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Abstract
Tissue engineering, specifically engineered human myocardium (EHM), offers a promising therapeutic perspective for patients suffering from heart failure and also might
improve drug development and testing. We therefore want to understand the interaction of heart muscle cells – cardiomyocytes (CM) – in the very early stages of tissue
generation. Deeper understanding may not only lead to improved fabrication but also
will give insights into tissue organization in mammalian hearts in general.
Therefore a mathematical model of mechanically coupled cardiomyocytes is devised
in this thesis. Detailed numerical simulations are performed to investigate the conditions
under which they synchronize. Synchronization is deemed necessary for the successful
growth of engineered tissue. Mechanical coupling in the early stages of EHM growth
happens via the extracellular matrix (ECM), i.e., the collagen hydrogel (with or without
fibroblasts) surrounding the cells. The mechanical properties of these hydrogels with
and without fibroblasts and CM were investigated in rheological experiments.
In the numerical simulations of viscoelastically coupled CM, various forms of n:m
synchronization – including n = m = 1 – of the cells are observed if the coupling matrix
is sufficiently stiff. This matches qualitatively the regime of viscoelastic parameters
into which the ECM is observed to develop in the rheological experiments. In those, the
presence of fibroblasts is found to further stiffen the ECM compared to pure collagen
or collagen with CM only. Fibroblasts thus improve the conditions for synchronization
of CM coupled by the ECM.
The special case of purely elastic coupling, though being unphysiological in the
context of tissue engineering, shows interesting antiphase synchronization and chimera
behavior in the numerical simulations.
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Glossary and Abbreviations
Abbreviations
AFM Atomic force microscope
AP

Action potential

CM

Cardiomyocyte, heart muscle cell

ECC Excitation-contraction coupling
ECM Extracellular matrix
EHM Engineered human myocardium, see section 1.3
EOM Equations of motion
HFF Human foreskin fibroblasts, Fib in [1]
HF

Heart failure

hiPSC Human induced pluripotent stemcells
LAOS Large-amplitude oscillatory shear
MEF Mechanoelectric feedback
ODE Ordinary differential equation
SAC Stretch-activated current
SEM Scanning electron microscope
SR

Sarcoplasmic reticulum

Glossary
action potential An excitation in the membrane voltage of a biological cell (in this work:
heart muscle cell), either due to internal dynamics or as a response to an external
stimulus.
chimera state A dynamical state in a network of coupled oscillators where coherent and
incoherent populations coexist [2, 3].
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Glossary and Abbreviations
cardiomyocyte Contracting heart muscle cell the coordinated contraction of which constitutes the pumping function of the heart. The mechanical contraction of the cell is
triggered by an action potential via ECC.
collagen Most abundant biopolymer in the human body. Provides the basis for the ECM in
EHM production.
fibroblast Nonmyocyte cells present in the heart muscle shaping the ECM by secreting
collagen.
gelation/polymerization In the context of the collagen hydrogels used in this thesis,
gelation and polymerization denote the formation of a collagen network from the
initially solved collagen after neutralization with NaOH. It is visible in a rapid increase
in G′ and G′′ in the time sweep.
Maxwell element A spring-dashpot representation of a linear viscoelastic fluid consisting
of a spring and a dashpot in series. Used in the present work to model the ECM.
membrane voltage Difference in electrical potential between inside and outside of biological
cells, i.e., potential difference across the cell membrane.
refractory period The period of time following an excitation in which a new excitation is
not possible.
strain-stiffening Stronger-than-linear increase of stress with increasing strain.

Symbols
a

Parameter controlling onset and frequency of oscillations of membrane voltage

d

Viscous creep

∆x

Deformation, cell elongation

γ, γ̇

Strain and strain rate

γ0 , γ̇0 Amplitudes of oscillatory strain and strain rate
G′ , G′′ Storage and loss modulus
IS

Stretch-activated current

kc , γc Elasticity and fluidity of the Maxwell element representing the ECM
kr , γr

Stiffness and damping of the internal harmonic relaxation force of the cells

ψ

Phase of oscillation

σ

(Shear) stress

T

Active contractile force

t

Time

v

Normalized membrane voltage
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Chapter 1
Introduction
In the human body as in all vertebrates the heart is responsible for pumping blood
and thus delivering oxygen and nutrients to all organs [4]. When its function is
impaired by sickness or injury, severe consequences can follow. Depending on the level
of impairment, they can range from reduced physical performance to heart failure
(HF) when the heart is not able to pump a sufficient amount of blood to all organs [5].
While heart diseases in general pose a major cause of death worldwide, heart failure
specifically affects over 6.5 million people in the US alone [6]. There are numerous
possible treatments to HF, ranging from pharmaceuticals to a transplantation of the
whole organ in the most severe, life-threatening cases [7, 8]. Since the supply of donor
organs is limited [9], new therapeutic approaches are needed. One possibility of finding
such a new approach is the in-vitro engineering of cardiac tissue [10] from heart muscle
cells. Not only does direct implantation of engineered tissue offer the prospect of
improving the function of the organ in the case of HF and ideally regenerating the
heart muscle itself [11, 12], engineered tissue also offers the perspective of facilitating
disease modelling, drug development, and drug testing [13, 14].
The success of engineering cardiac tissue depends on the ideal combination of
constituents [15]; not only the heart muscle cells or cardiomyocytes (CM) themselves
but also possible nonmyocyte cells (mainly fibroblasts) and the extracellular matrix
(ECM) into which the cells are embedded. Understanding how the interactions between
the cells lead to the growth of functioning tissue may not only improve the success rates
and, ultimately, the yield of tissue engineering but may also help understanding better
how the heart as an organ forms in an embryo in nature. CM contract mechanically;
in healthy tissue, their synchronized, coordinated contraction constitutes the pumping
function of the whole organ [16]. Mechanical contraction in each CM is triggered by
an electrical excitation in the membrane voltage of the cell, an action potential, via
a process called excitation-contraction coupling (ECC) [17, 18]. In connected tissue,
cross talk between the cells’ electrical excitations happens mainly electrochemically via
gap junctions formed between neighboring cells [19] but the cells can also influence
each other electromechanically via mechanoelectrical feedback [20–22]. When growing
engineered tissue, the cells initially oscillate on their own [23]. Exactly how, when and
under which conditions the individually beating cells synchronize and whether this
1

Introduction
synchronization is a necessary condition or a consequence of growing into a connected
tissue is poorly understood.
On a more abstract level, the question of synchronization in cardiomyocytes is
part of the study of dynamics of coupled oscillators. Over the last decades and
centuries, there have been many studies on synchronization phenomena in coupled
linear and nonlinear oscillators [24]; from the first description of two coupled pendulum
clocks [25, 26] by Huygens over networks of phase oscillators with diverse types of
coupling functions [27–29] to chimera states [2, 3, 30, 31] in networks of various kinds
of (identical) oscillators. Despite the large number of studies, the specific system of
viscoelastically coupled excitable oscillators describing the CM coupled by the ECM is
not present in literature. Even the broader class of viscoelastically coupled non-linear
oscillators is not studied often [32], so open questions remain regarding synchronization
dynamics in this area.

1.1

Research questions and scope of this thesis

The research done in the course of this thesis was conducted as part of the collaborative
research center SFB 937, project A 18. The two central hypotheses of this project were
that
1. for successful engineering of cardiac tissue from cardiomyocytes, these cells have
to synchronize their beating and
2. this synchronization happens due to the mechanical coupling via the extra-cellular
matrix in which the CM are embedded.
This thesis concentrates on the second hypothesis. The underlying question to be
studied is whether and how synchronization of the electrical excitations of purely
mechanically coupled CM occurs qualitatively in numerical simulations. Therefore a
mathematical model describing the coupled CM qualitatively as viscoelastically coupled
excitable oscillators is devised. Since the results depend on the mechanical properties
of the ECM, rheological measurements to determine these properties, both linear and
nonlinear, are conducted. Ideally, the results of these measurements can then be used
to model the mechanical coupling more realistically and determine ECM parameters
for which one expects synchronization of the CM.
On its own, the work in this thesis can not prove any of the two hypotheses listed
above since the experimental proof of synchronization and mechanical interactions
leading to it is well beyond the scope of my work. In the larger context of the collaboration however, results of the study of synchronization dynamics of viscoelastically
coupled CM could in principle falsify the second hypothesis, i.e., synchronization by
mechanical coupling via the ECM, especially if no synchronization at all or only at
unphysiological parameters would be found. If on the other hand synchronization
purely by mechanical coupling, i.e., without direct electrical coupling is found, the
second hypothesis is further supported.
2
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Aorta

Left atrium
Right atrium
Left ventricle
Right ventricle

Septum

Figure 1.1 Sketch of the human heart with left and right ventricles and atria. Blue and red
colored regions indicate deoxygenated and oxygenated blood pathways, respectively. Adapted
from [34], Wikimedia Commons, CC BY-SA 3.01 .

The thesis is structured as follows. The coming sections in chapter 1 introduce
general concepts of the heart, heart failure, and tissue engineering as well as the
phenomenon of synchronization in coupled oscillators. The mathematical model for
viscoelastically coupled excitable oscillators and its implementation are introduced in
chapter 2 as well as concepts of rheology and the experimental protocols used in measuring the rheological properties of the extracellular matrix. Results of the numerical
simulations are presented in chapter 3, while chapter 4 contains the results of measuring
the ECM rheology. Here, the sections 3.1 and 4.1 consist of the two publications [33]
and [1], respectively. [33] contains the numerical study of synchronization in systems
of two and of linear chains of viscoelastically coupled excitable oscillators. In [1], we
investigate the role of fibroblasts and cardiomyocytes on ECM formation and the
rheology of the ECM. The discussion in chapter 5 bridges the two parts, simulations
and experiments, and presents an outlook on possible future work.

1.2

The heart and heart muscle cells

Before introducing the concepts of engineering cardiac tissue it is worth looking in
more detail at the organ itself and the cells it is mainly made of.

3
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1.2.1

Heart and heart failure

The heart is one of the most important organs in our bodies. In an average adult it
beats around 100 000 times per day, pumping around 4 to 8 litres per minute [4]. Its
general buildup is sketched in figure 1.1; it is a muscle essentially consisting of four
compartments: right and left ventricles and atria, respectively. The two ventricles are
separated by the septum. The outer heart wall of the organ mainly consists of the
myocardium, the actual heart muscle responsible for the major part of its pumping
function [35]. The muscle itself is mainly made out of connected heart muscle cells,
cardiomyocytes (CM), that will be presented in more detail in the following section. At
each contraction of the muscle, deoxygenated blood is pushed out of the right ventricle
to the lungs and oxygenated blood flows from the left ventricle into the rest of the body.
After contraction the muscle dilates and the ventricles are filled again with oxygenated
blood from the lungs and deoxygenated blood from the rest of the body.
Each mechanical beat is preceded and triggered by an electrical excitation of the
myocardium. There are specific pacemaker regions in the organ that are responsible
for the initiation of this electrical activity and thus keeping up the healthy cardiac
rhythm. The origin of the electrical activity is the sinoatrial (SA) node located at the
top of the right ventricle [36]. From there, the excitation is forwarded through the
atria to the atrioventricular (AV) node located at the septum between the atria where
it is delayed to allow for full contraction of the atria. The excitation then continues
through atrioventricular bundles, bundle branches, and so-called Purkinje fibers to the
ventricular myocardium where it triggers the actual contraction [35]. Many cardiac
diseases and arrhythmias can be linked to faulty conduction or excitation dynamics
[37, 38].
Due to its general importance to the functioning of the body, pathological impairments of the heart by disease or injury can pose a major health risk. Almost
consequently, cardiovascular diseases in general are the major cause of death worldwide
[39]. One of the most widespread is heart failure (HF) whereby the pumping function
of the heart is reduced to a level that it cannot deliver enough oxygen to the rest of the
body [8]. In the US alone, in total 6.5 million people are affected by this condition [6];
in Germany, HF is the most common reason for hospitalization [40]. Especially when
it becomes chronic, the majority of cases of HF can be associated with myocardial
remodeling, fibrosis and, ultimately, cardiomyocyte death [41]. Most current treatments
of HF can only soften its symptoms or slow down the remodelling process, but there is
currently no therapy available that actually restores CM function [42] – the exception
being the full transplantation of the organ. Implanting engineered tissue provides a
prospect of remuscularization and thus a possible cure of the underlying cause to HF
[43]. A more comprehensive discussion of tissue engineering will be given in section 1.3.
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(a) Cardiac muscle tissue

(b) Z-bands of an isolated CM

Figure 1.2 Images of connected and isolated cardiomyocytes. (a) Myocardial tissue with
CM (darker red) and ECM (lighter regions). The CM are connected by intercalated discs
(highlighted). Inside the CM, the myofibrils responsible for contraction are visible. Image
taken from [44], Wikimedia Commons, CC BY-SA 3.0. (b) Confocal image of a CM in which
cell membrane and Z-bands have been made visible using a fluorescent dye (di-8-ANNEPS).
Image taken from [45] with permissions.

