance. Results are thus influ-
enced by the subregion where they are determined in this uniaxially constrained case
and this should be taken into account when performing experiments. Also, as the
uniaxially constrained microtissues are more anisotropic near the edge, this may be
exploited when attempting to develop anisotropic tissues, e.g., by changing the length-
width ratio to increase the amount of edge and possibly anisotropy. To test whether
an increased tissue length can indeed increase tissue anisotropy, we used our model to
predict the stress fiber distribution in a tissue with a twice as high length in constrained
direction as the standard simulation. Main stress fiber orientations were similar in the
long and the standard tissue. In the center of the construct, the preference for the
constrained direction was stronger in the long tissue than in the standard tissue, as
expected (S = 0.6 in long tissue and 0.2 in standard tissue). In general, this was the
case throughout the tissue. However, at the free edge alignment was more pronounced
in the standard tissue (S = 0.7 at the center of the free edge) than in the long tissue
(S = 0.6 at the center of the free edge). Apparently, the greater distance to the posts
in the long tissue allows a constant alignment strength between construct center and
free edge center, while in the standard simulation, the proximity of the posts limits
the compaction and therefore alignment at the construct center, while increased com-
paction is allowed at the free edge, partly due to the presence of tissue material outside
the posts. Overall, increasing the tissue length homogenizes the stress fiber distribu-
tion around the center of the construct and increases alignment strength except at the
free edge. An increased tissue length may therefore be beneficial when attempting to
engineer anisotropic tissue constructs.

In general, post height had a limited influence on stress fiber orientation in the
range that was tested (125 vs. 200 µm). In the model, competition between directions
causes stress fibers to align based on differences in sensed resistance, and not based
on absolute resistance. This may explain the limited influence of post height on stress
fiber orientation in general. However, higher posts led to a stronger preference for a
single fiber direction between posts and, for the uniaxially constrained tissues, a pre-
ferred fiber orientation closer to 180◦ near the corner post. Both effects are consistent
with increased compaction for low compared with high posts.

Comparison with literature

The experimental microtissue approach used in the current work is similar to the one
described by Legant et al. [81]. Legant et al. [81] reported an increase in microtissue ten-
sion for cantilevers of increased stiffness. When multiplying the displacement of the
posts with the corresponding kforce values, we also found an increased force perpen-
dicular to a constrained edge for higher bending stiffness. So, while post stiffness had
a limited influence on our main outcome of stress fiber orientation and both bending
stiffnesses used in this work are higher than those used by Legant et al. [81], the bend-
ing stiffness difference investigated here was large enough to influence tissue tension.
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Legant et al. [81] also investigated actin orientation and alignment, both experi-
mentally and computationally. As in the current work, actin aligned parallel to free
edges, with strongest alignment close to the edges, experimentally and computation-
ally. Due to differences in post locations between Legant et al. [81] and this work, local
actin alignment differed. Notably, a homogeneous region was present in our biaxially
constrained tissues, which had additional posts along the edge compared with the four
cantilever setup described by Legant et al. [81]. This homogeneous region, not present
in the four cantilever setup, could be valuable when investigating the influence of other
factors than mechanical constraints on cell orientation. When comparing the compu-
tational modeling approaches, the model used to describe actin fiber development in
Legant et al. [81] is based on Deshpande et al. [29], while actin fiber development in
the current work is based on Obbink-Huizer et al. [103]. In both models stress fibers
mainly develop in directions in which a large resistance to deformation is sensed, but
the mechanism by which this is sensed differs: in Deshpande et al. [29] a low resistance
to deformation is sensed as a history of a high fiber shortening rate, while in Obbink-
Huizer et al. [103] a low resistance to deformation is sensed as a large instantaneous
negative strain. This different approach influences the versatility of the model to pre-
dict the stress fiber distribution, especially in response to mechanical environments
with both dynamic strain and an anisotropic resistance to deformation [103]. Further-
more, unlike Legant et al. [81], in the current model the post geometry is explicitly
taken into account, fiber directions are defined in three dimensions and a fibrous col-
lagen component is included.

Experimental limitations

In some of the images of uniaxially constrained tissues with low posts, part of the
tissue was out of focus, so no fibers could be detected. This mainly occurred along
the free edges of the tissue and may be due to the attachment height of the tissue to
the post. In the subregion corresponding to the center of the free edge, where data
are already limited due to the compaction of the tissue, no fibers were found for some
images. In another case, only a small amount of fibers were found. If these were
to be normalized and averaged with the rest of the data, these few fibers would have
dominated results. Therefore, in the mean histogram corresponding to each subregion,
only histograms with a total weighed fiber fraction above 5 before normalization were
included. We expect this missing data to have limited influence on the mean cell ori-
entation, because it affects fibers independent of their orientation. In the future, in
focus images of each part of the tissue can be made by scanning at different depths
(3D). We expect this to reduce the standard deviation of the two subregions at the cen-
ter of the free edge of the uniaxially constrained low-post microtissue, while having
little influence on all other results. Therefore, we do not expect an influence on our
conclusions.

Computational limitations

The largest discrepancies between experimentally observed and simulated fiber ori-
entation occurred near the microposts and along the free edge of the uniaxially con-
strained tissue. In these regions, the difference between experimental and simulated
geometry was largest: experimentally, the cell-populated gel initially filled an entire
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well that was larger than the initial gel geometry taken into account in the simula-
tion. The smaller simulated geometry may lead to reduced compaction perpendicular
to the direction constrained by the posts and therefore a less pronounced preferred
orientation, as seen in the simulations. Comparing post displacement in experiment
and simulation provided an indication of how accurately our computational model de-
scribes the force applied by the cells to the post in the experimental model system.
The order of magnitude of post displacement in experiment and simulation agreed,
but overall the simulation overestimated the displacements. It may be that a difference
in attachment height of the tissue to the post causes this discrepancy. In the simula-
tions, we fixed most of the tissue to the top part of the post. Most experimental images
showed a post diameter corresponding to the lower part, which might indicate the tis-
sue was mainly fixed at a lower height than assumed in the simulations. The top of the
posts requires less force to obtain the same displacement compared with the bottom of
the post, which corresponds to a lower bending stiffness at the top than at the bottom
of the post. A too high attachment position would result in an overestimation of post
displacement in the simulations, which indeed happened in most cases. To accurately
assess cell forces in similar microtissues, more detailed experiments are needed, with
a more exact and full 3D analysis, including both post displacement and the location
on the post where the cells apply force. This is a topic of ongoing research by our
group. The difference in effective bending stiffness along the height of the posts did
not cause significant differences in stress fiber orientation in different horizontal lay-
ers of the tissue, which is consistent with the limited influence of post height on stress
fiber orientation that was found. The limited influence of post height on stress fiber
orientation along with the more accurate prediction of cell orientation compared with
post displacement (and thus force) indicate the stress fiber orientation response is rel-
atively insensitive to changes in stiffness or force. If the tissue was indeed attached
lower on the post experimentally than computationally, the true experimental bending
stiffness would be higher than the values estimated here. Because uncertainties on
the stiffness value lead to increased uncertainty on the force that is calculated from it,
we chose to directly compare experimental and simulated deformations as a measure
of the force and not the force itself. A continuum approach was taken to model the
tissue, while it consists of cells and surrounding matrix, which each have an explicit
geometry and interact with each other. As the length scale of the tissue (∼800 µm)
is larger than the size of the cells (∼30×90 µm), and our simulated results agree well
with experimental results, we believe this approach is reasonable. However, if smaller
tissues are used, a continuum approach may no longer be valid. While our stress fiber
model may still be applicable to the stress fibers themselves, it is likely necessary
to include other cell components, such as the nucleus, explicitly. This is beyond the
scope of the current work.

Conclusion

Apart from tissue edges where simulated and experimental geometry differed, we ob-
tained good quantitative agreement between experimental and simulated local stress
fiber orientations, by assuming stress fibers mainly develop in directions in which they
can apply highest stress. In the microtissue system tested, highest stress could be ap-
plied in directions in which mechanical resistance was largest: in between neighboring
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posts, along a free edge and in constrained directions. In most parts of biaxially con-
strained tissues, this led to a random and homogeneous stress fiber orientation, while
in uniaxially constrained tissues, it led to a heterogeneous stress fiber orientation with
an overall preference for the constrained direction, both in the simulations and in the
experiments.
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Supplementary information: Image processing algorithm

The image processing algorithm is based on Frangi et al. [44] as implemented by
Foolen et al. [42] and de Jonge et al. [66] and is written using Mathematica 8 (Wolfram
Research, Champaign, IL, USA). A grayscale tile scanned image is loaded and its
dimensions are determined, typically 4096×4096 pixels. Based on these dimensions,
the locations of the tile edges in the image are determined and a mapping matrix is
created that has the same size as the image and has a value of 1 for all pixels at least
7 pixels away from tile or image edge and 0 for other pixels. This map is later used
to exclude pixels close to (tile) edges when determining fiber distributions, as initial
tests showed that edge effects occurred up to 6 pixels from an edge. Subsequently the
number of rows/columns with a total pixel value below 3000 is determined starting at
each of the outer edges. These rows/columns are not considered part of the relevant
image, because they do not show part of the tissue. The relevant image is then divided
into four quarters (based on the size of the relevant image) and for each quarter, if
available an extra 6 rows/columns are included along each edge, as they will later be
excluded due to edge effects. For each quarter, the corresponding part of the mapping
matrix is selected. Both image quarter and corresponding mapping matrix section are
flipped as necessary so the orientation of all quarters corresponds to the orientation
of the left top quarter. Each quarter and corresponding mapping matrix section is
then further divided in 4 by 4 subregions, again taking 6 pixels overlap into account.
For each subregion, per pixel the Hessian matrix of Gaussian derivatives (second or-
der derivative) is then calculated at scale 2.5. With this scale, fibers found using the
image processing algorithm agreed well with visibly apparent fibers. The Hessian
matrix was calculated for every pixel in the subregion including tile edges and the 6
pixel wide overlap region on each side, but the result, a matrix containing the Hessian
matrix for each pixel, was multiplied by the previously determined mapping matrix
section, so only the Hessian matrix at non-edge pixels influences the final result. The
eigenvectors and eigenvalues (λ1 and λ2 with |λ1| ≤ |λ2|) of the Hessian matrix were
then determined per pixel. A fiber has a gradient of large magnitude perpendicular to
the fiber direction (λ2), and a small gradient parallel to the fiber direction (λ1), so λ1

λ2
is small. Furthermore, for a bright fiber on a dark background as is the case in our
images, the fiber will have a higher pixel value than its surroundings, so λ2 < 0. The
two conditions determined thus far (small λ1

λ2
and λ2 < 0) are independent of the gray

level of the image and therefore background pixels that happen to be brighter than
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their surroundings in one direction but not the other may also match these conditions.
To avoid this unwanted effect, a third condition is added, that takes into account the
absolute value of the eigenvalues and Hessian: λ2

1 + λ2
2 and the maximum Hessian

norm (c) should be large. All these conditions are combined in a single measure of
the likelihood a pixel belongs to a fiber (“fiberness” FN) following:

FN =

0 if λ2 ≤ 0

exp−2( λ1
λ2

)2

(1 − exp−c
λ2

1+λ2
2

2 ) if λ2 > 0
(4.10)

Here the condition is none-zero only for bright fibers on a dark background, the first
exponential term is only high for oriented structures and the second term is only high
for non-background pixels; higher values of FN thus indicate an increased likelihood
of the pixel belonging to a fiber. If a fiber is present, it is oriented in the direction of
the eigenvector belonging to λ1 (v1). Per subregion, an overall histogram of amount of
fibers per direction is determined by summing FN over all pixels with v1 in the same
1◦-wide bin. Each summed FN per angle was then divided by the summed FN of all
angles combined and multiplied by 100% to obtain fiber fractions. Only pixels with
a FN > 0.14 were included, as the first exponential term is 0.14 if λ1 = λ2 and no
preferred orientation is present. This was done for all subregions in all quarters and
all images and histograms where averaged per case (uniaxial of biaxial with high or
low posts) and subregion.
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Collagen and fibroblast orientation
in the infarcted heart: cause and

consequence

This chapter is based on:
C. Obbink-Huizer, C.W.J. Oomens, P.H.M. Bovendeerd, C.V.C. Bouten, F.P.T. Baaijens (2014)
Collagen and fibroblast orientation in the infarcted heart: cause and consequence. Manuscript
in preparation.
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Abstract

After myocardial infarction (MI), the mechanical properties of the infarcted myocardium greatly
influence the remaining heart function. The orientation of collagen in the infarcted tissue is an
important determinant of tissue mechanical properties. The ability to predict infarct collagen
orientation may therefore improve rational MI therapy design. A recently proposed model de-
scribes collagen orientation as a consequence of cell orientation, with cells preferably orienting
in the direction of (cyclic) strain. However, in vitro, cells are known to preferably orient away
from cyclic strain. In the current work, we determine expected cell orientations in the infarcted
heart based on current knowledge of the in vitro cell orientation response. This was done by
using a previously developed left ventricle model to assess infarct deformation throughout the
cardiac cycle, and applying this deformation to a previously developed cell orientation model.
Variations of the model are tested to investigate the robustness of results under model uncertain-
ties. Though variations in deformation were observed, the preferred cell orientations predicted
by our model were consistently perpendicular to experimentally observed main collagen ori-
entations. This indicates that mechanisms other than strain avoidance underlie the cell and
collagen orientation in the infarcted heart. We propose an alternative mechanism: under high
loading, as occurs in the heart, cells are not able to reorient collagen fibers and align with them
instead.