1.2.2

Heart muscle cells

As mentioned previously, the contractile function of the myocardium is generated by
its heart muscle cells or cardiomyocytes (CM). However, those are not the only cells
that make up the myocardium – in fact about 30 % of all cells are CM [46]. The largest
part of the remaining cells are endothelial cells (about 45 %) and fibroblasts (≳ 10 %)
that are mainly responsible for providing an ideal mechanical environment for the
CM. Together with the surrounding collagen fibers, the nonmyocyte cells make up the
extracellular matrix in healthy adult cardiac tissue that is shown in figure 1.2a. The
almost rectangular-shaped CM are largely aligned. Since they contract along their
long axis, this alignment provides a direction of contraction for the whole tissue. The
contraction of the individual cell involves myofibrils inside the cell and will be explained
in section 1.2.3. The cells are bounded by their cell membranes which is disrupted by
a regular pattern of Z-bands that are shown in figure 1.2b. They – or, more precisely,
structures called T-tubuli within the Z-bands – allow for an additional exchange of
ions between intra- and extracellular space also for the intracellular regions further
apart from the cell membrane.
As is the case in most biological cells, there is an electrical voltage across the
membrane of CM, the membrane potential. It is defined as the difference in electrical
potential between the inside of the cell and the extracellular medium stemming from
different ion concentrations inside and outside the cell [47]. At rest, the ion concentrations are constant and determined by the permeability of the cell membrane for
1
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Action potential
h
i
Intracellular Ca2+
Contraction

200 ms
Figure 1.3 Sketch of a cardiac action potential, the intracellular calcium concentration and
the contraction of a CM. The excitation in the membrane voltage, i.e., the action potential,
triggers the calcium dynamics that in turn start the contraction mechanism of the cell.
Adapted with permission from [18].

the individual ion species. The membrane voltage can then be calculated via Nernst’s
equation. In this state, the membrane voltage of a human CM is about −80 mV. The
ion species that contribute most to the cardiac membrane voltage are Na+ and Ca2+
whose concentrations inside the cell are lower at rest than outside, and K+ that has a
higher concentration at rest inside than outside the cell.
The permeability of the cell membrane however, can change drastically by the
opening of ion channels that either passively allow ions to pass through when open or
actively pump ions through the membrane. For an extensive review on ion channels in
CM see, e.g., [48]. Most of these channels open in response to a change in membrane
voltage leading to the most important feature of the electrical dynamics of a CM, the
action potential (AP) that is sketched in figure 1.3 in black. After an initial slight
increase in membrane voltage above −70 mV, voltage gated sodium channels open and
Na2+ is rapidly transported into the cell, leading to the fast upstroke or depolarization
of the membrane voltage [47] to values around 20 mV in a time span of about 10
ms. After a short decrease in membrane voltage (initial repolarization) caused by a
transient outflow of K+ triggered by the increase in membrane voltage, the slower
calcium dynamics take over. Through the membrane and the Z-bands, Ca2+ enters
the cell where it triggers a further calcium-induced calcium release from separated
reservoirs inside the cell called sarcoplasmic reticulum (SR) [17]. Outward K+ and
inward Ca2+ (both from the outside of the cell and the SR) currents approximately
balance each other leading to a prolonged plateau phase in the AP. By the opening of
additional slower potassium channels, the membrane voltage decreases further during
repolarization until it reaches its resting value again. At the same time, active ion
channels exchange K+ and Na+ through the cell membrane and Na+ and Ca2+ through
membrane and into the SR, thus restoring the initial ion concentrations. Even after
the membrane voltage has returned to its resting value, some ion channels remain in
an inactivated state from which they cannot open again. This leads to a period of
time after the AP, called refractory period, in which the cell does not exhibit an AP
even when the membrane voltage is increased above the threshold of the opening of
6
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the sodium channels. Only when these channels have returned to their resting, closed
state, a new AP can be triggered.
The whole dynamics of the membrane voltage can be described as an excitable
system [49]: While a small distortion from the resting state, i.e., increasing the
membrane voltage to values below the opening threshold of the sodium currents will
just decay to the resting state, a hyperthreshold stimulus triggers an excitation, i.e., an
action potential. As long as the stimulus is large enough to overcome the threshold, its
exact strength does not matter – it will in any case trigger the AP dynamics described
above and thus cause an excitation. The excitation then is followed by a period of
time in which no new excitation is possible – the refractory period.
There is another type of ion channels not mentioned before but relevant to this
thesis – channels gated by mechanical stimuli such as stretch of the cell membrane
or change in cell volume [50, 51]. When these channels open due to a stretch of the
cell, they cause an inflow of positive ions, that in turn may cause the membrane
voltage to exceed the excitation threshold and thus cause an AP. This influence of a
mechanical stimulus on the electrical dynamics of the cell is called mechanoelectric
feedback (MEF) [20].
In the healthy myocardium, cardiomyocytes are coupled electrically to their neighbors by gap junctions [19]. They allow for the exchange of ions between the cells
whereby an AP in one cell causes the membrane voltage in the neighboring cells to
exceed the excitation threshold as well. If they are not refractory due to an earlier
excitation, they exhibit an AP. This leads to the propagation of the excitation through
the whole tissue, completing the picture of the conduction of the electrical activation
through the myocardium introduced in section 1.2.1. After having entered the myocardium through the Purkinje fibers close to the apex, i.e., the lower end of the heart,
the excitation travels upwards through the ventricular myocardium, thus recruiting the
CM in the myocardium in a coordinated way. This propagation of excitation allows
for the description of cardiac tissue as an excitable medium [49].

1.2.3

Contraction of cardiomyocytes

The electrical dynamics of the membrane voltage of a cardiomyocyte discussed above
have the specific task to trigger the generation of a contractile force in each individual
CM. The alignment of the CM in the tissue (cf. figure 1.2a) leads to the coordinated
contraction of the whole organ and thus generates its pumping function. The process
whereby the electrical excitation triggers mechanical contraction is called excitationcontraction coupling (ECC) [18]. A key element in this process is the intracellular
calcium concentration that is strongly increased by the calcium-induced calcium release
from the SR caused by the action potential. Its time trace following the onset of an
AP is sketched in figure 1.3 in blue.
The increase in intracellular Ca2+ concentration triggers the contraction machinery
in the myofibrils inside the CM. The myofibrils consist of complexes of actin filaments
and myosin, actomyosin complexes, organized in subunits called sarcomeres [52] located
between the Z-lines depicted schematically in figure 1.4. In the presence of calcium
7
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Z-line
Myosin head
Relaxed
Contracted

Myosin tail
Actin filament

Figure 1.4 Schematic depiction of a sarcomere in relaxed and contracted state. An increase
in available Ca2+ leads to the binding of myosin heads to the actin filaments. This pushes
the myosin along the actin and thus, contracts the sarcomere. Adapted from [52], Wikimedia
Commons, CC BY-SA 3.0.

ions, myosin heads bind to the actin filaments whereby the whole myosin complex
moves into the cavities spanned by the actin [53]. As long as there is calcium available,
this leads to even more available actin binding sites for the myosin heads and thus,
to a positive feedback resulting in a force generated by the sarcomere that pulls the
two Z-lines together. When this happens simultaneously in all sarcomeres in one cell,
as is the case when the calcium release is triggered by an action potential, the whole
cell contracts. This contraction as a response to the increase in intracellular calcium
concentration is shown in figure 1.3 in red. The need for a coordinated contraction of
all sarcomeres is why the calcium-induced calcium release from the SR is so important
not only at the outer cell membrane but also along the Z-lines (or, more specifically,
the T-tubuli) [53]. It allows for an increase in local Ca2+ concentration simultaneously
at actomyosin complexes close to and further away from the cell membrane. When the
calcium dynamics is impaired, the contractility of a CM is reduced which can in turn
lead to a reduced pumping performance and thus, heart failure on the organ level [45].
Together with the MEF, the contraction of CM provides another pathway of cellto-cell cross talk besides the coupling via gap junctions. One cell’s contraction can
deform its neighbors and influence their electrical dynamics via MEF – in case of large
deformations it may even depolarize these cells [21].

1.3

Engineering cardiac tissue

After having introduced the general function and features of the heart muscle and
its cells we can now turn to the engineering of cardiac tissue in vitro. As explained
8
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Figure 1.5 Idea of engineering and transplanting cardiac tissue. The tissue is grown from
CM in an ECM (here: fibroblasts and collagen). After possibly fusing several patches of
engineered tissue to form a larger and thicker compound, it is implanted on the myocardium
to improve contractility and ideally remuscularize damaged regions. Adapted with permission
from [43].

above, engineered tissue offers the prospect of regenerating the myocardium in the case
of heart failure without having to transplant the whole organ. The conceptual idea
of in-vitro engineering and implanting tissue is sketched in figure 1.5. Even without
the direct therapeutic application, engineered tissue can serve as a model in drug
development and testing [13].
Beginning in 1997 with embryonic chick cardiomyocytes, Eschenhagen et al. [54]
started culturing CM in a three-dimensional collagen matrix, resulting in coherently
contracting model tissue. This was later extended by Zimmermann et al. [55, 56]
to rat CM in a collagen matrix, producing contracting rings basing on mammalian
instead if avian CM, thus giving the first perspectives of engineering heart tissue for
therapeutic purposes. The next steps towards clinical application included the usage
of human induced pluripotent stem cell (hiPSC) derived CM instead of animal cells
[15, 57]. There are also alternatives to using collagen for the ECM, e.g., fibrin [58].
For the engineered tissue derived from hiPSC CM and collagen type I, Zimmermann
et al. coined the term “engineered human myocardium” (EHM). These tissues were
used to graft the patches shown in figure 1.5 that have areas of the order cm2 each.
The general protocol starts out from hiPSC CM, type I collagen, and human foreskin
fibroblasts (HFF) that over the course of several weeks grow into contracting rings or
patches. The contractile force of these rings or patches corresponds to that of cardiac
tissue in an infant [15]. Compared to the initial hiPSC CM being more similar to
embryonic CM, that implies an advanced degree of maturation during the growth of
the EHM. In preclinical studies EHM has already been successfully implanted into rats
[15, 43, 57] and macaques [12].
With the clinical application in mind, induced pluripotent stem cells could even
allow for patient-specific autografts, i.e., patients being treated with EHM derived
from CM that in turn stem from their own reprogrammed somatic cells. However, due
to the large number of possible patients, the cost and time required for reprogramming,
and the risk of unwanted mutations, autografts seem unlikely in clinical application
9
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(a) Tropocollagen triple helix

(b) SEM image of collagen network

Figure 1.6 Collagen consists of cross-linked tropocollagen molecules (a) that are built of a
triple helix of three strands of procollagen. Image taken from [66], Wikimedia Commons,
CC BY-SA 3.0. These molecules form microfibrils and fibrils that arrange into the collagen
network. (b) Scanning electron microscope (SEM) image of a collagen network in vitro
at a temperature of 30 ◦C and a concentration of 4 mg/ml. The scale bar in the lower left
represents 200 nm. Image reprinted from [67] with permission.

[11]. This means that, although basing on hiPSC, implants of engineered tissue would
still need to be accompanied by immune suppression comparable to conventional wholeorgan transplants. Apart from implantation, EHM and engineered tissue in general
can facilitate drug development and testing [13]: being derived from human cells, both
the reaction to drugs and disease modelling in EHM could be closer to those of humans
than are, e.g., animal models. At the same time, EHM provides an higher grade of
maturation than conventional cell cultures.
Alternatives to engineering functioning myocardium include the grafting of cell
sheets of hiPSC CM without letting the cells grow into contracting tissue [59, 60]
or direct implantation of stem cells or CM [61, 62]. There is also the approach of
reprogramming fibroblasts to CM-like cells in hearts affected by HF to improve pumping
function [63].

1.4

Collagen

Collagen is the most abundant biopolymer found in mammals and accounts for about
30 % of the total protein mass [64]. There are 28 different types of collagen [65], usually
labeled with Roman numerals I – XXVIII. Of these, collagen type I is by far the most
common in the human body – 90 % of the collagen found in humans is of type I. Mainly
for this reason, it is also the type of collagen used for EHM and thus in the experiments
conducted in the course of the present thesis, too. As mentioned above, the collagen I
provides the basis for the ECM of engineered human myocardium [57]. In the living
organism it provides structured networks found in the extracellular matrix of muscle
tissue, in the skin, bones, and tendons.
10
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Type I collagen has a highly hierarchical structure. On molecular level it consists
of tropocollagen – a molecule that itself consists of three procollagens arranged in a
triple helix as sketched in figure 1.6a [68]. These molecules in turn are connected by
crosslinkers and form microfibrils that align and connect to form the collagen fibrils.
Those, finally, arrange into the network structure shown in figure 1.6b that is observed
in vitro and in vivo. For a more detailed explanation of the hierarchical structure and
its chemical components, see [65, 67, 68]. The thickness, length, and strength of the
individual microfibrils and fibrils and thus, the overall network depends on external
conditions such as wetness, pH, and temperature [69, 70]. In the body, collagen – or
procollagen, to be precise – is secreted by fibroblasts [64] highlighting the importance
of fibroblasts for the functioning of the ECM.

1.5

Oscillation and synchronization

Since a large part of the present thesis will treat the dynamics of coupled periodically
oscillating cardiomyocytes it is worthwhile to introduce the phenomenon of synchronization in interacting oscillators in general. This is a broad and complex topic and
has been the object of research for decades to centuries [25, 26, 71–75]. Thus the
following brief introduction can by no means cover all aspects. For a more detailed
introduction see e.g. [74, 75]. The term synchronization stems from the Greek and
can be translated to “at the same time” [74]. In general, synchronization means that
in a system of at least two interacting subunits, the dynamics of some or all of these
subunits are changed in speed and frequency by the interaction such that they all
express a common temporal behavior. To put it in the words of Balanov et al. [75] for
systems of oscillators:
“Synchronization is an adjustment of the time scales of oscillations due to
interaction between the oscillating processes.”
This can also describe the adjustment of a single oscillator to an external driving. Thus,
two oscillators, possibly each with its own amplitude and frequency, are considered
synchronous if they express a common frequency when coupled because of the interaction
via the coupling.
Oscillations occur in many systems and can have almost arbitrary form, from a
simple pendulum to the contracting cardiomyocytes that are the subject of the present
thesis to the motion of planets around a star. Often, oscillations are characterized
by their phase ψ(t) ∈ [−π, π)2 [76]. In the case of a simple sine sin(ωt) with angular
frequency ω, the phase is simply3 ψ(t) = (ωt mod 2π) − π. Its time derivative,
the phase velocity, ψ̇(t) = ω is constant. During one period of the sine, the phase
grows linearly from −π to π, thus describing the location of the oscillator along the
course of its oscillation. This is generalized to arbitrary oscillations such that ψ(t) is a
Often, ψ ∈ [0, 2π) is used instead. I use the interval [−π, π) solely for the reason of consistency
with [33]
3
π is subtracted to match the interval above.
2
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monotonously increasing function growing from −π to π during one period of oscillation.
This generalization can still be used if the period itself is not constant anymore. Exactly
how that function is defined depends on the system under consideration. For all systems,
this function can be chosen such that the resulting phase velocity is constant [74], so
ψ̇ = ω as for the simple sine. In the following I will limit all considerations to this case
of constant phase velocity. Note that the phase only encodes the temporal component
of the dynamics but not shape or amplitude of the oscillations.
Still, the phase is a useful tool when describing the synchronization of oscillators
[74, 75]. Consider two oscillators with constant phase velocities ψ˙10 = ω1 and ψ˙20 = ω2
when both are unperturbed. When these oscillators are coupled they influence each
other’s (phase) dynamics. As a consequence, they display phase velocities ψ˙1c and ψ˙2c
that may differ from the unperturbed ones and are, in general, not necessarily constant
anymore. In the most strict case, synchronization means that both oscillators, after
possible transients, agree on a common frequency Ω due to the coupling and
ψ˙1c = ψ˙2c = Ω.

(1.1)

Their phases then evolve with the same velocity and the phase shift
∆ψ := ψ1 − ψ2 = const

(1.2)

remains constant over time. In the special case of ∆ψ ≈ 0, one speaks of in-phase
synchronization, if ∆ψ ≈ ±π, of antiphase synchrony. Further, there is the case of n:m
synchronization whereby, again due to the coupling,
ψ̇1c
n
,
=
m
ψ̇2c

n, m ∈ N.

(1.3)

Thus, after the first oscillator has advanced by n oscillations, the second has advanced
by m oscillations. The above case in equation 1.1 corresponds to n = m = 1. In a
more general and less strict picture of synchronization, equations 1.1 and 1.3 only
have to hold for the time-average of the phase velocities over a suitable number of
oscillations [74]. This latter concept of a fixed ratio n:m of the averaged frequencies
effectively is the one I will use in the course of this thesis (see section 2.2). Incidentally,
in the case of n = m = 1, this corresponds to a true equality of the phase velocities for
the right choice of the phases in all my systems.
The concept of synchronization can be extended even to chaotic subunits that – by
interaction – synchronize their temporal dynamics even though the synchronized state
may still be chaotic [72]. An interesting interplay of synchrony and chaos happens in
the case of chimera states [2, 3] that have been investigated for almost two decades.
Named after an ancient Greek mythological creature consisting of the parts of several
different animals, they denote dynamical states of coupled identical oscillators in which
synchronous or coherent and asynchronous or incoherent populations coexist [77].
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Chapter 2
Methods
The following chapter introduces the methods used in this work. The mathematical
model and its numerical implementation are explained and an overview over the
experimental setup and protocol is given. Both are described in sections 3.1 and 4.1
or in the two corresponding publications [33] and [1], too, but less detailed and, in
the case of the experimental methods, without the changes to the protocol made after
September 2018. Nevertheless, some redundancy cannot be avoided.

2.1

Modelling viscoelastically coupled cardiomyocytes with excitation-contraction coupling

To model the system of beating cardiomyocytes coupled mechanically by a viscoelastic
extracellular matrix one needs mathematical descriptions for each of the individual
building blocks: electrical excitation, mechanical contraction, mechanosensing, and
mechanical coupling via the ECM. The electrical excitation drives the mechanical
contraction which deforms the ECM, thus providing a mechanical interaction that
couples the electrical dynamics of the cells via mechanoelectric feedback. The goal of
the model is to include all these contributions in a meaningful manner while remaining
as simplistic as possible. In the following sections I describe the mathematical models
for each part separately, and explain how they are combined to describe the full system.

2.1.1

Electrical excitation of the membrane voltage

The electrical excitation of the membrane voltage (see section 1.2.2) can be described in
almost any level of complexity. The existing mathematical models range from cellular
automata [78] and simplified models with few dynamical variables [79–81] to detailed
descriptions of the individual ion currents and concentrations [82–84]. Essentially, all1
Except for cases like [78] where the dynamics is simplified into a cellular automaton with discrete
states.
1
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membrane potential v

τclose

τopen
τout
τin

time t

Figure 2.1 Sketch of a cardiac action potential with indicated time scales τin , τclose , τout ,
and τopen . Reproduced from [85].

models have in common the form of the ODEs describing the dynamics:
dv
= f (v, h),
dt
dh
= g(v, h)
dt

(2.1)
(2.2)

where v denotes the (possibly normalized) membrane voltage and h is a vector of
auxiliary variables describing, e.g., the refractoriness of the cell or the gating of
individual ion channels. Often, the function f (v, h) has the form
f (v, h) =

1 X
Iion (v, h)
Cm ion

(2.3)

where the Iion are – depending on the model complexity – generalized or actual ion
currents through the cell membrane and Cm is the capacitance of the membrane.
Another common feature of most of the mathematical models for the membrane
voltage is that they usually do not express oscillatory behavior since they usually
describe the dynamics of CM in the whole organ where only specific pacemaker cells
exhibit oscillations. On the contrary, the hiPSC derived CM in EHM show pacemaker
behavior, i.e., they do oscillate [15, 23] with frequencies about 1 Hz. Since that is the
system motivating my study of viscoelastically coupled excitable oscillators I use the
Mitchell-Schaeffer model [85] in a modified version introduced by Djabella, Landau
and Sorine [86] to model the electrical excitation in the following.
Originally, the Mitchell-Schaeffer model was introduced as a special case of a model
introduced by Karma [87]. It consists of two dynamical variables; one variable for
the normalized membrane potential v and one generalized gating variable h. In the
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Mitchell-Schaeffer model, using Cm = 1, equation 2.3 has the form
f (v, h) = Iin (v, h) + Iout (v) + Istim (t)
hv 2 (1 − v)
Iin =
τin
v
Iout = −
.
τout

with

(2.4)

and

(2.5)
(2.6)

Istim (t) denotes a possibly time-dependent (external) stimulus on the membrane voltage.
τin and τout are the timescales of the upstroke and the decrease of an action potential,
respectively. Both are sketched in figure 2.1. The gating behavior of h becomes
apparent in equation 2.5; Iin is fully present when h = 1 and absent if h = 0. The
dynamics of h is governed by the ODE


dh  τ1−h
= open
 −h
dt
τ

close

if v < vgate

(2.7)

else

where vgate corresponds to the excitation threshold. τopen and τclose are time scales of
the refractory period and the plateau phase of the AP, respectively. Again, they are
depicted in the sketch in figure 2.1. The resting state of this model is v = 0, h = 1; at
full excitation v = 1.
Djabella et al. modified these equations to also allow for oscillatory solutions [86]
by introducing parameters a and λ to equation 2.5 such that
Iin (v) =

h
(v + a) (v + a − λ) (1 − v) .
τin

(2.8)

Tuning a controls the onset and frequency of oscillations or pacemaker activity, λ serves
to further control excitability. They further regularize the ODE for h by introducing
the parameter ηgate and functions
ϵ(v, h) =
h∞ (v) =

1
τclose

+

τclose − τopen
h∞ (v)
τclose τopen

 h

i
 1 1 − tanh v−vgate

if ηgate ̸= 0

[1 − sgn (v − vgate )]

if ηgate = 0

2

1
2

ηgate

and
.

(2.9)
(2.10)

Here, sgn(·) is the sign function. The full set of ODEs then reads
dv
h
v
=
(v + a) (v + a − λ) (1 − v) −
+ Istim (t),
dt
τin
τout
dh
= ϵ(v, h) (h∞ (v) − h) .
dt

(2.11)
(2.12)

Equations 2.11 and 2.12 will be used in the following to model the membrane voltage.
As Djabella et al. are doing, I will drop the parameter λ in the equation of v for
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simplicity, i.e., λ = 0.

2.1.2

Active contraction of cardiomyocytes

In principle, modeling the active contraction of cardiomyocytes realistically, requires a
detailed description of the intracellular calcium dynamics (see section 1.2.3) in addition
to the dynamics of the membrane voltage [88, 89]. Since firstly, in the course of this
thesis, I am mainly interested in a qualitative description and secondly, the calcium
release itself is triggered by an action potential, I will use the simplified expression
for the active contractile force from Weise and Panfilov [90, 91] directly depending on
the (normalized) membrane voltage v introduced in the previous section. The active
contractile force T obeys the ODE
dT
= ϵT (kT v − T )
dt

(2.13)

with parameters ϵT , kT > 0. Since 0 ≤ v ≤ 1, T ≥ 0 at all times. T thus only accounts
for the active contraction and has to be countered by a force restoring the cell to its
original elongation. In the following, a simple harmonic restoration force
Fr = −kr ∆x − γr

d∆x
dt

(2.14)

with stiffness kr and damping γr will be used. ∆x denotes the cell elongation.
I can now reduce the actual contraction of the whole cell to the motion of a single
point representing the position of the cell membrane as sketched in figure 2.2a. With
its position x and resting position x0 , the cell elongation is
∆x = x − x0 .

(2.15)

Then the equation of motion (EOM) of the point with (virtual) mass m in terms of
∆x becomes
m

d2 ∆x
d∆x
= −T + Fr = −T − kr ∆x − γr
.
2
dt
dt

(2.16)

Since T ≥ 0, it is subtracted on the right hand side; it is a contractile force and the
cell elongation should be negative during contraction. Keeping in mind the biological
system I want to describe, it is reasonable to consider overdamped motion, simplifying
equation 2.16 to
γr

d∆x
= −T − kr ∆x.
dt

(2.17)

Together with equations 2.11 and 2.12 for the electrical dynamics and the active
contraction in equation 2.13, equation 2.17 describes the full excitation-contraction
cycle of a single CM. These equations will be augmented to include the coupling via
16
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kr

γr
x0
x
(a) Representation of the cell membrane by a
single point.
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Cell membrane

membrane voltage v

∆x

1.0

(b) AP and cell elongation of a single cell.

Figure 2.2 Excitation-contraction coupling of a single cell. (a) shows the reduction of the
motion of the cell membrane (green) during contraction to that of a single point. The active
contractile force T (not shown) is countered by a harmonic restoration represented by a
spring with stiffness kr and a dashpot with damping constant γr . The dashed green line
indicates the resting position of the cell membrane. The cell elongation of an isolated single
cell follows the AP in the membrane voltage (b). It becomes negative due to the active
contraction triggered by the AP and then is restored to the resting state. Integration and
model parameters are the same as in section 3.1 and [33]. Note that compared to figure 2 in
that section, actual cell elongation is plotted, not contraction, i.e., −∆x.

the ECM later on. Figure 2.2b shows the time series of the membrane voltage and
the cell elongation after integrating the four ODEs with the same parameters that are
used in section 3.1. The cell contraction follows the action potential as sketched in
figure 1.3 but without calcium dynamics. It becomes negative during contraction and
is then restored to its resting state. As intended, there is a clear delay between the
maximum of v and peak contraction.