5.1 Introduction

In patients suffering from a myocardial infarction, the pumping capacity of the heart is
reduced because part of the contractile myocardial tissue is replaced by non-contractile
scar tissue. The passive mechanical properties of the infarct greatly influence the re-
maining heart function. Both soft and stiff infarcts can negatively influence heart func-
tion: a soft infarct impedes systolic function because the infarct bulges under pressure,
while a stiff infarct leads to reduced diastolic filling and reduced shortening of healthy
cardiomyocytes bordering the infarcted area [59]. Besides directly influencing instan-
taneous cardiac function, an infarct may indirectly cause reduced cardiac function and
possibly heart failure on the long term, by triggering left ventricular remodeling [59]:
the infarct causes increased wall stress, leading to left ventricular dilation and further
increases in wall stress in a vicious cycle [109]. Infarct tissue may [38] or may not [53]

behave isotropically under biaxial mechanical testing. An anisotropic infarct may be
beneficial by allowing diastolic filling without systolic bulging and is hypothesized to
limit the necessity of ventricular remodeling [39,40]. Infarct scar tissue primarily con-
sists of collagen and the organization of this collagen is an important determinant of
the mechanical properties of the tissue [155]. In dogs, humans and pigs aligned collagen
fibers have been found in infarct scar tissue, one to six weeks after infarction (dog [156]

and pig [58,170]) and in hearts with end stage ischemic heart disease (human [157]). In
rats, a main collagen orientation (in circumferential direction) has been observed in
mid-ventrically located infarcts [41], but not in infarcts located at the apex [38,41].

Several therapeutic approaches have been proposed that aim at influencing cardiac
mechanics in the infarcted heart, by regenerating the myocardium via attraction or de-
livery of cells, by preventing negative left ventricular remodeling and dilation via the
delivery of a passive, cell-free material, or by combining both approaches [25,90,112].
Though many studies mention improved cardiac function with such therapies in ani-
mal models, the mechanisms by which these therapies influence cardiac function and
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left ventricular remodeling are not yet understood [112]. Computational models may
improve our understanding of such mechanisms and allow more rational therapy de-
sign. Specifically, a computational model describing how oriented collagen develops
in infarcted tissue may aid in determining the influence of various proposed thera-
pies on scar mechanical properties and in designing a therapy that leads to specific
anisotropic properties. An interesting step in this direction was taken by Fomovsky
et al. [41] and Rouillard and Holmes [118]. They developed an agent-based model of in-
farct healing, taking into account the influence of a mechanical, a contact guidance and
a chemical guidance cue on the orientation and migration of fibroblasts in the infarcted
tissue, while these fibroblasts produced, degraded and reoriented collagen. Of these
cues, the mechanical cue was critical to reproduce the experimentally observed colla-
gen alignment in healing infarcts. End-systolic with respect to end-diastolic strain in
circumferential and longitudinal directions were used as mechanical cue. Fibroblasts
were assumed to preferably orient in strained direction. However, during in vitro ex-
periments, cells commonly align perpendicular to cyclic strain when no other stimuli
are present, both on 2D substrates [26,36,54,67,69,70,79,98,100,125,128,137,158,167] and in 3D gel
environments [42,50]. Because the heart deforms in a cyclic manner, strain is expected
to provide an avoidance and not an alignment cue to fibroblasts in the heart. Cardiac
deformation is complex and changes in time. This was not fully taken into account
as part of the mechanical cue in the model by Fomovsky et al. [41] and Rouillard and
Holmes [118]. Specifically, end-systolic with respect to end-diastolic strain may not
reflect the amount of cyclic strain during an entire cardiac cycle. Furthermore, shear
strains and transmural variations in strain may influence the deformation of the tissue.
Therefore, in the model by Fomovsky et al. [41] and Rouillard and Holmes [118] the
direction in which most cyclic strain occurs may be obscured.

We have recently developed a computational model in which a strain avoidance re-
sponse is included [103]. This model predicts the orientation of fibroblasts in response
to their mechanical environment based on their internal stress fiber distribution. In the
current work, we aim to determine whether the main collagen orientation observed
experimentally in myocardial infarcts can be explained as a co-alignment of collagen
with fibroblasts orienting based on their deformation, as hypothesized by Fomovsky
et al. [41] and Rouillard and Holmes [118]. We take into account the cyclic deformation
of the heart and assume fibroblasts follow the same strain avoidance principles in vivo
and in vitro. We do this via a two-step approach. First, we estimate the deformation
in the infarct using a previously developed model of the entire left ventricle [17]. Then,
we apply this deformation to our cell orientation model [103]. This is done for infarcts
of different shapes and at different locations, simulating the infarcts described by Fo-
movsky et al. [41]. By comparing the cell orientations predicted by our model to the
collagen orientations determined by Fomovsky et al. [41], we can determine whether
it is likely that this collagen orientation is a consequence of strain-induced fibroblast
alignment. The results provide increased understanding of the mechanism determin-
ing collagen orientation in infarcted myocardium and indicates directions of further
research, both in vitro and in vivo.
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5.2 Method

Model of infarcted left ventricle

Infarct deformation is calculated using a model of left ventricle (LV) mechanics that
has been described previously [17]. Briefly, endo- and epicardial LV surfaces are mod-
elled as truncated confocal ellipsoids in the stress-free reference configuration, with
the space between them representing the thick walled myocardium. The modelled
wall and cavity volumes are 136 ml and 44 ml respectively [15]. Local myofiber di-
rection is defined as a combination of a transmural component (transverse angle αt)
and a base-to-apex component (helix angle αh) and varies with position as shown in
Fig. 5.1 [140].

Myocardial tissue stress σ consists of a passive component σp, and an active
component σa, which is weighed with a factor wa to allow infarct simulation and
contributes to the stress only in muscle fiber direction ~e f :

σ = σp + waσa~e f~e f (5.1)

Active stress in the basic unit of the muscle fiber, the sarcomere, is modelled via a con-
tractile element in series with an elastic element and depends on time elapsed since
activation, total sarcomere length and contractile element length [17]. Details of the ac-
tive stress definition are given in the Appendix. Passive material behavior is assumed
to be nonlinearly elastic, transversely isotropic and nearly incompressible, with pas-
sive Cauchy stress related to the strain energy density function W via deformation
gradient tensor F according to [72]:

σp =
1

det(F)
F ·

∂W
∂E
· FT ; E =

1
2

(FT · F − I). (5.2)

W is defined in terms of invariants (I, II, IV) of the Green-Lagrange strain E in a
material-based coordinate system with f the fiber direction, and s and n located in the
transverse isotropic plane: IE = E f f + Ess + Enn, IIE = E2

f s + E2
sn + E2

n f − E f f Ess −

EssEnn − EnnE f f , IVE = E f f . W is composed of a part related to volume change (Wv)
and a part related to shape change, consisting of an isotropic (Wi) and an anisotropic
(W f ) component:

W = Wv + Wi + W f =

a5[det(FT · F) − 1]2 + a0(expa1 I2
E+a2 IIE −1) + a3(expa4 IV2

E −1)
(5.3)

Parameters were chosen as defined in Table 5.1.
The equations of conservation of momentum are solved in the model:

~∇ · σ = ~0. (5.4)

Rigid body motion is suppressed by defining essential boundary conditions at the base.
Pressure is zero on the epicardial surface, while a uniform left ventricular pressure
plv is applied to the endocardial surface. During filling and ejection phases plv is
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Fig. 5.1: Left ventricle model. Top row: ellipsoidal geometry showing global (x,y,z) coordi-
nate system and definition of fiber direction (~e f ), based on helix angle αh and transverse angle
αt, defined relative to the local circumferential (~ec), longitudinal (~el) and thickness (~et) direc-
tions. Middle row: Variation of helix and transverse angles between endocardium (endo) and
epicardium (epi) used in all simulations. Bottom: lumped parameter model of the circulation.
Parameters are described in the text and parameter values are given in Table 5.3. Image based
on Bovendeerd et al. [17]
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Table 5.1: Passive material parameters as used in equation 5.3. Parameter values are based on
Kerckhoffs et al. [72].

parameter value unit

a0 0.6 kPa
a1 3 -
a2 6 -
a3 0.01 kPa
a4 60 -
a5 55 kPa

Table 5.2: Values of parameters in circulation model shown in Fig. 5.1 [17].

parameter value unit

Rart 0.01 kPa s ml−1

Rper 0.12 kPa s ml−1

Rven 0.005 kPa s ml−1

Cart 25 ml kPa−1

Cven 600 ml kPa−1

Vart,0 500 ml
Vven,0 3000 ml
Vtot 5000 ml

computed from the interaction of the LV with the circulation, modelled in a lumped
parameter model (Fig. 5.1). Aortic and mitral valves are modelled as perfect diodes,
allowing flow in only one direction. Constant resistances representing arteries (Rart),
peripheral vessels (Rper) and veins (Rven) are incorporated, each having a pressure
drop of ∆pR = R q, with q the flow through the resistance. Capacitances representing
arteries (Cart) and veins (Cven) are also included, which each have a pressure drop of
∆pC =

V−V0
C , with V0 representing the volume at zero pressure. Blood volume in the

LV cavity plus the arterial and venous capacitances equals the total blood volume Vtot.
Parameter values are given in Table 5.2. For each point in time during isovolumetric
contraction and relaxation phases, plv is taken such that LV volume stays constant
during these phases.

An infarct is simulated as a local reduction of active contractility, via weighing
factor wa. Following Fomovsky et al. [41] infarcts of different shapes and at different
locations are simulated: a circular infarct at the apex (A), and circular (M), circumfer-
entially oriented ellipsoidal (CE) and longitudinally oriented ellipsoidal (LE) infarcts
at the mid-ventricle. Per infarct, a center point was defined on the epicardial wall at
y = 0 (Fig. 5.2). The size of our LV model was larger than the rat hearts analysed
by Fomovsky et al. [41]. Because rat heart volume was not given, but rat mass was,
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Table 5.3: Parameters describing the geometry of the different infarcts, including short to long
axis ratio (rsl), radius in long axis direction (Rl), radius in short axis direction (Rs) and parame-
ters to orient ellipsoidal infarcts (ry and rz).

A CE M LE

area (mm2) 756 713 1355 807
rsl 1 1/2 1 1/2

Rl (mm) 16 21 21 23
Rs (mm) 16 11 21 11

ry 1 1 1 rsl

rz 1 rsl 1 1

we multiplied rat body weight by an LV weight to body weight ratio of 2.15 mg/g [38]

and divided the result by a tissue density of 1.06 g/cm3 [41], to obtain an estimated rat
heart volume. Comparison of this estimated rat heart volume to the LV wall volume
in our model led to a volume scaling factor fV . From this, an area scaling factor of
f 3/2
V was derived, equal to 33.6. The infarct areas given by Fomovsky et al. were

scaled by this factor. Infarcted regions were modeled as ellipsoids with a shortest axis

length (Rs) to longest axis length (Rl) ratio of rsl. Rl then equals
√

A
π rsl

. For each
node in the model, the ellipsoidal radius to the infarct center point was determined as

r =
√

dx2 + ( dy
ry

)2 + ( dz
rz

)2 with dx, dy and dz the distance from the node to the infarct
center in the global x, y and z direction respectively and ry and rz enabling ellipsoidal
infarct shapes at the mid-ventricle (Table 5.3). The active weighing factor was as-
sumed to have a constant value of zero in the center of the infarct, while wa linearly
increases with the ellipsoidal radius towards the infarct borders, according to:

wa =


1 if r > Rl
r−Rl/2

Rl/2
if Rl/2 < r < Rl

0 if r < Rl/2
. (5.5)

Conservation of momentum was solved numerically using a Galerkin-type finite
element method. The LV-wall was represented by 432 27-noded hexahedral elements,
using tri-quadratic interpolation of the displacement field. The model was run for
3200 ms, corresponding to 4 cardiac cycles. At this point, a cyclic steady state was
obtained. For each simulation, output from the last cycle was analysed, starting at end
diastole, defined as the time point when venous inflow to the heart becomes zero. Per
node, the deformation tensor in the global (x,y,z) coordinate system with respect to
the unloaded reference state was written as output for each point in time.