2.1.3

Mechanosensing via stretch-activated ion channels

I have now established a model for the excitation-contraction coupling (ECC) of a CM.
To account for the influence of mechanical deformations on the membrane voltage of a
cell, mechanoelectric feedback has to be included, too. There are numerous ways to
exactly model this [92, 93], that all result effectively in a way to depolarize the cell and
trigger an action potential by a sufficiently large mechanical deformation. Since I am
interested in a qualitative description of the mechanoelectric feedback (MEF) in the
course of this thesis, I will use the model for an ion current through stretch-activated
ion channels in the cell membrane introduced by Nash, Weise, and Panfilov [89, 91, 94]
to describe a stretch-activated current (SAC) IS depending on cell elongation ∆x and
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membrane voltage v. IS follows the equation2
IS =


−G

S

0

(v − ES ) ∆x if ∆x > 0
else

(2.18)

with conductivity GS and reversal potential ES . The SAC is thus only present if the
cell is elongated. It acts as an additional stimulus on the membrane voltage, so it takes
over the role of Istim (t) in equation 2.11. For large enough ∆x this stimulus then can
cause a depolarization and thus accounts for a way of implementing MEF into the
model. This description is of course oversimplified in the sense that in principle IS
could become arbitrarily large for large deformations. Apart from the fact that a real
CM certainly would not survive a too large stretch, also the number of stretch-activated
ion channels in the cell membrane is finite. So even if the cell could withhold any
deformation, IS would still saturate for large ∆x. However, there is evidence that the
linear relation between IS and ∆x holds even for relatively large deformations (e.g. up
to 20 % strain amplitude in [95]). With this in mind and for the sake of simplicity, I
use this simple model for MEF in the remainder of this thesis. Equations 2.11 and
2.12 for the electrical activity, 2.13 and 2.17 describing the contraction and relaxation,
together with equation 2.18 for the SAC thus give a complete qualitative description of
the electromechanical dynamics of a single cardiomyocyte with excitation-contraction
coupling and mechanoelectric feedback.

2.1.4

Linear viscoelastic coupling

The previous sections 2.1.1 to 2.1.3 treated the dynamics of a single cardiomyocyte.
In order to study the possible synchronization dynamics of several coupled cells, this
has to be completed by a description of the mechanical coupling provided by the
extracellular matrix. Following the work by Sebastian Stein [23, 32] and for the sake
of simplicity, I model the ECM as a linear Maxwell fluid with elasticity kc and fluidity
γc . This is again not a fully realistic description because an ECM made up mainly of
collagen clearly shows a nonlinear stress-strain relation [96, 97]. This nonlinearity is
further studied in the experiments described in chapter 4 and [1] where it is already
present at physiologically relevant strains. Still for a first qualitative approach I limit
myself to the linear viscoelastic Maxwell model. For a more comprehensive explanation
on linear and nonlinear rheological concepts, see section 2.3.
The spring-dashpot realization of a Maxwell fluid is sketched in figure 2.3a. It
consists of a serial combination of a spring with stiffness kc and a dashpot with
damping constant γc (see e.g. [98]). There are two equivalent descriptions of the force
Fc generated by the Maxwell element at elongation ∆x. The first is a single ODE for
Note that in comparison to section 3.1 the sign of IS is changed to match with the positive sign
of Istim in equation 2.11.
2
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Cell 1

Cell 2

Extracellular Matrix
T1

T2
γc

x1 x01

kc

x2 x02

x

(a) Two CM coupled by a Maxwell element. (b) Linear chain of CM with fixed boundary conditions.
Figure 2.3 Sketches of viscoelastically coupled cardiomyocytes. (a) Two cells are coupled
by a linear Maxwell element with fluidity γc and elasticity kc representing the ECM. The
system can be described by the motion of two points representing the position of the cell
membranes of the two cells. Cell 1 is contracted (∆x1 < 0), cell 2 is stretched (∆x2 > 0). (b)
A linear chain of N cells coupled by Maxwell elements. Additional Maxwell elements couple
the system to the fixed walls at both ends of the chain. Both sketches are taken (and in the
case of (b) adapted) from section 3.1 or [33] with permission. Copyright by the American
Physical Society.

the time dependency of Fc
dFc
d∆x
= −γc Fc + kc
,
dt
dt

(2.19)

the other introduces the viscous creep d such that
Fc = kc (∆x − d)
dd
= γc (∆x − d).
dt

and

(2.20)
(2.21)

Differentiating equation 2.20 with respect to time and inserting equation 2.21 yields
equation 2.19 again, so the two formulations are indeed equivalent. The former
illustrates the fluidlike behavior in that the force does not explicitly depend on the
deformation, only on its time derivative. The latter illustrates how deformations are
absorbed by the dashpot into the viscous creep that effectively acts as a shift of the
resting position of the spring. In the following, I will use the second formulation with
the viscous creep.
Two coupled cells
I now have together all the ingredients to formulate the system of two CM coupled
mechanically by a linear viscoelastic ECM represented by a Maxwell element. This
system is sketched in figure 2.3a. As in section 2.1.2, the motion of the cell membranes
relative to each other are reduced to the motion of two point masses with virtual
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mass m at locations x1 and x2 . With respective resting positions x01 and x02 , the cell
elongations can be formulated as ∆x1 = x1 − x01 and ∆x2 = x02 − x2 . Note the different
signs in the definitions of ∆x1 and ∆x2 that guarantee that both cell elongations are
negative when the cells are contracted. The elongation of the coupling spring is then
x2 − x1 − x02 + x01 = − (∆x1 + ∆x2 )

(2.22)

leading to a coupling force Fc by the Maxwell element from equation 2.20
Fc = −kc (∆x1 + ∆x2 + d)

(2.23)

with viscous creep d from equation 2.21 reading
dd
= −γc (∆x1 + ∆x2 + d)
dt

(2.24)

here. Including this coupling force, the EOM for both cell elongations can finally be
formulated as
m

1
d2 ∆xi
d∆xi
= −γr
− kr ∆xi − Ti − kc (∆x1 + ∆x2 + d)
2
dt
dt
2

(2.25)

or, as above, assuming overdamping
γr

d∆xi
1
= −kr ∆xi − Ti − kc (∆x1 + ∆x2 + d) ,
dt
2

(2.26)

i ∈ {1, 2}. This leads to the system of two coupled cells being fully described by
a set of in total nine ODEs; each cell has membrane voltage vi and gating hi from
equations 2.11 and 2.12 with SAC IS,i from equation 2.18, active contractile force Ti
from equation 2.13 and cell elongation ∆xi as in equation 2.26. The ninth ODE is the
viscous creep d of the coupling Maxwell element in equation 2.24.
Linear chain
The reduction to the motion of just two point masses is not valid anymore in a linear
chain of N > 2 coupled cells connected by N − 1 Maxwell elements as sketched in
figure 2.3b. Now each cell is represented by two point masses at its left and right
boundaries. To mimic the setting of cells in an ECM contained in a finite volume, the
two outermost cells are connected to fixed walls by another two Maxwell elements. For
simplicity, I assume all Maxwell elements to have the same fluidity γc and elasticity
kc , and all cells to have the same parameters kr , γr of the passive restoration. Let x0i
be the resting length of cell i and lj0 the initial resting position of Maxwell element j.
Then
L :=

N
X
i=1
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x0i

+

N
+1
X
j=1

lj0

(2.27)

2.2 Implementation and analysis
is the constant total length of the chain. The two mass points denoting the boundaries
of cell i are located at ξ2i−1 and ξ2i , while ξ0 = 0 and ξ2N +1 = L denote starting and
ending point of the chain, respectively. Then the cell elongation is
∆xi = ξ2i − ξ2i−1 − x0i

(2.28)

which can be used to calculate the SAC IS,i with equation 2.18 and the passive restoring
force Fr,i from equation 2.14. The j-th Maxwell element in turn is bounded by the two
neighboring cell membranes at ξ2j−2 and ξ2j−1 . Its viscous creep dj now fulfills


ddj
= γc ξ2j−1 − ξ2j−2 − lj0 − dj
dt

(2.29)

resulting in the force




Fc,j = kc ξ2j−1 − ξ2j−2 − lj0 − dj .

(2.30)

Each cell again has an active contractile component Ti from equation 2.13. With these
forces, the EOM for each point mass α can be formulated as
 



d2 ξα  12 Fr,α/2 − Tα/2 + 21 Fc,α/2+1

m 2 =
− 1 F
dt
−
T
− 21 Fc,(α+1)/2
r,(α+1)/2
(α+1)/2
2

for α even
for α odd

.

(2.31)

In this description, overdamping can not trivially be assumed since the above set of
2
equations can not be solved explicitly for dξdtα when m ddtξ2α → 0. It can still be achieved
by choosing γr large compared to m or by using the elastostatic approach from, e.g.,
Weise et al. [90]. From the positions of the mass points, cell elongations and SAC
can be calculated with which the ODEs for the electrical dynamics of each cell can be
solved.

2.2

Implementation and analysis

Numerical integration of the equations of the systems of two and a linear chain
of viscoelastically coupled cardiomyocytes as introduced in the previous sections is
relatively straight-forward since in the end, a system of coupled ODEs has to be
integrated for each of the systems for a simulation period Tsim . For all numerical
calculations and analyses, self-written Python [99] and Cython [100] codes have been
used. ODE integration in the case of the two-cell system was performed using the
lsoda solver with adaptive time-stepping from the SciPy Python package [101]. In
all other cases, using an explicit Euler method with sufficiently small integration time
step3 proved adequate. When analyzing the time series resulting from ODE integration,
usually an initial transient time Ttrans is disregarded – except, of course, when the
transient itself is studied.
3

See also method section in [33] and section 3.1 for the integration parameters used there.
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When analyzing the results of the numerical integrations to evaluate the synchronization dynamics of the coupled cells, two tasks require some attention. That is why
I present them in the following in more detail. The first is a way to automatically
evaluate the mode of synchronization of two viscoelastically coupled cells. The method
itself makes use of the results obtained in section 3.1, so it is helpful for understanding
this method to first read that section and the publication [33] therein. The second is
the way phases are assigned to the cells in a linear chain and how these phases are used
to evaluate the level of synchrony. For more details on how to determine the natural
frequencies of individual cells and how to find initial phases and the corresponding
initial conditions, see appendix A.

2.2.1

Evaluating modes of synchronization of two oscillators

The method to evaluate the mode of synchronization (if there is any) presented in the
following is specifically devised for the case of two viscoelastically coupled excitable
oscillators as presented in section 2.1.4. It requires some prior knowledge about possible
resulting dynamics, e.g., by integrating the ODEs for a small set of parameters to
generate time series as shown in figures 5 to 8 in section 3.1 and in [33]. Two illustrative
examples are shown in figure 2.4. The method is then used to automatically evaluate
the mode of synchronization of such time series, e.g., in order to generate the phase
diagram in figure 9 in section 3.1. In general, I require the two coupled cells, cell 1
and cell 2, to have different natural frequencies ν1 > ν2 and to be identical in all
other respects, in particular regarding excitability, active contraction, and MEF. The
dynamics and modes of synchronization then depend on the parameters of the coupling,
namely fluidity γc and elasticity kc .
By preliminary simulations for varying coupling parameters it is known that there
are essentially three types of possible dynamics: asynchrony (figure 5 in section 3.1)
whereby both cells are not influenced by each other, n:m synchronization (figure 2.4a and
figures 6 and 7 in section 3.1) including n = m = 1, i.e., full in-phase synchronization,
and a spring-dominated antiphase synchrony (figure 2.4b). It is important to observe
that only in the last case the electrical dynamics of the faster cell (cell 1) is influenced
by the coupling; in any other case it is unperturbed after possible initial transients. In
general, the mechanical influence on one cell’s membrane voltage vi is visible in the
corresponding SAC IS,i . Lastly, I observe that in the antiphase case, the oscillations
are much faster than in all other cases (see figure 2.4b).
In all cases, synchronization is evaluated after integrating the system for a simulation
period of Tsim . I obtain a nine-dimensional time series for all dynamical variables
explained in section 2.1.4. I consider only times t > Ttrans to exclude transients.
v
From the time series, the frequencies ν1,2
of the membrane voltages are determined
by recording the time between all consecutive upward crossings through v1,2 = 0.5
v
and averaging to first get the periods of oscillations T1,2
; the frequencies then are
v
v
S
ν1,2 = 1/T1,2 . In the same way, also the frequency ν1,2 of the SAC are determined if
there are any SAC present at all; here the threshold for the crossing events depends on
the parameters. For the ones used in section 3.1, IS,i = 5 × 10−5 proved suitable. If
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Figure 2.4 Exemplary time series of membrane voltage and SAC of two coupled cells
illustrating n:m synchronization (a, 3:3 shown here) and antiphase synchronization (b). In
both cases, the parameters are the same as in section 3.1 and [33]. The cells have natural
frequencies ν1 = 1 Hz and ν2 = 0.9 Hz. In (a), there are nonzero SAC only in cell 2, with
frequency ν2S = 1/3 Hz. Cell 1 remains unperturbed, thus ν1v = ν1 = 1 Hz and n = 3. The
periods of the membrane voltage in cell 2 are not constant, but on average ν2v = 1 Hz, so
m = 3. In the antiphase case (b), νiv = νjS > νk for any combination i, j, k ∈ {1, 2} (note the
shorter time scale compared to (a)).