For comparison to the experimentally observed strains given by Fomovsky et al. [41],
in each simulation the deformation of the center infarct node on the epicardial surface
was selected. Because Fomovsky et al. [41] determined strain at end systole with re-
spect to end diastole, the deformation tensor with respect to the unloaded state at end
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Fig. 5.2: Cross-section of half the LV showing all nodes in a grid while highlighting the position
of the center infarct (CI) node and the node closest to 30% transmural thickness towards the
endocardium (30%) for an infarct at the apex (A) and at the mid-ventricle (MV).

systole (end aortic flow) was multiplied by the inverse deformation tensor at end dias-
tole (end venous flow). From this deformation tensor FED the Green-Lagrange strain
tensor EED = 1

2 (FT
ED · FED − I) was calculated and the strains in circumferential and

longitudinal direction were extracted. Circumferential and longitudinal strains for all
simulations were plot in a histogram, along with the corresponding values obtained
experimentally by Fomovsky et al. [41].

Cell orientation model

After LV deformation was calculated, the next step in our two-step approach was to
determine the expected orientation of fibroblasts in the infarcted region, based on the
internal stress fiber orientation that is predicted using a previously developed compu-
tational model [103]. For this, fibroblasts were assumed to be adhered in parallel to the
infarcted heart. They therefore deform along with the infarcted heart, so the infarct
tissue deformation tensor also describes the cellular deformation. As a measure of
cell orientation, stress fiber orientation was calculated for the node closest to the point
at 30% wall thickness towards the endocardium relative to the epicardial infarct cen-
ter node (Fig. 5.2), for comparison to the collagen orientations found by Fomovsky
et al. [41]. The amount of stress fibers (parameterized as stress fiber volume fraction
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Φ
p
θ for direction θ in the model) was taken into account in 385 unique directions,

corresponding to Lebedev quadrature points [78] each having a corresponding Lebe-
dev weight factor wθ. The orientation of these fiber directions was chosen in such a
way that there was a fiber pointing exactly in each of the local cardiac system direc-
tions: circumferential, longitudinal and thickness direction. Green-Lagrangian strain
and strain rate in each of these directions were calculated from the deformation ten-
sor with respect to the unloaded state for each point in time during the cardiac cycle.
Stress fibers were assumed to cyclically deform according to this deformation pattern.
In our model [103], stress fiber stress in direction θ (σp

θ ) is based on a Hill-type muscle
model. σp

θ depends on strain (εθ) via an active ( fε,a) plus passive ( fε,p) function and
on strain rate ε̇θ, via the function fε̇ according to:

σ
p
θ = σmax fε̇( fε,a + fε,p) (5.6)

fε,a = exp−( εθε0
)2

(5.7)

fε,p =

0 if εθ < 0
( εθ
ε1

)2 if εθ ≥ 0
(5.8)

fε̇ =
1

1 + 2
√

5

(
1 +

kvε̇θ + 2√
(kvε̇θ + 2)2 + 1

)
. (5.9)

The amount of fibers in each direction changes in time depending on active stress fiber
stress according to:

dΦ
p
θ

dt
= (k f

0 + k f
1σmax fε,a fε̇)Φm − kdΦ

p
θ (5.10)

Furthermore, stress fibers contain actin, which is present either as monomer (Φm) or
as fiber (Φp

θ ), while the total amount of actin is constant:

Φtot = Φm +
∑
θ

wθ Φ
p
θ . (5.11)

All parameter values are given in Table 5.4 and were chosen according to Obbink-
Huizer et al. [103].

An equilibrium stress fiber distribution was calculated using an explicit integration
scheme starting without fibrous actin for each of the infarct shapes. The final stress
fiber volume fractions of fiber directions initially in the circumferential-longitudinal
plane were plotted for each simulation and this stress fiber distribution was assumed
to be representative of the distribution of fibroblast cell orientations. The total stress
developed in the cell due to the stress fibers (σcell) was also calculated, as:

σcell =
∑
θ

wθ Φ
p
θ σ

p
θ ~eθ~eθ. (5.12)

Here ~eθ is a unit vector oriented in current direction θ. For comparison, stress was
extracted from the LV model at the position where cell orientation and stress were
determined.
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Table 5.4: Stress fiber development model parameters.

parameter description value unit

ε0 how quickly contraction reduces as strain in-
creasingly differs from 0

1.2e−1 -

kv how quickly contraction reduces as rate of
shortening increases

5.0e+1 s

k f
0 basal stress fiber formation 1.5e−6 s−1

k f
1 stress-dependent stress fiber formation 7.0e−7 s−1Pa−1

kd stress fiber dissociation 1.0e−3 s−1

Φtot total actin volume fraction 5.0e−2 -

Variations

Several aspects of the model were changed, to determine whether inaccurate assump-
tions in these factors would influence results. First of all, the predicted stress fiber
distribution was calculated for nodes at all transmural depths relative to the center in-
farct node. This shows whether small differences in transmural location are likely to
influence the predicted cell orientation, and also whether transmural changes in cell
orientation are expected at all. Secondly, the strain was determined for the 9 nodes
closest to the infarct center on the epicardial wall, i.e. the center infarct node and the 8
nodes surrounding it. Stress fiber distributions were calculated for the 9 nodes at 30%
transmural depth closer to the endocardium compared to these nodes. This was done
so no conclusions will be drawn based solely on a very local effect. Thirdly, the stress
fiber distribution was calculated assuming the amount of fibers is only influenced by
strain rate, and not by strain:

dΦ
p
θ

dt
= (k f

0 + k f
1σmax fε̇)Φm − kdΦ

p
θ . (5.13)

Since fibroblasts may actively compact their local environment, the difference be-
tween tissue strain and cellular strain is expected to be larger than the difference be-
tween tissue strain rate and cellular strain rate. By excluding the influence of strain on
stress fiber distribution, we ascertain that the predicted stress fiber distribution is not
dominated by the influence of strain. These three variations did not require additional
simulations with the LV model. Furthermore, we increased the passive stiffness of
the infarcted region proportional to the reduction in active contraction, by multiply-
ing passive stress with a factor. This factor was two at the center of the infarct. This
shows whether stiffening of the infarct, as could for instance occur within hours after
infarction due to oedema [59], would significantly influence results. Finally, contractile
stress perpendicular to the fiber direction may be necessary to accurately simulate car-
diac deformation [144]. To take this into account, we reran the LV model incorporating
20% active cross-fiber contraction: σ = σp + waσa(~e f~e f + 0.2(~en~en + ~es~es) [17]. Each
variation was applied to all 4 versions of the standard model (A, CE, M, LE).
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Fig. 5.3: Strain for round infarct located at mid-ventricle at epicardial wall (left) and at 30%
transmural depth closer to endocardium (right). Strain is plotted with respect to the unloaded
state (unl, solid line) and with respect to end diastole (ed, dashed line). Strain in circumferential
(circ) and longitudinal (long) direction as well as circumferential-longtudinal shear (shear) are
shown. The phases of the cardiac cycle are indicated: begin ejection (be), end ejection (ee),
begin filling (bf) and end diastole (ed). The strain values that are compared to literature [41] are
indicated by a circle (left graph), while the strains that are used to calculate the predicted stress
fiber distribution are marked with thicker lines (solid lines in right graph).

5.3 Results

Strain comparison

An example of strain during the cardiac cycle (Fig. 5.3) shows that calculated strain in
the infarct changes during the cardiac cycle, differs between locations (epicardial wall
and 30% transmural depth closer to the endocardium), and depends on choice of ref-
erence configuration (unloaded or end diastole). The strain at end systole with respect
to end diastole (marked with a circle in Fig. 5.3) as given by Fomovsky et al. [41] does
not incorporate the complete cyclic deformation; end diastole and end systole are not
the points in time with minimal and maximal strain.

An overview of strain at end systole with respect to end diastole for all standard
simulations compared to experimental data reported by Fomovsky et al. [41] is given
in Fig. 5.4. For the apex in longitudinal direction and for the mid-ventricle, simu-
lated strains are within or close to a standard deviation of the experimentally observed
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Fig. 5.4: Comparison of strains in simulations to the strains including standard deviations re-
ported by Fomovsky et al. [41]. End-systolic with respect to end-diastolic strain is given in cir-
cumferential (C) and longitudinal (L) direction for round infarct at apex (A), circumferentially
oriented infarct at mid-ventricle (CE), round infarct at mid-ventricle (M) and longitudinally
oriented infarct at mid-ventricle (LE).
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Fig. 5.5: Predicted stress fiber distribution for all infarct shapes and locations (round at apex
(A) and circumferential oriented (CE), round (M) and longitudinally oriented (LE) at mid-
ventricle).

mean. Strain in circumferential direction at the apex is overestimated by the simula-
tions.

Predicted stress fiber distribution

The predicted stress fiber orientations showed almost no preferred orientation in the
apical infarct and a preference for the longitudinal direction in all the mid-ventricular
infarcts (Fig. 5.5).
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Fig. 5.6: Calculated stress in circumferential and longitudinal direction as well as
circumferential-longitudinal shear stress during a cardiac cycle for all infarct shapes and lo-
cations (round at apex (A) and circumferential oriented (CE), round (M) and longitudinally
oriented (LE) at mid-ventricle) in left ventricle model (LV) and cell orientation model (CO).
NB: a quadratic scale is used on the y-axis.

Stress in LV and cell orientation models

Stress varied during the cardiac cycle in both the LV and the fibroblast cell orientation
model (Fig. 5.6). During the filling phase, the last part of the cycle in Fig. 5.6, stress in
both models is of the same order of magnitude and fibroblast stress exceeds LV model
stress in some cases. During systole however, stress in circumferential direction is
much higher in the LV model than in the fibroblast cell orientation model: maximal
stress is 25–100 kPa in the LV model versus 2.5 kPa in the cell orientation model. In
longitudinal and in shear direction, differences are less consistent during the systolic
phase, but in general LV stress magnitude clearly exceeds fibroblast stress magnitude.

Transmural variation

Strain varies with transmural position, which causes differences in preferred stress
fiber orientation (Fig. 5.7): the preferred orientation changes from halfway between
circumferential and longitudinal (mid-ventricular infarcts) or random (apical infarct)
at the epicardium to longitudinal at the endocardium. Preferred orientation is less pro-
nounced for the apical infarct than for the mid-ventricular infarcts. The amount of
fibers in the circumferential-longitudinal plane reduces from epicardium towards en-
docardium. Infarct shape has little influence on the calculated stress fiber distribution.
Preferred alignment in circumferential direction is never observed for mid-ventrically
located infarcts.

Points around center node

When comparing the end-systolic with respect to end-diastolic strain for the 9 nodes
on the epicardial wall closest to the infarct center, large differences were found (Fig. 5.8).
For infarcts at the mid-ventricle, circumferential extension is highest in the middle col-
umn of the infarct (bar 2, 5, 8), while longitudinal shortening is relatively small in the
middle row of the infarct (bar 4–6). Predicted stress fiber distributions at 30% trans-
mural depth of the 9 nodes closest to the infarct center is relatively constant compared
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Fig. 5.7: Strain (first and third row) and predicted stress fiber distribution (second and fourth
row) at different depth in simulations with infarct at apex (top two rows) and round infarct at
mid-ventricle (bottom two rows). Gray lines in stress fiber distribution plots denote original
local muscle fiber orientation. Colors in strain plots correspond to colors in Fig. 5.3 .

to the differences in strain at the epicardial wall. For the mid-ventricular infarcts the
main stress fiber orientation is in longitudinal direction in most cases and it is always
closer to the longitudinal than the circumferential direction. For the apical infarct
the preferred direction is less pronounced. If a preference was found, it is for the
longitudinal direction.

Excluding strain rate dependence on stress fiber orientation

When stress fiber development is only influenced by strain rate and not by strain,
preferred orientations are much less pronounced. However, for the infarcts located at
the mid-ventricle any preference remaining is for the longitudinal direction (Fig. 5.10).

Increased passive stiffness and active cross-fiber contraction

With both increased passive stiffness and active contraction perpendicular to the fiber
direction, end-systolic strains on the epicardial wall at the infarct center (Fig. 5.11)
are in general comparable to the corresponding strains in the standard simulations
(Fig. 5.4) and in literature [41]. Compared to the standard simulation, strain in circum-
ferential direction is slightly increased. For most infarcts, this increases the difference
between simulated and experimental strain in circumferential direction. With respect
to the preferred stress fiber orientation (Fig. 5.12), in both increased passive stiffness
and active cross-fiber contraction there is no clear preferred orientation for the apical
infarct and a preference for the longitudinal direction for the mid-ventrically located
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Fig. 5.8: Histogram showing circumferential (C) and longitudinal (L) end-systolic with respect
to end-diastolic strain for infarcts of all shapes and locations (round at apex (A) and circum-
ferential oriented (CE), round (M) and longitudinally oriented (LE) at mid-ventricle). Experi-
mentally observed [41] strain is also indicated. Colors denote different positions with respect to
infarct center as indicated in grid in top left corner denoted position, where the horizontal and
vertical directions in the grid correspond to circumferential and longitudinal direction respec-
tively in the positions. In general, the indicated points lie just within the region where active
contractility (wa) is zero.

infarcts. This was also the case in the standard simulations. The predicted amount
of stress fibers in the circumferential-longitudinal plane at 30% transmural depth is
increased with increased passive stiffness.

5.4 Discussion

Our results show that, when driven by deformation, fibroblasts are expected to pre-
fer orienting in the longitudinal direction rather than the circumferential direction in
infarcts located at the mid-ventricle, while no preferred orientation is expected for
infarcts located at the apex. Although our modeling approach has limitations, we do
not believe these limitations are the cause of the observed orientations. The healthy
left ventricle model has been validated and the calculated end-systolic with respect
to end-diastolic strain is similar to strain observed by Fomovsky et al. [41]. This gives
confidence to the calculated deformation. Because this comparison did not include de-
formation at all points in time, minor inaccuracies in deformation may occur. These
are not expected to have a significant influence on the outcome of predicted cell orien-
tation, in part because the predicted cell orientation is consistent for all mid-ventricular
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Fig. 5.9: Predicted stress fiber distribution at 30% transmural depth for the 9 nodes closest to
the infarct center, for both apical infarct and round mid-ventricular infarct. Infarct center is at
the center of each 3×3 grid.
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Fig. 5.10: Predicted stress fiber distribution when stress fiber developments depends on strain
rate, but not on strain for nodes at 30% transmural thickness closer to the endocardium in line
with infarct center node. All infarct shapes and locations (round at apex (A) and circumferen-
tial oriented (CE), round (M) and longitudinally oriented (LE) at mid-ventricle) tested for the
standard model are shown.
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Fig. 5.11: Strains in the simulations with increased passive stiffness or cross-fiber contraction.
Experimentally observed strains including standard deviations [41] are shown for comparison.
End-systolic with respect to end-diastolic strain is given in circumferential (C) and longitudinal
(L) direction for round infarct at apex (A), circumferentially oriented infarct at mid-ventricle
(CE), round infarct at mid-ventricle (M) and longitudinally oriented infarct at mid-ventricle
(LE).
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Fig. 5.12: Predicted stress fiber distribution for the simulations with increased passive stiffness
or cross-fiber contraction for all infarct shapes and locations (round at apex (A) and circumfer-
ential oriented (CE), round (M) and longitudinally oriented (LE) at mid-ventricle).
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infarct simulations, even when end-systolic with respect to end-diastolic strain differs.
In our modeling approach, cells are assumed to deform along with the infarcted ma-
terial. This is the case if the cells are added in parallel to the cardiac tissue and
they have a much smaller stiffness than their surroundings. In that case, they do not
significantly influence the combined mechanical properties. In reality, cells may me-
chanically interact with their local environment. They may increase local stiffness and
thus reduce deformation due to external loading, possibly in an anisotropic fashion.
Furthermore, fibroblasts may actively contract and apply a load causing deformation
in addition to the deformation caused by cardiomyocyte contractility. These effects
are not taken into account. Our current focus is on the influence of the local mechan-
ical environment on cellular orientation. As described in our cell orientation model,
a preferred stress fiber orientation develops based on differences between directions
in cyclic strain or in sensed resistance to deformation, with both mechanisms compet-
ing against each other. In the heart, circumferential and longitudinal direction are not
expected to significantly differ in resistance to deformation, as the shape and internal
pressure of the heart resist deformation in both directions. Therefore, differences in
cyclic strain are expected to be the major determinant of mechanics-based stress fiber
orientation in the heart. While cell deformation may differ from myocardial defor-
mation, as indicated previously, the direction of largest cyclic strain is not expected
to be influenced unless the cell becomes extremely anisotropic. This is only likely to
occur after stress fibers are formed, and would then strengthen the orientation already
present. Thus, differences between cellular and cardiac deformation are not expected
to cause a different preferred stress fiber orientation. Our cell orientation model accu-
rately describes the strain avoidance response observed for fibroblasts under in vitro
loading [103] when cells are free to change their orientation. Therefore it is expected
to accurately predict cell orientation in the infarcted heart, if this orientation is mainly
determined by the local cellular mechanical environment. However, our model as-
sumptions lead to different results than the mechanisms in the model by Fomovsky
et al. [41] and Rouillard and Holmes [118]. Collagen orientation based on the cell orien-
tation predicted by our model, does not agree with the collagen orientation observed
experimentally by Fomovsky et al. [41]. Because our cell orientation model was based
on mechanisms observed in vitro, this indicates these in vitro results cannot be trans-
lated to the infarcted heart. In the next section, we will provide an overview of reports
on the deformation and orientation in the infarcted heart. This will aid in understand-
ing the cellular environment in an infarcted heart and determining a hypothesis on cell
orientation in the infarcted heart that is consistent with in vitro cellular behavior.

Comparison to literature

Some groups have described the deformation of acutely ischemic regions [6,57,77,143],
other groups described collagen orientation in infarcted myocardial tissue [58,105,156,157],
and sometimes both deformation and collagen orientation are given [38,41,170]. When
the left anterior descending coronary artery (LAD) is occluded, an anterior-apical in-
farct develops [38]. This leads positive strains in circumferential and longitudinal di-
rection that are comparable in magnitude, as observed by Fomovsky et al. [41] for
apical infarcts, in rats (Fomovsky and Holmes [38]; epicardial) and in dogs [143]. De-
formations were less consistent when occluding (one or more branches of) the left
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circumflex coronary artery (LCX), which leads to a non-apical infarct [41]. Longitudi-
nal strain was negative and lower than circumferential strain in pigs [57] and sheep [77].
In contrast, Zimmerman et al. [170] investigated deformation in acutely ischemic pigs
(5 min after infarction) and found a positive strain in longitudinal direction, which was
larger than circumferential strain. Their results are of special interest because colla-
gen orientation three weeks after infarction was also measured as was the influence of
changing deformation by creating a slit. They reported that collagen orientation three
weeks after infarct creation depended on transmural position and was oblique towards
the apex (negative angle) in the epicardium, near circumferential (0◦) at the midwall
and oblique towards the base (positive angle) at the endocardium. When a slit was cre-
ated next to the infarcted region by incising the endocardium in longitudinal direction
directly after infarct creation, circumferential strain became negative. Main colla-
gen orientation did not differ significantly from collagen orientation without slit at
any transmural depth, though the angular deviation around the orientation was signifi-
cantly increased. This indicates that the pre-infarct collagen orientation plays a larger
role in determining final collagen orientation than infarct deformation, at least in this
pig model of an LCX infarct. A similar collagen orientation with transmural gradient
(−51◦ at 15% depth to 11◦ at 75%, most collagen fibers within 30◦ of circumferential
orientation) was found for pigs with three week old scars by Holmes et al. [58]. These
results are consistent with the mid-ventricular infarct observed by Fomovsky et al. [41].
With a LAD infarct, a random orientation was found in rats after one to six weeks [38],
consistent with the apical infarct observed by Fomovsky et al. [41]. Omens et al. [105]

determined a preferred collagen orientation in rats two weeks after infarction, though
the standard deviation was high, and observed that the healthy transmural gradient
in collagen orientation tended to disappear (−14◦ at 21% and −28◦ at 66% transmu-
ral depth). Whittaker et al. [156] also observed a preferred orientation with reduced
transmural gradient in dogs six weeks after infarction (subepicardium: −14.0±3.5◦;
midmyocardium: 1.4±0.4◦; subendocardium: 12.7±2.1◦). As collagen alignment was
present in this case, collagen orientation may be species-dependent. Though healing
after infarction undergoes several phases — cardiomyocyte death and inflammatory
phases, during which ECM degradation starts, followed by granulation tissue forma-
tion and remodeling [10] — no consistent relationship between collagen orientation and
time after infarction is observed in literature.

Proposed mechanism

The limited and sometimes inconsistent data available prevent us from drawing def-
inite conclusions on the mechanism determining collagen and cell orientation in the
infarcted heart. The collagen orientation for mid-ventricular LCX infarcts is fairly
consistent, but the deformation is not. Because of this, Fomovsky et al. [41] have in-
terpreted the orientation as a strain alignment response, while Zimmerman et al. [170]

have interpreted it as an influence of the pre-infarct collagen orientation. For apical
LAD infarcts, deformation is fairly consistent, but collagen orientation shows more
variation. An approximately random orientation and equibiaxial strain was found for
rats, which can be interpreted as both strain avoidance and strain alignment. Based on
the deformation and orientation results described above, collagen orientation in the in-
farcted myocardium mostly follows the same basic transmural gradient as is observed
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for collagen and cardiomyocytes in healthy cardiac tissue [104,131], though modifica-
tions to the pre-infarct collagen orientation occur, especially in the apical region. A
preferred alignment of cells in strained direction, as modeled by Fomovsky et al. [41]

and Rouillard and Holmes [118] agrees well with their experimental data. However,
there is room for reasonable doubt, because fibroblasts do not show a preferred align-
ment in strained direction during in vitro experiments [42,50,66]. Also, a strain alignment
mechanism is inconsistent with the work by Zimmerman et al. [170]

In vitro, fibroblasts tend to align themselves and their collagen matrix perpendic-
ular to strain if possible [42,66]. In the infarcted heart this strain avoidance may not be
possible. The overall collagen orientation can be changed by synthesis and degrada-
tion [101] and by cells applying traction forces to the collagen to change its orienta-
tion [51,129]. If a high, external, loading is applied to collagen fibers, the cells may not
be able to develop enough force to change the orientation of the collagen fibers. This
may occur in the infarcted heart, as our simulations indicated that stress in circumfer-
ential direction in the LV model is periodically much higher than the active cell stress
produced by the fibroblast in mid-ventrically located infarcts. Furthermore, collagen
is known to degrade in a strain-dependent manner, with strained collagen being less
susceptible to degradation [162]. In the infarcted heart, this may protect strained fibers,
such as collagen fibers oriented in circumferential direction in mid-ventrically located
infarcts, from degradation, allowing cells and collagen to orient in strained direction.
This effect may be of special importance during the first days after infarction, when
degradation of the pre-existing matrix occurs [141]. We thus propose that the pre-infarct
collagen orientation is used as scaffold to produce the scar collagen orientation in a
loading-dependent manner, with high loading providing resistance to fibroblast-based
remodeling, thus increasing the importance of the initial collagen orientation. This im-
plies that in rat apical infarcts, where limited or no preferred orientation is observed,
either loading is small enough for fibroblast-based remodeling, or there are initially
enough fibers and there is enough load in all direction to obtain a random orientation.
All in all, according to our proposed mechanism, there are two regimes determining
cell and collagen orientation in tissues: a cell-based strain avoidance mechanism at
low loading and a collagen-based mechanism at high loading, where fibers in strained
directions are not reoriented and cells co-align with collagen according to contact
guidance.

Implications

Our hypothesis that cells and collagen avoid strain at low loads due to collagen co-
aligning with strain avoiding cells, while cells and collagen align in directions of high
stress or strain at high loads due to co-alignment of cells with collagen that they are
unable to reorient, has important implications both for future experiments and clinical
applications. In current in vitro experiments, a change of cell and collagen orientation
towards the cyclically strained direction is not observed, though collagen fibers in the
core of experimental tissues do not always orient away from cyclic strain [42,66]. We
hypothesize that the amount of loading and initial structure are critical, and propose
investigating cell and collagen alignment in random and aligned constructs experienc-
ing limited loading, as well as the kind of high cyclic loading that is representative
for the heart. It may be necessary to reduce loading in engineered constructs, e.g. by
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applying cyclic compression instead of extension, to allow a cell and collagen reorien-
tation response. A cardiac-like combination of internal pressure and cyclic extension
may be of special importance, as this can lead to an oppositely signed stress and strain
in materials of limited compressibility and indicate the relative importance of stress
and strain on the orientation response. Investigating the influence of the duration of
loading, and of the relative amounts of cells and collagen is also expected to be impor-
tant. If the ability of cells to change the orientation of highly loaded collagen fibers is
indeed low, it may require a lot of time to change an initial structure, if possible.