at this point there are no SAC in either of the two cells and, consequently, νiv = νi ,
i ∈ {1, 2}, the system is asynchronous. If on the other hand there are SAC in both
of the cells and νiv = νjS > νk for any combination i, j, k ∈ {1, 2}, i.e., frequencies in
both membrane voltage and SAC are larger than the natural frequencies of both cells,
the dynamics is spring-dominated and synchronized in antiphase. This is shown in
figure 2.4b. In principle, one still would have to check for the phase difference between
the oscillations of the two cells but effectively the above conditions occur if and only if
there is antiphase synchrony.
In all remaining cases I have n:m synchrony; there are no SAC in cell 1 and thus,
v
v
ν1 = ν1 . n and m are then determined via ν1,2
and ν2S : n = ν1v /ν2S and m = ν2v /ν2S . In
v
particular, at full 1:1 synchrony ν1 = ν1,2
= ν2S and n = m = 1. For any n, m, every
m-th beat of cell 2, after n beats of cell 1, is triggered by a hyper-threshold SAC. The
period of the whole system is then n/ν1v (or, equivalently, m/ν2v ). Figure 2.4a shows a
case of n = m = 3 in which every third beat in cell 2 is triggered by cell 1.

2.2.2

Determining phases and measures of synchronization of
a linear chain

In a chain of N coupled cells, possibly each of which with its own natural frequency,
a simpler method of evaluating the overall synchrony in the system is needed. As
introduced in section 1.5 it is convenient in these situations to reduce the dynamics of
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each individual oscillator to a single phase ψi ∈ [−π, π). For excitable oscillators or
excitable systems in general, such a phase can be assigned in various ways including
delay embedding and Hilbert transforms [102–104], however, in the cases presented in
section 3.1 it proved most convenient to use a linear interpolation between to consecutive
maxima in the time series of the membrane voltage vi of the cell to determine ψi .
Consider a time series of vi with several consecutive AP. At time t, let tprev ≤ t be the
point in time of the maximum of the previous, and tnext > t that of the following AP.
The phase can then be defined as
ψi (t) = −π + 2π

t − tprev
.
tnext − tprev

(2.32)

Of course, this concept of a phase only works for t such that there is a previous and a
next AP. At the very beginning of the time series, before the first AP, and at the very
end, after the last one, ψi is not defined.
The phases can then be used to calculate the Kuramoto order parameter [76]
R=

N
1 X
exp (iψk ) .
N k=1

(2.33)

For a highly ordered state, i.e., all ψi being close to each other, R ≈ 1. If, on the other
hand, the system is far away from synchrony, essentially all phases ψi are distributed
equally in the interval [−π, π) and R ≈ 0. Note that with this order parameter,
only in-phase synchronization is considered ordered. If there were two populations of
oscillators synchronized in antiphase, i.e., with a phase difference of π between each
other, R would still vanish as it does in the completely disordered state.

2.3

Concepts of rheology

Rheology is the science of the flow of complex fluids. In order to understand the
experiments investigating the mechanical behavior of the extracellular matrix, I introduce the necessary rheological concepts in the following section. For a comprehensive
introduction, see, e.g., [98].
Consider the situation sketched in figure 2.5. Between two plates of areas A with
distance h to each other, a medium is located the flow of which shall be described. This
medium is sheared by a force F parallel to the upper plate resulting in a displacement
∆x between upper and lower plate and thus also between the upper and the lower
boundary of the sample medium (assuming no slip of the medium along the plates).
Since the magnitude of the displacement not only depends on the material properties
of the medium but also on the geometry of the system, it is reasonable to introduce
quantities instead that depend on the material properties only. For this, one defines
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A

F

Shear

h

∆x
Figure 2.5 Sketch of a simple shear deformation. A medium between two plates with areas
A at distance h is subject to a force F parallel to the upper plate resulting in a displacement
∆x.

the shear stress
σ=

F
A

(2.34)

as the force per area that is necessary for the deformation. σ has the unit N/m2 = Pa.
One further defines the strain
γ=

∆x
h

(2.35)

as the ratio of displacement and the distance between the two plates. Subsequently,
the strain rate or shear rate is
γ̇ =

1 d∆x
dγ
=
.
dt
h dt

(2.36)

γ is dimensionless and is often given in %, γ̇ then has the unit 1/s. In order to
characterize the sample, either σ, γ, or γ̇ are investigated as a function of one or both
of the remaining quantities.
Figure 2.5 sketches the case of a simple shear geometry. In our experiments, we
used rotational shear instead whereby a circular upper plate performs a rotational
motion or rotational oscillations with respect to a fixated lower one. This case is shown
in figure 2.6. Since the local deformation of the sample medium between the two plates
now depends on the distance to the axis of rotation of the upper plate, strain and
strain rate from equations 2.35 and 2.36 would not be uniform in the whole sample for
a constant gap between the two plates [105]. This is why it is useful to use a conical
upper plate with an angle of inclination α as in the sketch. Then, also the distance
between upper and lower plate depends on the distance from the axis of rotation. The
gap at the tip of the cone h0 and α can now be adapted such that the variations of
deformations and gap height approximately cancel out in equation 2.35 (for small gap
sizes h0 ), resulting in a uniform strain (and strain rate) everywhere in the sample.
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r
α
h0

Figure 2.6 Sketch of the chamber of a rheometer with cone-and-plate geometry. The upper
plate (grey) is rotating or rotationally oscillating, the lower plate (black) remains steady.
Thus, the local deformation of the sample (pink) at a specific radius depends on that radius.
With the conical shape of the upper plate, also the local distance between upper and lower
plate depends on the radius. The gap height at the tip of the cone h0 and the angle α can be
adapted such that strain γ and strain rate γ̇ from equations 2.35 and 2.36 are (approximately)
uniform throughout the whole sample.

2.3.1

Linear rheology

For infinitesimal deformations and forces, the response of a material to stress or strain
input can be described by linear rheology [98]. In idealized purely elastic or purely
viscous cases the stress response is proportional to strain input or strain rate of the
input, respectively. With constants E and η,
σ = Eγ

(2.37)

σ = η γ̇

(2.38)

for elastic and

for viscous materials. E is called Young’s modulus, η is the (dynamic) viscosity. A
purely elastic material can be represented by a single (ideal) spring, a purely viscous by
a single dashpot. Real materials usually behave neither purely viscous nor purely elastic
but viscoelastic instead. The most simple representations of viscoelastic materials are
combinations of one spring and one damper. When aligned in series, the result is the
Maxwell fluid introduced in section 2.1.4. Rephrasing equation 2.19 in terms of stress
and strain, the Maxwell fluid is described by
η

dσ
= E (η γ̇ − σ) .
dt

(2.39)

Equation 2.19 is recovered by reintroducing length scales from the geometrical problem
to express stress and strain in terms of forces and deformations and by identifying the
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fluidity γc = Eη −1 . As discussed in section 2.1.4, the Maxwell fluid behaves indeed
fluidlike in that the stress only depends on strain rate but not on strain itself. It
therefore has no unique resting strain as is visible in the equivalent formulation with
the viscous creep in equation 2.21. Aligned in parallel, a spring and a dashpot make up
a Kelvin-Voigt material which is a representation of a viscoelastic solid. Its stress-strain
relation is
σ = Eγ + η γ̇

(2.40)

which, in contrast to the Maxwell fluid, has a clear resting state γ = γ̇ = 0. When
there is no stress acting on a Kelvin-Voigt material it will return to this resting state.
For general materials, the linear stress response at time t may depend not only on
the momentary strain γ(t) but on its history, too [98]. This can be expressed by means
of a memory kernel Q(t) and the integral expression
σ(t) =

Z t
0

Q (t − t′ ) γ(t′ )dt′ .

(2.41)

The stress response thus depends on the form of the strain input. For the specific case
of an oscillatory strain
γ(t) = γ0 exp [i(ωt + θ)]

(2.42)

with amplitude γ0 , angular frequency ω, and phase θ, and corresponding strain rate
γ̇(t) = iγ0 ω exp [i(ωt + θ)] = iωγ(t)

(2.43)

the complex modulus G∗ can be defined as the steady state response to oscillatory
strain. Since oscillatory strain will be used in all experiments in this thesis, the complex
modulus and its real and imaginary part, G′ and G′′ , are of special interest. Formally,
the complex modulus is defined as
σ(t)
t→∞ γ(t)

G∗ = lim

(2.44)

and may depend on ω. In experimental practice, it is determined by considering the
stress response averaged over (at least) one period of oscillation. When this does not
change over time anymore, the complex modulus is calculated as the fraction of stress
and strain. Then, with G∗ = G′ + iG′′ and equations 2.42 and 2.43, the stress can be
expressed [106] as
σ = G∗ γ = G′ γ +

G′′
γ̇.
ω

(2.45)

Since the response is linear, this holds for any superposition of oscillatory strain inputs,
including purely sinusoidal strain that is often used for convenience. The real part of
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Figure 2.7 Lissajous figures in the case of linear (a) and nonlinear strain-stiffening response
(b). Both, purely elastic and viscoelastic responses are shown in blue and orange, respectively.
The viscoelastic stress depends on the strain rate and thus displays a hysteresis loop (depending
on the sign of γ̇). The minimal strain modulus GM is the slope of the tangent to σ at γ = 0
indicated by a dashed black lines. Conversely, the large strain modulus GL is the slope of the
line connecting the origin with the stress at maximum strain (red dashed lines). In the linear
case GL = GR = G′ , GL > GM for strain-stiffening.

G∗ , G′ , is called the storage modulus since it is proportional to the average portion
of the deformation energy that is stored as potential energy per deformation cycle and
unit volume of the material [98]. The imaginary part G′′ is called loss modulus since
it is proportional to the average dissipated energy in the same way.

2.3.2

Nonlinear rheology and large-amplitude oscillatory shear
(LAOS)

When applying finite deformations, the stress response may depend nonlinearly on the
amplitude and rate of the deformation [107]. If increasing strain leads to an increased
stress response compared to the expectation from linear rheology, the response is called
strain-stiffening, i.e., the material shows a stiffer-than-linear stress response to a large
deformation. Conversely, when the stress response is smaller than predicted by linear
theory, one speaks of strain-softening. Nonlinear dependencies on strain rate are called
shear-thinning and shear-thickening [108].
As in the linear case, the stress response in general depends on the form of the strain
input. In the following, I concentrate again on the special case of oscillatory strain
input, since it is the one most relevant to this thesis. When the amplitude of the strain
oscillation is large enough to observe nonlinear behavior, one speaks of large-amplitude
oscillatory shear (LAOS) [106]. To visualize the relation between stress and strain,
it is useful to plot σ versus γ as shown in figure 2.7 for a linear and nonlinear case.
This visualization is called a Lissajous figure. Figure 2.7a sketches the stress-strain
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relation in the linear case. In blue, the purely elastic stress response from equation 2.37
is shown – σ does not depend on γ̇ and the relation of σ and γ is characterized by
a straight line the slope of which corresponds to E which in this case coincides with
the storage modulus G′ . This line is split up into an ellipse the width of which is
determined by the loss modulus G′′ as indicated in equation 2.45. Figure 2.7b shows
an example of strain-stiffening. With increasing γ, σ grows stronger than linear. This
feature can be illustrated by introducing the minimal strain modulus GM and the large
strain modulus GL [106] sketched in black and red, respectively. GM is the slope of the
tangent to σ(γ) at γ = 0 while GL corresponds to the slope of the line connecting the
origin and the point (γ0 , σ(γ0 )). In the linear case both are equal and correspond to
G′ . For strain-stiffening GL is larger than GM while for strain-softening GL < GM .
Finding a mathematical description of nonlinear stress-strain relations in general is
not a trivial task. In the case of periodic oscillatory strain when one can assume the
steady state stress response to be periodic as well, a description via Fourier rheology
can be used [106]. For simplicity I assume a sinusoidal strain
γ(t) = γ0 sin (ωt) .

(2.46)

The stress response σ can be formulated as a Fourier series
σ(t, ω, γ0 ) = γ0

X

[G′n (ω, γ0 ) sin (nωt) + G′′n (ω, γ0 ) cos (nωt)]

(2.47)

n odd

with coefficients G′n and G′′n that may depend on strain amplitude and angular frequency.
The Fourier series only includes odd modes because of symmetry assumptions to the
stress response: when no strain is applied, no stress should be present, hence there
is no constant term. If the direction of deformation is reverted so is the direction of
the resulting force, thus even terms in the series are omitted. Using sine and cosine
theorems and identifying γ̇(t) = γ̇0 cos (ωt) where γ̇0 = ωγ0 , one can reformulate [106]
equation 2.47 as
"

σ = γ0

X

(−1)

n−1
2

G′n Tn

n odd

γ
γ0

!#

"

+ γ̇0

X
n odd

G′′n
γ̇
Tn
ω
γ̇0

!#

(2.48)

with Chebyshev polynomials Tn (x) [109]. For n = 1 this corresponds to the linear case
in equation 2.45. From equation 2.48 it becomes clear that the stress σ, as in the linear
case in equation 2.45 can be split into two parts depending only on strain or strain
rate, respectively. The former is called elastic, the latter viscous stress. The elastic
stress is shown in blue in figure 2.7. From equation 2.48, GL and GM can be calculated
directly: GM is found by differentiating and inserting γ = 0,
GM =

dσ
dγ

=
γ=0

X

nG′n

(2.49)

n odd
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whereas GL is the ratio of stress at maximum strain and strain amplitude,
GL =

X
n−1
σ(γ = γ0 )
=
G′n (−1) 2 .
γ0
n odd

(2.50)

From GM and GL the strain-stiffening ratio S used in [1] is calculated as
S=

GL − GM
.
GL

(2.51)

In the linear regime S = 0, for strain-stiffening S > 0, and S < 0 for strain-softening.
The framework of Fourier rheology is universally applicable to the setting of
oscillatory shear but the resulting stress-strain relation depends on the amplitude
and the frequency of the oscillations via the coefficients G′n (ω, t) and G′′n (ω, t). Other
approaches to model nonlinear stress-strain relations for individual or classes of materials
include fractional rheology where non-integer derivatives of σ, γ, and γ̇ are considered
(e.g. [110]). Constitutive laws can be formulated for Neo-Hookean and Mooney-Rivin
materials expressing weak nonlinearities in their stress responses [111]. Specifically for
cardiac tissue, the Holzapfel-Ogden model has been introduced [112].

2.4

Experimental methods and analysis

After having introduced the general language of rheology in the previous section, I
will now explain the experimental setup and protocols used to measure the rheological
properties of the ECM consisting of collagen with and without cells. The original aim of
the experiments was to establish a mathematical model for the (nonlinear) stress-strain
relation of the ECM which then can be used to replace the simplistic linear Maxwell
model in the numerical simulations of coupled CM as introduced in section 2.1.4. In
the course of these measurements, the influence of the presence and absence of CM
and fibroblasts on the development of the ECM itself became an interesting question
of its own.
All rheological experiments were conducted in the lab of Florian Rehfeldt, Third
Institute of Physics – Biophysics, University of Göttingen, who helped devising the
protocols. Most of the experiments until April 2018 were performed together with
Susanne Schlick, Institute for Pharmacology and Toxicology, UMG, who also provided
all cells used in the experiments.

2.4.1

The rheometer

The rheological experiments are conducted on an Anton Paar MCR501 rotational shear
rheometer that is depicted in figure 2.8a. The sample is placed in between a fixed
lower plate and an upper probe or measuring system (see figure 2.8b) whose rotational
motion imprints either a stress or a strain on the sample. The respective resulting
strain or stress response is recorded. The measuring system can be exchanged in order
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(a) Photograph of the rheometer with PC running (b) Close-up of the chamber of the rheometer.
the measurement software.

Figure 2.8 Setup of the rheological experiments. (a) The measurements are conducted with
an Anton Paar MCR 501 rheometer that is controlled with the manufacturer’s proprietary
RheoPlus or RheoCompass software. (b) The sample is placed in the climate chamber
between the lower plate (chromium shown) and the measuring system with conical shape
(CP50-1 shown here). Drying out of the sample is prevented by placing moistened tissues
around the plates. During a measurement, the chamber is closed as in (a).

to allow for different radii, angles and geometries. The sample is located inside a
climate chamber (black in figure 2.8b) that keeps it at a fixed temperature. To further
prevent drying out of the samples, moistened tissues are placed inside the chamber
but far enough from the plates as to not touch plates or sample and thus distort the
measurement.
In all measurements presented in this thesis, a cone-and-plate geometry (see section 2.3 and figure 2.6) was used, i.e., the measuring system had a conical shape to
allow for a single unique strain γ in the entire sample medium [105]. Cones with
different radii and angles resulting in different sample volumes have been used for the
experiments in this thesis; all are listed in table 2.1.
For the lower plate, both chromium oxide and steel were tested to see whether the
material and thus the exact boundary conditions had an influence on the measurements.
As we found no difference, most experiments were performed using the chromium oxide
Table 2.1 The different measuring systems or probes used in the rheological experiments.
All measuring systems have conical shape and consist of steel. From the radii, gap heights
and angles (r, h0 , and α in figure 2.6, respectively) of the measuring systems follows the
corresponding sample volume.

Probe
CP25-1
CP50-1
CP25-2

Radius [mm]
12.5
25
12.5

Gap height [µm]
48
101
103

Angle [°]
1
1
2

Sample volume [µl]
80
570
140
31
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lower plate. All measuring systems consist of steel. Of these, mainly CP25-2 and
CP50-1 were used.
The measurements are controlled using the manufacturer’s proprietary software.
Over the course of the experiments two versions were used: Until September 2018
and again from June 2019, the older RheoPlus software was used, from September
to December 2018, Anton Paar provided us with a trial version of the more recent
RheoCompass software that allows for user-defined strain input γ(t) (see section 2.4.3).
Since the new software could not resolve existing issues with nonlinear measurements
(see section 4.2), I switched back to the old one after the end of the trial period.

2.4.2

Collagen hydrogels with and without cells

The experiments performed for this thesis can be divided into two groups. The first
group consists of all experiments until April 2018 and includes measurements on
collagen hydrogels with and without cardiomyocytes, human foreskin fibroblasts (HFF),
or both. When both cell types are present, the mixture corresponds exactly to the
EHM recipe used by the Zimmermann group [57]. This recipe by Susanne Schlick is
listed in table 2.2 for the two batches of bovine collagen type I that were used with
it. The recipe is also explained in the methods section of [1]. It consists of collagen
dissolved in acetic acid and 0.1N NaOH for neutralization, in addition to 2x RPMI
medium (Roswell Park Memorial Institute medium) and serum free mammalian cell
culture medium (SFMM) that also contains the cells if there are any. The final hydrogel
has a collagen concentration of 0.92 mg/ml, in line with the 0.8 - 1.2 mg/ml used for
EHM production in [57]. More details on the constituents of EHM can be found in [14,
15, 57]. All cells were provided by Susanne Schlick and the group of Wolfram-Hubertus
Zimmermann, Institute of Pharmacology and Toxicology, UMG.
From the constituents, the hydrogels are produced with the volumes in table 2.2 as
follows. First the constituents (stored at 5 ◦C) are cooled on ice. Still on ice, dissolved
collagen and 2x RPMI are mixed in an 1500 µl Eppendorf tube. 0.1N NaOH is added
for neutralization and to trigger the onset of gelation of the collagen. RPMI contained
phenol red to make this neutralization visible. At last SFMM is added – depending on
the protocol, with or without cells. Even without cells, an equal amount of SFMM
Table 2.2 Recipes for the two batches of collagen used with the EHM protocol as established
by S. Schlick, UMG. The SFMM medium may or may not contain cells depending on the
experimental protocol. The resulting 1000 µl hydrogels contain a collagen concentration of
0.92 mg/ml and. If cells are present, they are added to the SFMM in a concentration of
950 000 ml−1 for HFF only, 1 900 000 ml−1 for CM only, or 2 850 000 ml−1 in 1 : 2 ratio for
both HFF and CM.

Batch
15CSA02
17CSA03
32

Concentration
[mg/ml]
6.1
6.49

Collagen
[µl]
152.5
142

2xRPMI
[µl]
152.5
142

0.1N NaOH
[µl]
28.6
26.5

SFMM
[µl]
716
739
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is used to make the final gels with and without cells as comparable as possible. The
whole hydrogel is mixed and a volume depending on the rheometer probe (see table 2.1)
is placed onto the lower plate of the rheometer chamber. Since the hydrogels are
very viscous, reverse pipetting [113] is used in this last step for maximal accuracy in
the sample volume. In the rheometer, the gel is heated to 23 ◦C and the rheological
measurement (cf. section 2.4.3) is performed. This protocol for producing the hydrogels
was used for all results presented in [1].
From June 2018 on, I continued with measurements of collagen hydrogels without
cells, both for generating data to model its nonlinear rheology and for comparing the
properties of different batches of collagen. To facilitate the latter the protocol for
hydrogel preparation was changed. The two media necessary for cells, SFMM and
RPMI, were replaced by PBS (Phosphate Buffered Saline). This allowed for a better
control of the pH of the final hydrogel which is crucial when comparing the gelation
properties of different collagens. Since the gelation process is highly sensitive to changes
in pH [70], this has to be as comparable as possible among all gels. Similar pH proved
to be easier to achieve with the PBS protocol instead of the EHM protocol. Of course,
the protocol could only be changed since no cells were used in any of the gels. To
determine the volumes needed for the hydrogels, I used the EHM protocol from [15] by
Malte Tiburcy, Institute for Pharmacology and Toxicology, UMG, who provided the
collagen batches as a basis. For 1000 µl of hydrogel with PBS, I used the same amount
of collagen as for the same volume of EHM, resulting in a collagen concentration of
0.88 mg/ml. Note that as the EHM protocol was refined from [57] to [15], the collagen
concentration in the hydrogels is decreased compared to the above protocol. Then I
measured the pH of this mixture using a pH meter and added 0.1N NaOH until a pH
of approximately 7.7 was reached. The final amounts determined that way are listed
in table 2.3.
Preparing the PBS hydrogels for rheometry follows that line: As before the constituents are cooled on ice from their storage temperature of 5 ◦C. Collagen and 1x PBS
are mixed, 0.1N NaOH is added and the sample volume determined by the measuring
system in use is placed in the rheometer where the gel is heated to 23 ◦C and the
measurement is performed.
Results obtained with the two different protocols are of course not entirely comparable quantitatively, although the general features of the gelation and the linear and
nonlinear rheological properties remain the same (see chapter 4).

2.4.3

Experimental protocols

After having placed the hydrogel, prepared with either of the two protocols, inside the
rheometer the actual measurement is started. In almost all protocols – except for the
prestress measurements (see below) – an oscillatory shear γ(t) is exerted on the sample
by the rotating measuring system and the stress response σ(t) is measured. In most
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Table 2.3 Recipes for 1000 µl collagen hydrogels created with the PBS protocol for collagen
comparison measurements without cells. The amount of 0.1N NaOH added was determined
such that the resulting hydrogel has a pH of ≈ 7.7. This has to be determined for each batch
separately. Following an updated mixture protocol by M. Tiburcy, UMG, the final collagen
concentration in the hydrogel is 0.88 mg/ml, so slightly lowered compared to table 2.2.