In vivo, conclusive data on the relative influence of initial collagen orientation and
deformation on collagen orientation are required. An important step in this direction
can be made by modifying infarct deformation in a controlled manner, e.g. by using an
anisotropic reinforcement to the heart as was done by Fomovsky et al. [40]. Measuring
strain at different transmural depths throughout the cardiac cycle and at different time
points after infarction, as well as measuring the collagen structure and cell orientation
at different transmural depths and time points after infarction will then provide essen-
tial data. Doing this for both apical and mid-ventricular infarcts and possibly different
animals may show whether there are inherent differences between these situations.

If the collagen structure that develops in the infarcted area depends on the loading
intensity as hypothesized, this has important clinical implications for the use of left
ventricular assist devices (LVAD’s). These devices unload the heart, and are therefore,
based on our hypothesis, expected to allow fibroblasts more freedom to remodel col-
lagen in a strain avoiding manner. Collagen orientation may thus develop an opposite
orientation in normally loaded and LVAD unloaded hearts, which is important when
designing a therapy, especially if it aims at obtaining anisotropic material properties.
To our knowledge the collagen orientation in LVAD assisted infarcted tissue has not
been investigated yet, and we believe this would provide valuable knowledge on the
mechanism underlying collagen and cell orientation in the infarcted heart.

5.5 Conclusion

Based on our results, we suggest that the collagen orientation in infarcted hearts is
not caused by a co-alignment of collagen with fibroblasts that orient based on defor-
mation. Instead, we hypothesize that in the infarcted heart, fibroblasts are not able to
change the orientation of highly loaded collagen, so the fibroblasts align with collagen
instead of reorienting it. This implies cells and collagen orient differently depending
on the intensity of the load they experience, and the initial collagen orientation is of
special importance under high loading.

Appendix

Active stress in the basic unit of the muscle fiber, the sarcomere, is modelled via
a contractile element in series with an elastic element (stiffness: Ea). Active stress
depends on time elapsed since activation ta, total sarcomere length ls and contractile
element length lc and is defined as [17]:

σa =
ls

ls0
fiso(lc) ftwitch(ta, ls)Ea(ls − lc) (5.14)
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where fiso and ftwitch describe the length and time dependence of the active stress.
These are defined as:

fiso(lc) =

T0 tanh2(al(lc − lc0)) if lc ≥ lc0

0 if lc < lc0
(5.15)

ftwitch(ta, ls) =


0 if 0 > ta
tanh2( ta

τr
) tanh2( tmax−ta

τd
) if 0 ≤ ta ≤ tmax

0 if ta > tmax

(5.16)

with tmax = b(ls − ld) the duration of the twitch. Contractile element length changes in
time according to:

dlc
dt

= (Ea(ls − lc) − 1)v0). (5.17)

For each model parameter a description and the used value are given in Table 5.5. All
nodes in the model were simultaneously activated following Kerckhoffs et al. [72], at
intervals of 800 ms, the simulated duration of one cardiac cycle.

Table 5.5: Active material parameters [17].

parameter meaning value unit

ls0 sarcomere length in stress-free state 1.9 µm
Ea stiffness series elastic element 20 µm−1

T0 reference active stress 160 kPa
al increase in active stress with contractile el-

ement length
2 µm

lc0 contractile element length below which ac-
tive stress is zero

1.5 µm

τr rise time active stress 75 ms
τd decay time active stress 150 ms
b increase in twitch duration with sarcomere

length
160 ms µm−1

ld (extrapolated) sarcomere length where
twitch duration is zero

−0.5 µm

v0 unloaded sarcomere shortening velocity 0.0075 µm s−1
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6.1 Introduction

Over the last decades, an increasing number of patients experiencing a myocardial
infarction have survived the initial attack. These patients have healing or healed in-
farcts [10,59]. Healing may be beneficial initially [59], but, on the long term, detrimental
remodeling may occur, leading to heart failure [43,65,68]. Developing treatments for MI
patients that prevent detrimental remodeling is therefore important. Such a treatment
could be based on injecting microtissues: small tissue-like constructs, consisting of
cells embedded in a biomaterial. The role of the cells is to improve cardiac function
by restoring contractile functionality, while the biomaterial mechanically supports the
heart and provides a suitable environment for the cells. In this thesis, I have investi-
gated various aspects of such an approach via computational modeling. I have concen-
trated on the mechanical environment in the heart — including to what extent this can
be controlled via a microtissue — in relation to cellular behavior, specifically cellular
orientation. As part of the mechanical environment both passive inputs (e.g. stiffness)
that can only lead to cellular behavior when cells actively sense their environment, and
active inputs (e.g. applied deformation) that influence cells whether or not the cell is
actively sensing, were taken into account. The results of this work have implications
for microtissue-based cardiac regeneration. Furthermore, the model that is developed
to describe active cellular mechanosensing and cellular orientation in response to a
mechanical environment is generic and applicable to investigate and/or predict how
cells orient during tissue engineering, for example. In this chapter, I will discuss the
main findings of this thesis, the benefits and limitations of the models used, and the
implications of the results for both microtissue-based cardiac repair and (the model-
ing of) how cells sense and respond to their local environment in general, as well as
interesting directions for future research.

6.2 Main findings

Limited control over microtissue mechanical environment via stiffness

When a microtissue containing cells is embedded in the heart, the cells are expected
to influence macroscale mechanics, e.g. by cellular contraction. How the cells behave
is affected by their mechanical environment. The mechanical environment is deter-
mined in part by (passive) microtissue properties, such as local stiffness, which can
be sensed by the cells. However, the macroscale mechanical environment will also
influence the local mechanical environment inside the microtissue. Specifically, ac-
tive cyclic cardiac deformation will lead to deformation of a microtissue embedded in
the heart. The magnitude of this deformation depends on the material properties of
both microtissue and environment. The deformation in the microtissue can likely be
controlled by varying microtissue stiffness. In Chapter 2, it was investigated to what
extent strain in the microtissue can be controlled by changing microtissue stiffness. A
computational model representing a spherical microtissue embedded in a deforming
environment was used to assess the influence of microtissue stiffness on microtissue
strain. The strain applied to the macro-environment was constant. Reducing microtis-
sue stiffness increased the strain in the microtissue. This shows that some control over
microtissue deformation via microtissue stiffness is possible. However, the maximal
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average strain obtained in the microtissue, for a microtissue stiffness of less than 0.01
times the environmental stiffness, was only 2.5 times the deformation applied to the
environment. Thus, there is a limited range within which control over strain, relative
to the strain in the surrounding tissue, is possible. Furthermore, the strain in the mi-
crotissue was heterogeneous. The amount of heterogeneity depended strongly on the
contact definition between microtissue and environment. Heterogeneity was limited
if the microtissue was fixed to the environment in both normal and shear direction,
while heterogeneity was much larger if the microtissue was fixed to the environment
in normal direction, while frictionless sliding was allowed in shear direction. This het-
erogeneity further limits the range within which microtissue strain can be controlled.

Model describing cellular mechanosensing and response via stress fibers

To understand and predict the outcome of a therapy for myocardial infarction involv-
ing microtissues, it is essential to understand and predict how the cells in the micro-
tissue will respond to their local environment. In Chapter 3, a computational model
was developed to describe an important aspect of cellular behavior: the synthesis and
degradation of actin stress fibers, depending on the stress that is actively sensed with
these fibers. This mechanism is expected to be similar for various adhering cell types.
Therefore, the model was not based on a specific cell type, but on adhering cells in
general. Because actin stress fibers have a molecular motor unit that is similar to
muscle fibers, stress fiber stress in the model was defined comparable to muscle force
in Hill’s muscle model. The stress in stress fibers in a certain direction depended on
their strain and strain rate. Increased strain magnitude and shortening rate reduced
fiber stress. This stress had a critical influence on the stress fiber distribution that
developed in the model, because stress fibers were mainly synthesized in directions
of high stress. A generally applicable model should be able to describe the stress
fiber distribution in response to any mechanical environment. Therefore, the model
was tested against a range of stress fiber orientation responses described in literature.
This included stress fibers preferably orienting perpendicular to cyclic strain when
resistance to deformation in this direction was large, but in strained direction when
resistance to deformation perpendicular to cyclic strain was small. For all situations
tested, the model accurately described the experimentally observed trends in stress
fiber distribution.

Model quantitatively describes cell orientation in small tissues

To more rigorously test the model, a quantitative validation was performed using 3D
small scale tissues (Chapter 4). Cells were cultured in such tissues that were either
constrained uniaxially or biaxially. Local stress fiber orientation in these tissues was
determined. This situation was simulated with the model described previously, and
stress fiber orientation was determined in the same regions as those studied experimen-
tally. In both experiment and simulation, stress fibers mainly developed in directions
in which resistance to deformation was high. In the center of biaxially constrained tis-
sues, resistance was high in all directions and a random orientation was observed. In
uniaxially constrained tissues and near the edge of the tissue, on the other hand, resis-
tance to deformation perpendicular to the free edge or constraint was reduced, leading
to a preferred alignment in constrained direction and parallel to the edge. Quantitative
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comparison of experimental and simulated stress fiber distributions in general showed
good agreement. This further increases confidence in the model.

Collagen in infarct does not co-align with cells that orient in response to mechanics

After validation, the stress fiber orientation model was applied to the infarcted heart
(Chapter 5). Stress fiber orientation was predicted and compared to an experimen-
tally observed collagen orientation [41] for infarcts at different locations (apex and mid-
ventricle) and of different shapes. This was done to determine whether the observed
collagen orientation was caused by collagen co-aligning with cellular stress fibers, ori-
enting in response to their mechanical environment. Deformation in the infarcted heart
was estimated with a previously developed model of the left ventricle [17]. This defor-
mation was similar to the deformation of the infarcts for which collagen orientation
was determined. This cyclic deformation was applied to the stress fiber orientation
model. The calculated stress fiber orientation was random for an apical infarct, as was
observed experimentally. For mid-ventricular infarcts with different shapes, the model
predicted a preference for the longitudinal direction, while a circumferential collagen
orientation was observed experimentally. This indicates that, assuming cellular defor-
mation is similar to the macroscale deformation of the infarcted tissue, the collagen
orientation observed experimentally is not due to collagen co-aligning with cells and
their stress fibers that orient in response to their mechanical environment.

6.3 Models

All of the modeling approaches described in this thesis have benefits and limitations,
which are discussed below. A comparison to relevent models described in literature is
also given.

Interaction between microtissue and environment

The model used to describe the mechanical interaction between macro-environment
and microtissue (Chapter 2) has several limitations. For instance, no active contrac-
tility is included in the environment, which makes it only suitable for infarcted tissue
in which no contractility is left. In addition, visco-elasticity of the microtissue is not
included. Also, the geometry of both microtissue and environment are schematic and
the microtissue is assumed to exactly replace part of the environmental tissue, with-
out initial stress or strain in microtissue or environment. Furthermore, the applied
displacement was much simpler than the complex and time-dependent loading of the
actual heart. It is therefore clear that the current model cannot be used to determine
the precise mechanical environment experienced by cells in a microtissue. This is
acceptable, however, because our aim was not to determine a precise mechanical en-
vironment, but to better understand the interaction between macro-environment and
microtissue and to determine the level of control over microtissue strain that is possi-
ble via microtissue stiffness. The model is sufficient to answer these questions, when
focusing on the additional deformation of the microtissue, due to the cyclic deforma-
tion of the infarcted environment. Visco-elasticity and initial stresses or strains may
influence average strain, but a large influence on the cyclic strain magnitude due to
cyclic environmental strain is not expected. Because deformation results were taken
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relative to the deformation applied to the environment, changes in environmental de-
formation do not significantly influence results. A similar reasoning holds for mi-
crotissue and environmental stiffness: by investigating deformation as function of the
ratio between microtissue and environmental stiffness, the influence of uncertainties in
environmental stiffness is minimized. By investigating two extreme cases for the con-
tact between microtissue and environment, a realistic deformation result is expected
to lie in between the two extremes tested.

Stress fiber-based cell orientation model

Whether or not the use of microtissues to regenerate the heart after myocardial in-
farction is successful, will depend among other factors on the behavior of the cells
inside the microtissues. This behavior is influenced by the mechanical environment
sensed by the cells. Therefore, a model was developed to describe how cells actively
sense their environment with their actin stress fibers, and the resulting synthesis and
degradation of these fibers (Chapter 3).