Batch
14CSA02
15CSA02
17CSA03
18CB023001
17CB024002
17CB024001
18CB024001
18CB024003

Concentration
[mg/ml]
6.56
6.4
6.49
6.49
6.72
6.91
6.81
6.84

Collagen
[µl]
134.1
137.5
135.6
135.6
131
127.4
129.2
128.7

1xPBS
[µl]
865.9
862.5
864.4
864.4
869
872.6
870.8
871.3

0.1N NaOH
[µl]
23
23
17
25
21
23
15
17

cases, this strain has sinusoidal form
γ(t) = γ0 sin(2πf t)

(2.52)

with strain amplitude γ0 and frequency f . In special cases, however, other forms of γ(t)
– waveforms – are used. The strain amplitude γ0 is used to control whether the linear
or nonlinear regime of the sample is probed (see section 2.3). Small γ0 corresponds to
a linear stress response. At sufficiently large values of γ0 , the polymerized hydrogel
will show a nonlinear response [96].
Time sweeps
In all experiments the gelation process of the hydrogel is observed during a time sweep
of duration TTS . This is then possibly followed by further measurements. During a time
sweep, storage modulus G′ and loss modulus G′′ are recorded in intervals ∆t = 15 s by
averaging the stress response to a sinusoidal strain over each of these time intervals
(cf. equation 2.45, automatically done by the rheometer software). At the same time,
temperature and normal force FN exerted by the sample on the probe are recorded.
Since G′ and G′′ are inherently linear quantities, a small strain amplitude γ0 = 1 % is
chosen to safely remain in the linear regime. The small strain amplitude4 ensures that
the gelation process is not influenced by the measurement itself. A frequency f = 1 Hz
is chosen for the time sweeps because it is close to the actual beating frequency of the
CM in EHM [23] and thus physiologically relevant and also because measurements at
frequencies close to 1 Hz proved most reliable (see section 4.2).
4
Mind that even for the largest cone CP50-1, γ0 = 1 % corresponds to a maximal deformation of
about 5 µm at the very edges of the sample.
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Figure 2.9 Nonsinusoidal waveforms. The left panels show the normalized strain input at
a frequency of 1 Hz for triangle, square, and sawtooth strain input. The right panel shows
the deviation of the strain amplitudes γ0 that were actually measured from those that were
set. The identity is indicated with a black dashed line. While measured and set γ0 agree for
sinusoidal strain, they deviate strongly for the nonsinusoidal waveforms.

Large-amplitude oscillatory shear (LAOS)
A time sweep is usually followed by a LAOS (large-amplitude oscillatory shear)
measurement in which the time series σ(t) of the stress response to the strain γ(t) is
recorded directly. In sinusoidal LAOS measurements, γ(t) still has the sinusoidal form
from equation 2.52. Now γ0 is step-wise increased to observe the nonlinear regime of
the sample. A nonlinear response becomes directly visible in the stress response σ(t)
(see section 2.3.2). σ(t) is recorded over one period of γ(t), then the strain amplitude is
increased. Each period is sampled with 256 data points. The range of strain amplitudes
usually was between 1 % and 10 %, in rare cases it was increased up to γ0 = 20 %. The
frequency can of the strain input can also be varied; I used 0.1 Hz ≤ f ≤ 10 Hz to probe
the frequency dependence of the response as well. The measurements with complete
recording of the time series σ(t), γ(t), and γ̇(t) are called “waveform measurements”
in the Anton Paar software. Note that for these measurements, one control loop
regulating the position control – called dynamic position control – of the rheometer has
to be switched off. The strain is thus likely to be less precise in LAOS measurements
compared to the ones without waveform recordings. If or how much less however is
hard to quantify since the raw data for σ, γ, and γ̇ can only be obtained when this
control feature is switched off in the first place; a comparison with data obtained with
dynamic position control thus is impossible.
This LAOS measurements can be conducted in the same way but with different
waveforms, i.e., strain input. Both controlling softwares have predefined triangle, square,
and sawtooth profiles that can be applied instead of the sine. The resulting normalized
strain inputs as recorded in such a waveform measurement with nonsinusoidal strain are
shown in the left panels of figure 2.9. It is clearly visible that the ideally instantaneous
changes in square and sawtooth are softened as well as the maximum of the triangle
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Figure 2.10 Normalized contraction data obtained by integrating the ECC model from
section 2.1.2 for a single cell as shown in figure 2.2b. The contraction curve is mirrored, before,
in between and after the contraction curves relaxation times are filled in (blue curve). The
curve is sampled with maximal 30 Hz and the resulting data points are used as a user-defined
strain input for the rheometer.

waveform. One problem that arose during these measurements is shown in the right
panel of figure 2.9 – the actual applied strain amplitude deviated from the one set in
the control software as an input for the nonsinusoidal strains. While it was consistently
too large in the case of square strain, it was significantly decreased for triangle and
sawtooth input, with relative deviations being as high as 20 % for triangle and square
and over 35 % in case of sawtooth. This deviations have to be kept in mind when
choosing the range of applied strain amplitude for these waveforms since they may by
accident lead to different applied strains compared to the sine LAOS measurements.
Too small amplitudes may result in not reaching the nonlinear regime while a too large
amplitude may cause the sample to slip along the surface of one of the plates of the
rheometer. In the latter case the measured strain does not (solely) correspond to a
deformation of the sample and the data cannot be used anymore.
In order to test mathematical models for the stress response of the ECM, I used
strain input created from the contraction curves resulting from the electromechanical
CM model introduced in section 2.1 for a single cell. For this user-defined strain input,
the RheoCompass software has to be used. The input from the contraction curves is
depicted in figure 2.10. To generate this input, the contraction curve from figure 2.2b
is used. First it is normalized and extended by relaxation periods of 2 s with γ = 0.
Additionally, the contraction curve is mirrored in order to have symmetrical deflection
of the probe of the rheometer. In between the two excursions, an additional relaxation
period of length 0.5 s is inserted. This curve is then sampled to create individual data
points for the strain input – here, a sampling rate larger than 30 Hz produced errors
with the measurement software, so 30 Hz is used. As before, the stress response σ(t) is
recorded. The normalized, sampled data then are multiplied with the desired strain
amplitude. In between two successive strain data points, the strain is interpolated
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linearly.
Prestrain and prestress
An alternative to LAOS measurements for probing the nonlinear rheology of the ECM
are prestrain measurements, whereby an initial strain is applied that is then used
as the base level for the oscillatory strain. The general concept is to probe possible
nonlinearities by applying different prestrain amplitudes; the oscillation amplitude
itself then can be small enough to only cause a linear response – the strength of which
varies depending on the prestrain. Unfortunately, the drive of the rheometer does
not allow for simultaneous application of prestrain and oscillatory strain. Therefore I
performed prestress measurements instead. The general idea is the same – on top of
an initial stress σpre an oscillatory stress with amplitude σ0 and frequency f is applied
resulting in a stress
σ(t) = σpre + σ0 sin(2πf t),

(2.53)

the resulting strain and strain rate γ(t) and γ̇(t) are measured. As with the prestrain
measurements, the nonlinearity is probed by increasing σpre . The oscillation amplitude
σ0 remains sufficiently small such that the response to the oscillation remains linear.
For the gels tested with this protocol I used 0.1 Pa ≤ σpre ≤ 1.3 Pa and σ0 = 0.05 Pa.
The frequency of oscillation is varied between 1 Hz and 4 Hz.
One issue with this type of measurements was the rheometer not being able to
simultaneously record the prestrain resulting from the application of a prestress and
the additional strain stemming from the oscillatory stress. Instead it would only record
the strain resulting from the oscillatory stress around an (unknown) origin from the
prestress. I tried to compensate for this shortcoming by measuring the strain resulting
from a constant stress σpre without an oscillation on top of it before the oscillatory
measurement. Because of a possible viscous creep of the sample resulting effectively in
a shift of base strain level, this calibration is limited in precision.
To reduce the influence of a previous applied σpre , between all measurements with
different σpre and f , a relaxation period of 300 s is applied during which strain and
stress are recorded to ensure that the medium indeed relaxes. As above it is possible
to either record σ(t), γ(t), and γ̇(t) directly via waveform recording or averaged linear
quantities like storage and loss modulus; the latter with the possible advantage of all
control features being active. Since the original idea for the prestress measurements
was to circumvent issues occurring with all LAOS measurements at frequencies other
than 1 Hz (cf. section 4.2), having the full position control active seemed desirable.
Furthermore, σ0 is chosen such that the strain response to the oscillation is linear.
Compared to the averaged quantities, the full time series do not contain new information
(cf. section 2.3.2). Nevertheless, the full waveform recordings can be used as a test if
the response is linear, so I performed both types of measurements.

37

Chapter 3
Synchronization of viscoelastically
coupled excitable oscillators
3.1

Dynamics of two coupled cells and of linear
chains

The following section consists of the article
F. Spreckelsen, S. Luther, and U. Parlitz. “Synchronization of viscoelastically coupled excitable oscillators”. In: Physical Review E 100.3 (Sept.
2019), p. 032214. doi: 10.1103/PhysRevE.100.032214
reprinted with permission from [33]. Copyright (2019) by the American Physical
Society.
The study builds on the paper published by Stein et al. [32] and on the work in
Sebastian Stein’s PhD thesis [23]. Modelling the viscoelastic coupling via the ECM as
linear Maxwell element was taken from Sebastian’s work. I combined this coupling and
the existing models for electrical excitation [85, 86], mechanical contraction and stretchactivated current [91, 94] to a description of CM as excitable oscillators. Ulrich and I
devised the data analysis. The Python code for the simulations and the data analysis
was written by me, as were the figures in the manuscript. All authors contributed to
the writing of the manuscript. Further details to the model and the implementation
can be found in sections 2.1 and 2.2, and in appendix A.
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Viscoelastically coupled excitable oscillators are used to model individually beating spatially separated
cardiomyocytes surrounded by an extracellular matrix (ECM). We investigate how mechanical coupling via the
ECM can synchronize two such oscillators with excitation contraction coupling and electromechanical feedback
and how this synchronization depends on the rheological properties of the ECM. Extending our study to a linear
chain of coupled oscillators we find a transition to synchronization as the ECM becomes stiffer. In the case of
purely elastic coupling we observe antiphase chimera states.
DOI: 10.1103/PhysRevE.100.032214

I. INTRODUCTION

The heart as a muscle is composed of individual heart
muscle cells called cardiomyocytes whose coordinated contraction enables the pumping of the whole organ. The mechanical contraction of each cell is triggered by an electrical excitation in the membrane voltage following a process
known as excitation-contraction coupling [1]. Each excitation
is followed by a refractory period in which the cell cannot be
excited again.
In recent years, the engineering of cardiac muscle tissue
(engineered heart muscle) has become a perspective of treating heart failure in the future [2]. Engineered heart muscle
is derived from a mixture of premature cardiomyocytes and
nonmyocytes and a scaffold-gel-like collagen [3]. Initially,
the cardiomyocytes beat individually. During the evolution to
functioning engineered tissue that exhibits coordinated and directed contraction, the individual cardiomyocytes synchronize
their beating [4]. It is hypothesized that this synchronization
occurs due to their mechanical coupling via the extracellular
matrix, i.e., the surrounding gel stiffened by the nonmyocytes
[5]. The cells deform their surrounding by contracting, thus
indirectly stretching their neighboring cells. If the deformation is sufficiently large, the cells’ mechanoelectric feedback
leads to a subsequent electrical excitation, most probably via
the opening of so called stretch-activated ion channels [6,7].
Thus, the electrical activity of a cardiomyocyte can be influenced by a mechanical stimulus, providing a possible pathway
for synchronization by purely mechanical coupling [8].
In a more general picture the oscillating cells embedded in the extracellular matrix can be seen as viscoelastically coupled excitable oscillators. Building on previous

work on viscoelastic coupling of self-sustained oscillators [9],
we consider oscillators with excitation dynamics, excitationcontraction coupling, and mechanoelectric feedback coupled
by linear Maxwell elements, i.e., the serial combination of a
harmonic spring and a dashpot. We begin by investigating the
possible dynamics of a system of two such cells and then extend our study to linear chains of different lengths. Although
motivated by the system of cardiomyocytes embedded in a
viscoelastic matrix we also investigate the special case of
purely elastic coupling.
II. MATHEMATICAL MODEL

Each cell or oscillator is mainly described by the electrical
excitation, i.e., its membrane voltage, and its elongation. The
latter is influenced by the former via an active contractile force
representing the excitation-contraction coupling while the
mechanoelectric feedback represented by a stretch-activated
current describes how the elongation in turn influences the
excitation. As in [9], viscoelastic coupling via the extracellular
matrix is modelled with a linear Maxwell element, a serial
combination of a harmonic spring and a dashpot.
A. Excitation dynamics

Although there are numerous models for the dynamics of
the electrical excitation of cardiomyocytes of almost arbitrary
levels of abstraction and complexity, we limit ourselves to a
modified Mitchell-Schaeffer model [10] as presented by Djabella et al. [11]. It is a model with two dynamical variables:
the normalized membrane voltage v and a generalized gating
variable h. The ordinary differential equations (ODE) for v
and h are
h(v + a)2 (1 − v)
dv
v
=
−
,
dt
τin
τout
dh
= (v)[h∞ (v) − h],
dt
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membrane voltage v

ν [Hz]

2.0
1.5
1.0
0.5
0.0
0.010

0.012

0.014

0.016

0.018

τclose − τopen
1
+
h∞ (v)
τclose
τclose τopen

(3)




v − vgate
1
h∞ (v) =
.
1 − tanh
2
ηgate

(4)

(v) =
and

The different τx , x ∈ {in, out, open, close}, are characteristic
time scales of the action potential; vgate and ηgate are gating
parameters. In the special case of ηgate = 0, Eq. (4) becomes
h∞ (v) = 21 [1 − sgn(v − vgate )],

(5)

where sgn(·) denotes the sign function. The parameter a in
Eq. (1) controls the onset and frequency of the oscillations of
the membrane voltage of each cell as is shown in Fig. 1 for
the parameters in Table I. Notably, for these parameters, the
frequencies cover the physiological range of around 1 Hz for
human cardiomyocytes [3]. In the nonoscillatory regime, i.e.,
a < 0.0126, the resting state of Eqs. (1) and (2) is v = 0 and
h = 1.
B. Excitation-contraction coupling and
mechanoelectric feedback

We model the excitation-contraction cycle by using the active contractile force T from Weise and Panfilov [12,13], thus
neglecting the explicit role of calcium. The time evolution of
T is given by the ODE,
dT
= T (kT v − T ),
dt

(6)
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FIG. 2. An action potential (blue, continuous line) drives the
active contraction (red, dashed line, arbitrary units) of a single cell.

where T and kT are parameters. This differs from [12,13] in
that Weise and Panfilov use a step function of v for T that they
also use in their model of the membrane voltage to account
for different time scales of excitation and recovery. We found
that the step function could be replaced by a constant when
using the modified Mitchel-Schaeffer model for the membrane voltage instead. The active contractile force is opposed
with damping
by a harmonic relaxation Fr = −kr x − γr dx
dt
γr and stiffness kr . Figure 2 shows the time series of the
normalized membrane voltage and the contraction in arbitrary
units, i.e., the negative cell elongation −x, of a single cell.
Keeping in mind the biological system of cardiomyocytes in
a viscoelastic matrix, we assume overdamping, i.e., vanishing
2
= 0. The contraction follows the electrical excitainertia ddtx
2
tion and relaxes back to x = 0 after the excitation vanishes.
The mechanoelectric feedback is implemented using the
stretch-activated current IS from Weise and Panfilov, too. It
depends on the cell elongation x and on the membrane
potential and is only present when the cell is stretched, i.e.,
if x > 0.