The combination of cells, including their stress fibers, and their substrate or sur-
rounding matrix was modeled as a continuum. This greatly simplifies the model and
is reasonable when relevant length scales are significantly larger than the dimensions
of the microstructure [93] as was the case in the work described in this thesis. With
the current continuum assumption, the way the cells adhere to their environment was
not explicitly simulated. Focal adhesions connect the stress fibers to the extracellu-
lar matrix, and are thus required for mechanosensing. In 2D culture, they are known
to actively react to their mechanical environment by becoming larger when increased
stress is applied to them [121] .This effect is not taken into account in the current model.
Furthermore, (collagen) contact guidance was not simulated. The precise mechanism
leading to this preference of cells to orient parallel to oriented structures has not been
elucidated. Mechanical effects, such as cells being able to develop more stress parallel
to the matrix fibers, may play a role. To model such effects, single cell simulations
are required. Modeling the stress fibers in a cell as a continuum may then be less
applicable and discrete effects such as the location of adhesions may play a role, as
well as the bending resistance of actin fibers. Still, the current model has been applied
to provide increased insight on contact guidance in a single cell adhered to a fiber of
a similar, µm, scale [4].

In the model, actin stress fibers were the main cellular component modeled, and
attention was focused on the active stress they generate. In reality, the actin cytoskele-
ton may also have a passive contribution to the mechanical properties of the cell.
Furthermore, other components than actin may play a role in determining the mechan-
ical properties of a cell. These effects were lumped, by incorporating an exponential
passive stress-strain curve for actin fibers in extension, and a neo-Hookean material
representing not only cellular components other than actin, but also the stiffness of the
local environment of the cell. This is a limitation when cellular mechanical properties
are not dominated by actin-myosin contractility, such as in non-adhering cells.

Actin-myosin contractility was simulated with a Hill muscle model, as actin stress
fibers and muscle fibers have a similar structure. However, behavior of stress fiber
and muscle sarcomeres is not completely the same [20]. Further refinement of the re-
lationship between stress fiber deformation and active contractile stress may thus be

79



Chapter 6

needed. Comparison of the deformation of microposts constraining a microtissue in
experiment and simulation showed qualitative agreement and a similar order of mag-
nitude (Chapter 4), providing confidence in the force predicted by the model.

Increased active stress in a direction was simulated to lead to an increased synthe-
sis of stress fibers in the same direction. In general, this assumption agrees well with
reality. However, increased degradation under low stress, as assumed by Deshpande
et al. [29] may lead to similar results. The model can easily be modified to incorporate
this, if necessary.

The stress definition in combination with a preferred stress fiber alignment in di-
rections with high stress leads to an asymmetric strain avoidance response during
cyclic strain: cells will orient away from the strained direction more strongly during
the shortening than during the lengthening part of the cycle. Therefore, the calculated
stress fiber distribution not only depends on strain amplitude and frequency, but it may
also depend on asymmetry of the waveform. Tondon et al. [137] investigated various
asymmetric waveforms, and found that cells responded more strongly to the rate of
lengthening than to the rate of shortening. This seems to contradict with our model.
However, as the total period of the waveform was kept constant, an increased rate of
lengthening corresponded to a longer shortening period. In the model, an increased
shortening period may have a larger strain avoiding effect then an increased shortening
rate.

The modeled stress fibers have a constant reference length. In reality, actin stress
fibers may change their reference length [71] to maintain homeostasis in a changing
environment. If such an effect was implemented in the current model by letting stress
fibers adjust their reference length towards their current length, then in static condi-
tions the reference length would be adjusted until it is equal to the current length.
Therefore, in static equilibrium, stress fiber stress would always have the same maxi-
mal value, and cells would not orient in response to differences in substrate stiffness,
which is unwanted. A consequence of the current implementation is, that stress fibers
orient away from static extension and remain reoriented. If stress fibers can adjust
their reference length, then any cellular response to static extension would be tran-
sient. To the best of my knowledge, stress fiber orientation under static strain in a
biaxially constrained environment has not been studied yet. If cells can indeed adjust
and do not reorient, the model should be modified to incorporate this effect.

Although improvements are still possible, in the cases studied, the model de-
scribed in this thesis performed well. It can therefore accurately describe the develop-
ment of a preferred stress fiber orientation in cell populations under static conditions
— when a passive mechanical environment provides a certain, possibly anisotropic,
resistance to deformation — and/or in dynamic conditions — when a cyclic deforma-
tion of certain amplitude and frequency provides a stimulus to the cells to orient away
from the strained direction.

Left ventricle model combined with cell orientation model

The previously described stress fiber-based cell orientation model was applied to the
infarcted heart, assuming a left ventricular infarction (Chapter 5). This was done by
estimating the deformation of cells in the infarcted region via a model of the left ven-
tricle [17], and then applying this deformation to the cell orientation model. The healthy
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left ventricle model was validated and the calculated deformations were similar to the
deformation in the experiment that was simulated. However, this comparison was per-
formed for a single deformation value, while the actual deformation was cyclic. Some
minor differences may thus occur, but they are not expected to have a significant in-
fluence on the outcome of predicted cell orientation.

Cell deformation was assumed to equal the deformation of the infarcted mate-
rial, as if the cells are parallel to the cardiac tissue and have a much smaller stiffness
than their surroundings. However, mechanical interaction between cells and the in-
farcted tissue may occur. Local stiffness may increase due to the presence of the
cells, and therefore deformation due to external loading may reduce. Cells may also
actively contract and apply additional loading to the infarcted tissue, causing deforma-
tion. While cell deformation may differ from myocardial deformation, the direction
of largest cyclic strain and thus the predicted cell orientation is not expected to be
influenced unless the cell becomes extremely anisotropic.

Comparison to models in literature

Interaction between microtissue and environment

Several researchers have simulated an infarcted heart to which a (bio)material was
delivered [39,76,145,154]. However, they all focussed on the influence of this material on
macroscale parameters, such as stroke volume or myocardial wall stress. To the best
of my knowledge, the local mechanical environment in the delivered material was not
investigated previously.

Cell model

Various mechanical models of the cell are described in literature. The cytoskeleton
has been modeled as a strictly passive material using an open-cell foam approach
without including cellular contractility, and as a stress-supported structure where a
pre-existing tensile stress (prestress) is required to stabilize the structure [127]. Active
sensing of the mechanical environment is possible via the prestress [27], but an active
response to what is sensed is not yet incorporated in these models. When cells do
not actively respond to their environment on the time scale investigated, this type of
model may provide realistic cellular behavior. Furthermore, the passive behavior of
the currently described actively contracting model may be improved using ideas from
this type of models.

In contrast to passive cell material models, mechanoregulatory models include an
active cellular response such as cell differentiation and proliferation [18,130] or bone
remodeling [96], without an actively mechanosensing cytoskeleton. Such an approach
is only valid if the mechanics of the environment dominate local cellular mechanics,
which is not the case for contracting cells in a relatively soft environment, such as the
engineered tissues described in this thesis. Also, a law determining cell behavior is
required. The stress fiber-based cell orientation model described in this thesis may be
able to increase understanding as to what such a law should be.

Force dipoles have been used as a course-grained approach to modeling cell con-
tractility [124]. The magnitude and orientation of this dipole can be adjusted by the cells
to obtain an optimal stress or strain in the adjacent matrix while minimizing energy
expenditure [120]. This way of modeling is a powerful tool to qualitatively explain the
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level and orientation of cell contractility that is optimal. However, the various analyti-
cal modeling approaches used to model different aspects of cellular contractility, limit
the use as a general model for cell contractility in response to a possibly complex me-
chanical environment; a finite element implementation, as is used in the current thesis,
is more suitable in this case.

Kaunas et al. [71] simulated the reorientation in response to cyclic stretch of a dis-
crete number of fibers. Because cytoskeletal force is incorporated in this model, me-
chanical interaction with the environment and active mechanosensing are possible in
principle. However, the response to a passive mechanical stimulus (substrate stiffness)
was not investigated. In contrast to this model, the stress fiber-based cell orientation
model described in this thesis was validated with both active and passive mechanical
stimuli and stress fibers were modeled as continuum, which is more computationally
efficient for large amounts of fibers.

The cell model described in this thesis is based on and most similar to the mod-
els by Deshpande et al. [29] and Vernerey and Farsad [142]. In all of these models,
the development of stress fibers in response to a mechanical environment is mod-
eled and implemented in a finite element code via a continuum approach. The model
by Vernerey and Farsad [142] was formulated as a constraint mixture approach, in-
cluding an isotropic passive cytoskeleton, fluid cytosol, and dissolved globular actin
monomers, besides actin stress fibers. This makes it suitable when the flow of fluid
and monomer in the cell is important. The response of this model in a dynamic envi-
ronment has not been investigated, and based on the equations, the model cannot pre-
dict a strain rate-dependent strain avoidance response, unlike the cell model described
in this thesis. The model by Deshpande et al. [29] was applied to both a static and a
dynamic environment [153], but different parameters were required to obtain realistic
results in both situation. The stress fiber model described in this thesis can simulate
cell orientation in static and dynamic situations with a single parameter set. Addition-
ally, a realistic response to a combination of both types of stimuli is obtained, and no
external activation stimulus is required, unlike in the model by Deshpande et al. [29].

Cell orientation in infarcted heart

Many models of the infarcted heart using finite element analysis have been described,
with different assumptions and levels of complexity [14,16,52,62,107,108,166]. These models
were mainly used to understand how cardiac function is reduced in the infarcted heart,
and which factors influence the reduction in function. To the extent of my knowledge,
finite element models were not previously used to study the local mechanical envi-
ronment in the heart and its influence on the behavior of cells present in or delivered
to the heart. Fomovsky et al. [41] did develop an agent-based model to describe cell
orientation in the infarcted heart, assuming cells preferable oriented in (cyclically)
strained direction. The outcome of their simulations agreed well with their experi-
mental results, but the assumption of strain alignment does not agree with commonly
observed cell behavior in vitro. Thus, while this modeling approach [41] more accu-
rately describes their experimental results than the modeling approach described in
this thesis (Chapter 5), which is based on in vitro cell behavior, it does not explain in
which situations the model is valid or why cells behave the way they do.
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6.4 Implications and future research

The work presented in this thesis has implications and points towards interesting direc-
tions of further research for (the modeling of) cellular mechanosensing and -responding
and for microtissue-based cardiac regeneration approaches.

Modeling how cells sense and respond to their environment

The stress fiber-based cell orientation model reported in this thesis (Chapter 3) de-
scribes several effects observed during in vitro experiments. This implies that the
principles in the model are reasonable and thus that

• cells orient in directions in which they sense mechanical resistance in static
situations

• cells orient away from dynamic strain and that this effect is more pronounced
with increased strain amplitude and shortening velocity

• there is competition between both if both effects play a role.

Furthermore, the simulated stress fiber orientations corresponded to observed stress
fiber orientations in small scale tissue constructs, indicating these principles are the
main determinants of stress fiber orientation in these constructs, in which new tissue
is formed.

The model describes cell behavior in a generic sense. It allows extension, e.g.
to include collagen fibers and their remodeling [85]. Collagen is the main load bear-
ing protein in tissues. Therefore collagen production, degradation and reorientation
strongly influence the tissue’s mechanical properties. When the model is extended
to include collagen remodeling by the cells, mechanical interaction between a col-
lagenous tissue and its surroundings is possible. Cells then not only respond to their
environment, but also influence it. This allows many phenomena related to tissue en-
gineering to be described, such as the collagen fiber alignment in cruciform gels with
different arm widths and in engineered vascular tissues [85].

While the model accurately described many phenomena that are observed in in
vitro studies, collagen orientation in the infarcted heart could not be predicted, indicat-
ing cell orientation is not determined by its local mechanical environment, as defined
by the model, but by e.g. collagen contact guidance. In the future, the model should
be extended to include this phenomenon, either by simulating the discrete geometry of
cells and collagen fibers, if the model predicts contact guidance on this smaller length
scale, or by incorporating an additional orientation stimulus to the cells.

Furthermore, dynamic simulations with realistic geometries currently require much
computational time. Several time steps per cycle must be simulated, while the devel-
opment of an orientation on a much larger time scale is of interest. Modifying the
model to include an average effect of cyclic deformation and therefore allow larger
time steps would greatly improve the practical usability of the model.

Other potential limitations to the model, such as a non-changing reference length,
are expected to only be relevant in specific situations. I therefore propose they should
only be addressed if relevant to the specific situation that is simulated.
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Microtissue-based cardiac regeneration

Strain heterogeneity was observed in the microtissue (Chapter 2). This indicates that
cells in different parts of a microtissue may feel different stimuli, and may thus re-
spond in a different manner. Experimentally cells have been shown to, for example,
change their orientation only if strain exceeds a certain magnitude [12]. Heterogeneity
may thus limit control over cellular behavior and should be limited, e.g. by adhering
the microtissue to its environment.

Furthermore, to obtain a certain fold change in microtissue deformation relative
to macroscale deformation, a much larger fold change in microtissue stiffness was re-
quired. Cells may respond to stiffness as well as strain. When stiffness is extremely
low, local stiffness may have a larger influence on cellular behavior than local defor-
mation. Attention was focused on microtissues with lower stiffness than their sur-
roundings. This was done because the infarcted heart is thought to be stiff [7], while
a native stiffness might be more suitable for cellular behavior such as cardiomyocyte
beating [32]. However, the simulations with the infarcted left ventricle indicate a large
cyclic deformation (>20%) may occur in the heart. If this is amplified inside a mi-
crotissue that is softer than its environment, it may damage the cells [12]. Thus, it may
not be beneficial to control cellular deformation by increasing it; it may be necessary
to reduce cellular deformation. However, this requires stiff microtissues, that may not
stimulate cells towards cardiac differentiation [33]. Thus, our results imply cells will
experience a non-physiologically high stiffness or strain. Future research may show
which combination of stiffness and strain in the applicable range is most suitable for
cardiac regeneration.

Besides stiffness and deformation, the structure of the environment surrounding
a cell may be important (Chapter 5). In the infarcted heart, a preferred collagen ori-
entation may guide cellular orientation. When cells are embedded in a microtissue,
they may no longer sense the cardiac structure and may respond to a local structure
in the microtissue, if present. Microtissues having a certain structure can likely be
created if an anisotropic scaffold is used. However, if these are delivered to the heart
via a catheter, control over the orientation of the microtissue with respect to the heart
may not be possible. Larger structures, on the scale of the heart, may be necessary
to control local anisotropy. Further experimental research is required to determine
the relative influence of local stiffness, local deformation, cardiac structure and local
structure stimuli on the different components of cellular behavior in microtissues and
other approaches to cardiac regeneration involving cells and a biomaterial.

To improve understanding and rational design of cell-based cardiac regeneration
in the future, a combination of in vivo experiments, in vitro experiments, and compu-
tational modeling is most promising. In vivo experiments are necessary to determine
which factors are important and should be incorporated in an in vitro approach. If
an in vitro model reflects cellular behavior in a microtissue, it can be used to vary
various parameters and determine the relative influence of contributing factors. Once
these aspects are known, they should be incorporated in the computational cell orien-
tation model that is developed in this thesis. From this extended model, a multiscale
model can be developed that not only takes into account the influence of the environ-
ment on cellular behavior, but also the influence of cellular behavior, such as collagen
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remodeling and active contraction after differentiation, on cardiac mechanics. This
will aid in determining the influence of parameter variations within a therapeutic ap-
proach, such as changing microtissue stiffness, and to compare different therapeutic
approaches, such as injecting cells in microtissues versus injecting cells in an in situ
gelling biomaterial.

Thus, while experimental evidence is essential, computational modeling may also
play an important role when designing a new therapy for MI patients. A model is
always a simplification of reality and when a model performs well, this indicates the
hypotheses underlying the model are reasonable, improving understanding of the situ-
ation modeled. Once a validated model is developed, it can easily be used to determine
the influence of various parameters, limiting experimental testing to the sets of param-
eters that are most promising based on computational results. Reducing the amount
of experiments is of special importance in a biological setting, as it not only reduces
costs, but also the amount of animal testing necessary. Such advantages of using a
computational modeling approach are not only valid for therapies aiming at MI pa-
tients; computational modeling may also improve understanding and rational design
of therapies for other (cardiac) diseases. Also, elements of a model for designing
new therapies for MI patients may be used when modeling other situations, e.g. a
macroscale heart model may also be applied to other cardiac diseases and a cell ori-
entation model may be useful when simulating the in situ engineering of other tissues
such as heart valves.

6.5 Conclusion

In this thesis, computational modeling was used to study a microtissue-based approach
to cardiac regeneration. The importance of adhering microtissues to their surround-
ings to control the local mechanical environment in the microtissue was shown. Fur-
thermore, a model was developed that describes cells sensing their mechanical envi-
ronment via actin stress fibers, and responding by remodeling these actin stress fibers.
In the infarcted heart, cell and stress fiber orientation were not governed by such sens-
ing of the mechanical environment as included in the model when a microtissue was
not present. In this case, collagen contact guidance may play an important role in de-
termining cellular orientation. However, for newly forming in vitro tissue constructs
the model performed well, both statically and dynamically. It can therefore be used
as a tool to predict cell orientation during in vitro tissue engineering approaches and
possibly in initially unstructured microtissues in the heart, and as starting-point when
developing more complex models of tissue mechanics, e.g. models including collagen
remodeling.
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[127] Stamenović D, Ingber DE (2002) Models of cytoskeletal mechanics of adher-
ent cells. Biomech Model Mechanobiol 1(1):95–108, doi:10.1007/s10237-002-
0009-9

[128] Standley PR, Cammarata A, Nolan BP, Purgason CT, Stanley MA, Camaratta
A (2002) Cyclic stretch induces vascular smooth muscle cell alignment via
NO signaling. Am J Physiol Heart Circ Physiol 283(5):H1907–H1914, doi:
10.1152/ajpheart.01043.2001

[129] Stopak D, Harris AK (1982) Connective tissue morphogenesis by fibrob-
last traction. I. Tissue culture observations. Dev Biol 90(2):383–398, doi:
10.1016/0012-1606(82)90388-8

97



Bibliography

[130] Stops AJF, Harrison NM, Haugh MG, O’Brien FJ, McHugh PE (2010) Lo-
cal and regional mechanical characterisation of a collagen-glycosaminoglycan
scaffold using high-resolution finite element analysis. J Mech Behav Biomed
Mater 3(4):292–302, doi:10.1016/j.jmbbm.2009.12.003

[131] Streeter DD, Spotnitz HM, Patel DP, Ross J, Sonnenblick EH (1969) Fiber
orientation in the canine left ventricle during diastole and systole. Circ Res
24(3):339–347

[132] Stricker J, Falzone T, Gardel ML (2010) Mechanics of the F-actin cytoskeleton.
J Biomech 43(1):9–14, doi:10.1016/j.jbiomech.2009.09.003

[133] Sun Y, Weber KT (2000) Infarct scar: a dynamic tissue. Cardiovasc Res
46(2):250–256

[134] Takehara N, Matsubara H (2011) Cardiac regeneration therapy: connections
to cardiac physiology. Am J Physiol Heart Circ Physiol 301(6):H2169–H2180,
doi:10.1152/ajpheart.00768.2011

[135] Terrovitis JV, Smith RR, Marbán E (2010) Assessment and optimization of cell
engraftment after transplantation into the heart. Circ Res 106(3):479–494, doi:
10.1161/CIRCRESAHA.109.208991

[136] Thygesen K, Alpert JS, White HD, Jaffe AS, Apple FS, Galvani M, Katus HA,
Newby LK, Ravkilde J, Chaitman B, Clemmensen PM, Dellborg M, Hod H,
Porela P, Underwood R, Bax JJ, Beller Ga, Bonow R, Van der Wall EE, Bas-
sand JP, Wijns W, Ferguson TB, Steg PG, Uretsky BF, Williams DO, Armstrong
PW, Antman EM, Fox KA, Hamm CW, Ohman EM, Simoons ML, Poole-
Wilson PA, Gurfinkel EP, Lopez-Sendon JL, Pais P, Mendis S, Zhu JR, Wal-
lentin LC, Fernández-Avilés F, Fox KM, Parkhomenko AN, Priori SG, Tendera
M, Voipio-Pulkki LM, Vahanian A, Camm AJ, De Caterina R, Dean V, Dick-
stein K, Filippatos G, Funck-Brentano C, Hellemans I, Kristensen SD, Mc-
Gregor K, Sechtem U, Silber S, Widimsky P, Zamorano JL, Morais J, Brener
S, Harrington R, Morrow D, Lim M, Martinez-Rios Ma, Steinhubl S, Levine
GN, Gibler WB, Goff D, Tubaro M, Dudek D, Al-Attar N (2007) Univer-
sal definition of myocardial infarction. Circulation 116(22):2634–2653, doi:
10.1161/CIRCULATIONAHA.107.187397

[137] Tondon A, Hsu HJ, Kaunas R (2011) Dependence of cyclic stretch-induced
stress fiber reorientation on stretch waveform. J Biomech 45(5):728–735, doi:
10.1016/j.jbiomech.2011.11.012

[138] Topalian S, Ginsberg F, Parrillo JE (2008) Cardiogenic shock. Crit Care Med
36(1 (Suppl)):S66–S74, doi:10.1097/01.CCM.0000296268.57993.90

[139] Topol EJ (2003) Current status and future prospects for acute my-
ocardial infarction therapy. Circulation 108(16 Suppl 1):III6–II13, doi:
10.1161/01.CIR.0000086950.37612.7b

98



Bibliography

[140] Ubbink SWJ, Bovendeerd PHM, Delhaas T, Arts T, van de Vosse FN (2006) To-
wards model-based analysis of cardiac MR tagging data: relation between left
ventricular shear strain and myofiber orientation. Med Image Anal 10(4):632–
641, doi:10.1016/j.media.2006.04.001

[141] Vanhoutte D, Schellings M, Pinto Y, Heymans S (2006) Relevance of
matrix metalloproteinases and their inhibitors after myocardial infarc-
tion: a temporal and spatial window. Cardiovasc Res 69(3):604–613, doi:
10.1016/j.cardiores.2005.10.002

[142] Vernerey FJ, Farsad M (2011) A constrained mixture approach to mechano-
sensing and force generation in contractile cells. J Mech Behav Biomed Mater
4(8):1683–1699, doi:10.1016/j.jmbbm.2011.05.022

[143] Villarreal FJ, Lew WY, Waldman LK, Covell JW (1991) Transmural myocar-
dial deformation in the ischemic canine left ventricle. Circ Res 68(2):368–381,
doi:10.1161/01.RES.68.2.368

[144] Walker JC, Ratcliffe MB, Zhang P, Wallace AW, Fata B, Hsu EW, Saloner
D, Guccione JM (2005) MRI-based finite-element analysis of left ventric-
ular aneurysm. Am J Physiol Heart Circ Physiol 289(2):H692–H700, doi:
10.1152/ajpheart.01226.2004

[145] Wall ST, Walker JC, Healy KE, Ratcliffe MB, Guccione JM (2006)
Theoretical impact of the injection of material into the myocardium:
a finite element model simulation. Circulation 114(24):2627–2635, doi:
10.1161/CIRCULATIONAHA.106.657270

[146] Wall ST, Yeh CC, Tu RYK, Mann MJ, Healy KE (2010) Biomimetic matrices
for myocardial stabilization and stem cell transplantation. J Biomed Mater Res
A 95(4):1055–1066, doi:10.1002/jbm.a.32904

[147] Wallace WA, Yu PN (1975) Sudden death and the pre-hospital phase
of acute myocardial infarction. Annu Rev Med 26(12):1–7, doi:
10.1146/annurev.me.26.020175.000245

[148] Wang F, Guan J (2010) Cellular cardiomyoplasty and cardiac tissue engi-
neering for myocardial therapy. Adv Drug Deliv Rev 62(7-8):784–797, doi:
10.1016/j.addr.2010.03.001

[149] Wang H, Ip W, Boissy R, Grood ES (1995) Cell orientation response to cycli-
cally deformed substrates: experimental validation of a cell model. J Biomech
28(12):1543–1552

[150] Wang JHC, Jia F, Gilbert TW, Woo SLY (2003) Cell orientation determines the
alignment of cell-produced collagenous matrix. J Biomech 36(1):97–102

[151] Wehrens XHT, Doevendans PA (2004) Cardiac rupture compli-
cating myocardial infarction. Int J Cardiol 95(2-3):285–292, doi:
10.1016/j.ijcard.2003.06.006

99



Bibliography

[152] Wei HM, Wong P, Hsu LF, Shim W (2009) Human bone marrow-derived adult
stem cells for post-myocardial infarction cardiac repair: current status and fu-
ture directions. Singapore Med J 50(10):935–942

[153] Wei Z, Deshpande VS, McMeeking RM, Evans AG (2008) Analysis and inter-
pretation of stress fiber organization in cells subject to cyclic stretch. J Biomech
Eng 130(3):031009, doi:10.1115/1.2907745

[154] Wenk JF, Wall ST, Peterson RC, Helgerson SL, Sabbah HN, Burger M, Stander
N, Ratcliffe MB, Guccione JM (2009) A method for automatically optimizing
medical devices for treating heart failure: designing polymeric injection pat-
terns. J Biomech Eng 131(12):121011, doi:10.1115/1.4000165

[155] Whittaker P (1998) Collagen organization in wound healing after myocardial
injury. Basic Res Cardiol 93 Suppl 3:23–25

[156] Whittaker P, Boughner DR, Kloner RA (1989) Analysis of healing after my-
ocardial infarction using polarized light microscopy. Am J Pathol 134(4):879–
893

[157] Wickline SA, Verdonk ED, Wong AK, Shepard RK, Miller JG (1992) Structural
remodeling of human myocardial tissue after infarction. Quantification with ul-
trasonic backscatter. Circulation 85(1):259–268, doi:10.1161/01.CIR.85.1.259

[158] Wille JJ, Ambrosi CM, Yin FCP (2004) Comparison of the effects of cyclic
stretching and compression on endothelial cell morphological responses. J
Biomech Eng 126(5):545, doi:10.1115/1.1798053

[159] Wilson W, van Donkelaar C, van Rietbergen B, Ito K, Huiskes R (2004)
Stresses in the local collagen network of articular cartilage: a porovis-
coelastic fibril-reinforced finite element study. J Biomech 37(3):357–366, doi:
10.1016/S0021-9290(03)00267-7

[160] Wilson W, van Donkelaar CC, van Rietbergen B, Huiskes R (2005) A fibril-
reinforced poroviscoelastic swelling model for articular cartilage. J Biomech
38(6):1195–1204, doi:10.1016/j.jbiomech.2004.07.003

[161] Wilson W, Huyghe JM, van Donkelaar CC (2007) Depth-dependent compres-
sive equilibrium properties of articular cartilage explained by its composition.
Biomech Model Mechanobiol 6(1-2):43–53, doi:10.1007/s10237-006-0044-z

[162] Wyatt KEK, Bourne JW, Torzilli Pa (2009) Deformation-dependent enzyme
mechanokinetic cleavage of type I collagen. J Biomech Eng 131(5):051004,
doi:10.1115/1.3078177

[163] Yan KC, Nair K, Sun W (2010) Three dimensional multi-scale modelling and
analysis of cell damage in cell-encapsulated alginate constructs. J Biomech
43(6):1031–1038, doi:10.1016/j.jbiomech.2009.12.018

100



Bibliography

[164] Yasuda S, Shimokawa H (2009) Acute myocardial infarction: the enduring
challenge for cardiac protection and survival. Circ J 73:2000–2008

[165] Ye Z, Zhou Y, Cai H, Tan W (2011) Myocardial regeneration: Roles
of stem cells and hydrogels. Adv Drug Deliv Rev 63(8):688–697, doi:
10.1016/j.addr.2011.02.007

[166] Yettram AL, Vinson CA, Gibson DG (1979) Influence of the distribution of
stiffness in the human left ventricular myocardium on shape change in diastole.
Med Biol Eng Comput 17(5):553–562

[167] Yoshigi M, Clark EB, Yost HJ (2003) Quantification of stretch-induced cy-
toskeletal remodeling in vascular endothelial cells by image processing. Cy-
tometry A 55(2):109–118, doi:10.1002/cyto.a.10076

[168] Zemel A, Rehfeldt F, Brown AEX, Discher DE, Safran SA (2010) Optimal
matrix rigidity for stress fiber polarization in stem cells. Nat Phys 6(6):468–
473, doi:10.1038/nphys1613

[169] Zhu JH, Chen CL, Flavahan S, Harr J, Su B, Flavahan NA (2011) Cyclic stretch
stimulates vascular smooth muscle cell alignment by redox-dependent activa-
tion of Notch3. Am J Physiol Heart Circ Physiol 300(5):H1770–H1780, doi:
10.1152/ajpheart.00535.2010

[170] Zimmerman SD, Karlon WJ, Holmes JW, Omens JH, Covell JW (2000) Struc-
tural and mechanical factors influencing infarct scar collagen organization. Am
J Physiol Heart Circ Physiol 278(1):H194–H200

101





Samenvatting

Een hartaanval of hartinfarct is één van de meest voorkomende doodsoorzaken in de
westerse wereld. De zuurstoftoevoer naar een deel van het hart wordt onderbroken,
waardoor daar massaal cardiomyocyten (hartspiercellen) sterven. Omdat het natuur-
lijke vermogen van het hart om zichzelf te herstellen beperkt is, wordt er na een in-
farct littekenweefsel gevormd dat niet kan samentrekken. Hierdoor functioneert het
hart minder goed. Het kan op lange termijn leiden tot schadelijke remodellering van
het hart en uiteindelijk hartfalen. Er is onderzoek gedaan naar therapieën die gebruik
maken van stamcellen om hartinfarctpatiënten te behandelen, met als doel om het
spierweefsel in het hart te regenereren (herscheppen). Helaas is de gunstige werking
van stamceltherapieën tot nog toe maar beperkt. Slechts een klein deel van de cellen
die in het hart gebracht worden blijven daar ook en de stamcellen die blijven, diffe-
rentiëren vrijwel nooit tot cardiomyocyten. Er is gedacht dat de stamcellen beter in
het hart blijven zitten wanneer ze ingebed worden in een biomateriaal en zo kleine
weefselachtige structuren (microweefsels) vormen. Het gebruik van een biomateriaal
zorgt er voor, dat er meer controle mogelijk is over de lokale omgeving van de cel.
Omdat cellen gevoelig zijn voor de mechanica van hun omgeving, is het te verwachten
dat meer controle over de omgeving van cellen leidt to meer controle over het gedrag
van de cellen. Om de cellen een werkend onderdeel van het hart te laten zijn, moet er
niet alleen aan een aantal biologische vereisten voldaan worden; het is ook nodig dat
de cellen de juiste richting hebben. Het doel van dit proefschrift was het ontwikkelen
van een theoretisch raamwerk en computermodel om, met het oog op het regenere-
ren van het hart met behulp van microweefsels, de oriëntatie van cellen in reactie op
mechanische stimulansen te analyseren en voorspellen.

Als eerste stap richting dit doel is onderzocht in hoeverre de lokale mechani-
sche omgeving van cellen in een microweefsel beheerst kan worden (hoofdstuk 2).
De lokale mechanische omgeving van de cellen wordt deels bepaald door de eigen-
schappen van het microweefsel, zoals de microweefselstijfheid die door de cellen
waargenomen kan worden, en deels door de mechanica van het hart als geheel (de
macro-omgeving), waaronder de ritmische vervorming van het hart die leidt tot ver-
vorming van microweefsels in het hart. Om te bepalen wat de invloed van de stijfheid
van het microweefsel op de vervorming van het microweefsel is, werd een computer-
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model van een bolvormig microweefsel omgeven door een vervormende omgeving
gebruikt. Bij vermindering van de microweefselstijfheid nam de microweefselrek toe;
er was dus enige controle over de rek van het microweefsel mogelijk via de stijfheid
van het microweefsel. Echter, de maximale gemiddelde microweefselrek was slechts
21/2 keer de rek die opgelegd werd aan de omgeving, terwijl de microweefselstijfheid
een honderdste van de stijfheid van de omgeving was. Dit betekent dat er slechts bin-
nen een beperkt bereik controle over de microweefselrek via de microweefselstijfheid
mogelijk was. Ook was de rek verschillend in verschillende delen van het micro-
weefsel. Hoe groot dit effect was, hing af van de manier waarop microweefsel en
omgeving met elkaar verbonden waren. Het effect was het kleinst wanneer ze zowel
in normaal- als in afschuifrichting aan elkaar verbonden waren. Deze heterogeniteit
perkt het bereik waarbinnen controle over de microweefselrek mogelijk is verder in.
De in dit hoofdstuk beschreven resultaten kunnen gebruikt worden om in te schatten
welke rekniveaus realistisch zijn om tijdens in vitro experimenten op te leggen. Ook
laten de resultaten zien dat het gunstig is om microweefsels aan hun omgeving vast te
zetten wanneer controle over de rek in het microweefsel belangrijk is.

In hoofdstuk 3 werd de aandacht verschoven naar de celschaal en celoriëntatie.
Veel hechtende cellen hebben interne vezels, vooral in de lengterichting van de cel.
Cellen kunnen spanning uitoefenen op hun omgeving via deze vezels, die ‘stress-
fibers’ (spanningsvezels) worden genoemd en een moleculaire opbouw hebben die
lijkt op die van spiervezels. Er werd een computermodel ontwikkeld om de opbouw en
afbraak van stress-fibers te beschrijven. In het model konden stress-fibers aangemaakt
worden in een aantal richtingen. De spanning in stress-fibers in elke richting was
gebaseerd op het Hill model, een veelgebruikt model om de kracht die een spier le-
vert te beschrijven. Deze spanning was maximaal wanneer rek en verkortingssnelheid
gelijk waren aan nul en nam af wanneer de absolute rek en verkortingssnelheid toe-
namen. Een hoge spanning in stress-fibers in een bepaalde richting leidde tot een
toegenomen stress-fiberproductie in deze richting. Met dit model ontwikkelden zich
vooral stress-fibers loodrecht op richtingen die cyclisch gerekt werden, in de stijfste
richting op een anisotrope ondergrond en in de ingeklemde richting wanneer andere
richtingen niet ingeklemd waren, zelfs als deze ingeklemde richting cyclisch gerekt
werd. Al deze fenomenen zijn ook in in vitro modelsystemen waargenomen. Deze
resultaten laten zien dat het model veelbelovend is als hulpmiddel om de oriëntatie
van cellen als reactie op mechanische stimulansen te analyseren en voorspellen.

Als volgende stap (hoofdstuk 4) werd het model toegepast op kleine 3D weefsels.
Deze weefsel werden of in één richting (uniaxiaal) of in twee richtingen (biaxiaal)
ingeklemd. Hierdoor ervoeren cellen in elk van de weefseltypen een verschillende
mechanische omgeving. Door de specifieke manier waarop de weefsels ingeklemd
werden, was de lokale mechanische omgeving binnenin elk weefsel heterogeen. Der-
halve was een grondige validatie van het model mogelijk door deze experimenten te
simuleren en een kwantitatieve vergelijking te maken tussen de gesimuleerde en ex-
perimentele stress-fiberoriëntatie in elk deel van de weefsels. In zowel experiment
als simulatie ontwikkelden zich vooral stress-fibers in richtingen waarin de weerstand
tegen vervorming groot was. In het midden van biaxiaal ingeklemde weefsels was
de weerstand hoog in alle richtingen en was er geen voorkeursrichting. Voor uni-
axiaal ingeklemde weefsels en bij de rand van de weefsels was de weerstand tegen

104



Samenvatting

vervorming loodrecht op de rand of ingeklemde richting lager. Hierdoor ontstond een
oriëntatie in ingeklemde richting of parallel aan de rand. Over het algemeen kwamen
de experimentele en gesimuleerde stress-fiberdistributies kwantitatief overeen.

In hoofdstuk 5 werd het ontwikkelde model toegepast op het hart. In weefsels
zoals myocardium hebben cellen en collageenvezels normaal gesproken dezelfde rich-
ting. Door de celoriëntatie die door het model voorspeld wordt te vergelijken met
een experimenteel waargenomen collageenoriëntatie, is het mogelijk om te bepalen
of het waarschijnlijk is dat de overeenkomende oriëntatie veroorzaakt wordt door de
cellen. De stress-fiberoriëntatie werd voorspeld op basis van de lokale vervorming in
een geı̈nfarcteerd hart, die werd bepaald met een bestaand model van de linker ven-
trikel. De voorspelde oriëntatie werd vergeleken met een experimenteel waargenomen
collageenoriëntatie die in de literatuur beschreven is, voor infarcten op verschillende
plekken (apex en midden op het ventrikel) en met verschillende vormen. Voor het
infarct bij de apex werd voorspeld dat er geen voorkeursrichting was. Dit kwam
overeen met de experimenteel waargenomen collageenoriëntatie. Echter, voor de in-
farcten midden op het ventrikel werd, ongeacht de infarctvorm, een voorkeur voor de
longitudinale richting voorspeld, terwijl een circumferentiële collageenoriëntatie ex-
perimenteel was waargenomen. Als de vervorming van de cel vergelijkbaar is met de
vervorming van geı̈nfarcteerd hartweefsel, dan is de waargenomen collageenoriëntatie
niet het gevolg van collageen dat in dezelfde richting gaat liggen als cellen, die ori-
ënteren op basis van hun mechanische omgeving. Dit geeft aan dat het ontwikkelde
model in de huidige toestand niet direct toegepast kan worden op het geı̈nfarcteerde
hart en wijst richting de lokale structuur (bijvoorbeeld de lokale collageenoriëntatie)
als belangrijk aspect van de omgeving van de cel. Het is interessant om in de toekomst
het model uit te breiden met de lokale structuur en de neiging van cellen om parallel
aan die structuur te gaan liggen (contact guidance).

Al met al laat dit proefschrift zien dat computermodelleren een wezenlijke bij-
drage kan leveren aan het begrijpen en voorspellen van celoriëntatiegedrag, wat be-
langrijk is voor strategieën om het hart te repareren, bijvoorbeeld door microweefsels
te injecteren.
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