GS x(v − ES ) if x > 0,
IS =
(7)
0
else.
GS and ES are conductivity and reversal potential of the
stretch-activated channels, respectively. When present, IS is
added as an additional stimulus on the membrane voltage, thus
Eq. (1) becomes
dv
h(v + a)2 (1 − v)
v
=
−
− IS .
dt
τin
τout

(8)

The parameters for the excitation-contraction coupling, the
overdamped relaxation, and the mechanoelectric feedback are
listed in Table II and are mainly taken from [12,13].

TABLE I. Parameters of the electrical excitation (same as used
in [11]).
τin

0.6

t [s]

a

where

2.0

0.0

0.020

FIG. 1. The model parameter a switches on self-excited oscillations of the membrane voltage v and tunes the frequency ν of these
oscillations.

0.8

contraction −Δx

2.5

2.5

C. Viscoelastic coupling

The mechanical coupling via the extracellular matrix is
modeled by a linear Maxwell element with fluidity γc and
elasticity kc . As sketched in Fig. 3, the Maxwell element
couples the cell membranes of two neighboring cells, each
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TABLE II. Parameters of excitation-extraction-coupling and
mechanoelectric feedback as used in [12,13], together with the
parameters for the (overdamped) harmonic relaxation.
kT

T

kr

γr

GS

ES

1.5

0.03

0.5

30

2.5

1

displaying the excitation-contraction dynamics described
above. The dynamics of the cell elongation is then reduced
to the dynamics of motion of two mass points with (arbitrary)
mass m = 1 on which the force due to the coupling element
acts as well as the contractile and restoring forces described
above. The choice of the Maxwell element for the viscoelastic
coupling follows the previous study by Stein et al. [9] and
is mainly for reasons of simplicity. It recovers basic linear
properties but of course does not show any nonlinear strainstiffening behavior.

FIG. 4. Sketch of a linear chain of N excitable cells coupled by
N − 1 identical Maxwell elements. To mimic the situation of cells
in matrix in a confined volume, the cells at both ends of the chain,
cell 1 and cell N, are coupled to the boundaries of the system via two
additional Maxwell elements of which the outermost end points are
kept fixed. Each cell has an elongation xi and a resting length xi0 .
xi is the result of the forces acting on the cell by the neighboring
springs and its own active contraction and passive restoration (not
shown).

Both cell elongations obey the equation of motion
m

D. Equations of motion of two coupled cells

The dynamics of the electrical excitation of two cells
coupled as sketched in Fig. 3 follow Eqs. (8) and (2) with the
stretch-activated current IS Eq. (7). They influence each other
only by the deformation of the coupling element and resulting
stretch-activated currents. The points describing each cell
membrane’s position xi have resting position xi0 , i ∈ {1, 2}. In
the case of two cells, it is convenient to define cell elongations
as x1 := x1 − x10 and x2 := x20 − x2 . Thus, xi > 0 for
both cells if the cell is stretched and xi < 0 during contraction. The coupling force is then
Fc = −kc (x1 + x2 + d )

dd
= −γc (x1 + x2 + d ).
dt

(10)

Cell 1

Cell 2

Extracellular Matrix
T2

T1
γc

The mass m of the mass points effectively representing the
inertia of the cell membranes is (arbitrarily) set to 1. As in
the case of a single cell, considering the biological system,
we assume overdamped dynamics to mimic the system of
coupled cardiomyocytes embedded in a viscoelastic matrix,
so Eq. (11) becomes
γr

kc

dxi
1
= −kr xi − Ti − kc (x1 + x2 + d ),
dt
2

(12)

leading to a system of in total nine ODEs for both cells.

(9)

with viscous creep d fulfilling

d 2 xi
dxi
1
− kr xi − Ti − kc (x1 + x2 + d ).
= − γr
dt 2
dt
2
(11)

E. Extension to a linear chain

Coupling more than two cells in a linear chain requires a
slightly different description than the two-cell case that essentially reduced to the motion of two mass points representing
the positions of the cell membranes. This reduction is not
possible when considering N > 2 cells coupled mechanically
to their direct neighbors. The cells are still represented by
springs with stiffness kr , damping γr , and active driving Ta ,
connected by N − 1 Maxwell elements as before. To mimic
the conditions of cells embedded in matrix inside a confined
volume, we now add another Maxwell element to each of the
two cells at the end of the chain. The end points of these
outermost elements are kept fixed. Figure 4 shows a sketch
of the chain with the fixed boundary conditions. A detailed
overview over the equations of motion for the linear chain can
be found in Appendix A.
III. RESULTS

x1 x01

x2 x02

x

FIG. 3. Sketch of two cells coupled by a linear Maxwell element
with fluidity γc and elasticity kc . The resting positions of the cells
are indicated as dashed arcs; cell 1 contracts, cell 2 is elongated.
The dynamics of the cell elongations is described by the notion of
two points on which the coupling force acts as well as the active
contractile and the passive restoring forces.

All results are obtained with the parameters listed in
Tables I and II corresponding to the ones used in [11–13]. The
only quantities we vary are the fluidity γc and the elasticity
kc of the coupling Maxwell elements and the frequencies of
the cells by tuning the corresponding parameter a in Eq. (8)
(cf. Fig. 1). We start by investigating the dynamics of two
cells with different frequencies ν1 > ν2 coupled by a single
Maxwell element and then extend our findings to a linear
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FIG. 5. Time series of membrane voltage vi , stretch-activated
currents IS,i , and contractions of two coupled cells at kc = 4 and high
fluidity γc = 3. The cells are effectively uncoupled at high fluidity;
there are no stretch-activated currents in either of the two cells. Thus,
both cells beat unperturbed at their natural frequencies, i.e., the fast
one at ν1 = 1 Hz (dashed blue lines) and the slow one at ν2 = 0.9 Hz
(orange lines).
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FIG. 6. Time series of membrane voltage vi , stretch-activated
currents IS,i , and contractions of two coupled cells at kc = 4 and
low fluidity γc = 1. As in the case of high fluidity in Fig. 5, the
fast cell oscillates at its natural frequency ν1 = 1 Hz. At low fluidity
however, the fast cell fully entrains the slow one: each contraction
of the fast cell induces a hyperthreshold stretch-activated current in
the slow cell which thus oscillates with the fast cell’s frequency of
1 Hz, too. The system is fully (1 : 1) synchronized; there are no
stretch-activated currents in the fast cell.

chain of N such cells coupled to their direct neighbors by
identical Maxwell elements.
A. Dynamics of two coupled oscillators

We first turn to the system of two coupled cells 1 and
2 as sketched in Fig. 3 with natural frequencies ν1 > ν2 .
In the following, we will use ν1 = 1 Hz (corresponding to
a = 0.012 93) and ν2 = 0.9 Hz (a = 0.012 83). The system of
ODE introduced in Sec. II D is integrated for varying fluidity
γc and elasticity kc over an overall period of simulation of
200 s. We initialize both cells with vi (0) = 0, hi (0) = 1, i ∈
{1, 2} (corresponding to the resting state of a nonoscillating
cell). Initially, there is no contractile force in either of the two
cells and they are not elongated: Ti (0) = 0, xi (0) = 0. There
is no initial viscous creep in the coupling Maxwell element:
d (0) = 0.
The two cells are coupled in such a way that an action
potential in one cell can be triggered by the other cell’s
contraction if it causes enough deformation of the former to
induce a hyperthreshold stretch-activated current. For a given
contraction strength, the parameters of the coupling Maxwell
element determine whether one cell can be depolarized at all
by the other’s contraction. If γc is too large compared to kc ,
the cells are not deformed by each other’s contraction; the
deformation is absorbed entirely in the viscous creep of the
coupling element. This case is shown in Fig. 5 which shows

the time series of membrane voltage vi , stretch-activated
currents IS,i , and contraction −xi of the two cells coupled at
kc = 4 and γc = 3. Both cells beat unperturbed at their natural
frequencies; there are no stretch-activated currents in either of
the cells.
If on the other hand γc is small enough compared to kc ,
the cells sense each other’s contraction. The corresponding
time series for two cells coupled under these conditions are
shown in Fig. 6 for kc = 4, γc = 1. Here, the faster cell 1
fully entrains the slower cell 2; each action potential in cell
2 is triggered by a stretch-activated current caused by the
contraction of cell 1. Both cells beat at ν = ν1 = 1 Hz and
are fully (1 : 1) synchronized. Cell 1 is unperturbed by the
beating of cell 2; there is no stretch-activated current in cell
1. Cell 2 lags behind because of the delay between excitation
and contraction (cf. Fig. 2) in cell 1 on the one hand, and the
finite time it takes cell 1 to deform the Maxwell element on
the other hand. Thus, the exact duration of the lag increases
with γc and decreases with kc .
For intermediate combinations of kc and γc between the
regimes of 1 : 1 synchronization and asynchrony, there are
solutions in which the slow cell is only partially entrained by
the fast one in that not each but only every nth contraction of
the fast cell induces a hyperthreshold stretch-activated current
in the slow one. In between the induced action potentials, the
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FIG. 7. Time series of membrane voltage vi , stretch activated
currents IS,i , and contractions of two coupled cells at kc = 4, γc =
1.4. At this intermediate fluidity, only every other contraction of the
fast induces a hyperthreshold stretch-activated current in the slow
cell. Consequently, the time intervals between two consecutive beats
of the slow cell are not constant anymore; the system shows 2 : 2
synchrony.

slow cell beats at its natural frequency, so the time intervals
between two consecutive beats are not constant. Figure 7
shows one such case for kc = 4, γc = 1.4 where every other
beat of cell 2 is induced by the contraction of cell 1 leading
to a 2 : 2 synchronization of the two cells. As in the 1 : 1
case, cell 1 is unperturbed; thus the overall period of the entire
system is two times the period of the fast cell. For larger γc we
also find 3 : 3 synchronization.
One special case is γc = 0, i.e., purely elastic coupling.
Then the right hand side of Eq. (10) is 0 and the overall
dimensions of the system of ODEs is reduced by 1. If then
kc is large enough to overcome the internal damping of the
cells (kc > 0.016 for our choice of parameters), the coupling
spring dominates the overall dynamics. Exemplary time series
of this case are shown in Fig. 8 for kc = 4. Note the different
time scale compared to Figs. 5–7. Both cells now oscillate in
antiphase at a frequency ν ≈ 6 Hz > ν1,2 that is determined
by the value of kc . In both cells, each action potential is
triggered by a hyperthreshold stretch-activated current. The
amplitude of the action potentials and the contraction are
reduced compared to the previous viscoelastic cases. In the
following, we denote this behavior as −1 : 1 synchronization.
The different dynamics of two coupled cells described
above can be summarized into the phase diagram shown in
Fig. 9. It shows the mode of synchronization as a function of
the two Maxwell parameters fluidity γc ∈ [0, 4] and elasticity
kc ∈ [0, 8]. We find an asynchronous region for high γc and

10.2

10.4
10.6
time [s]

10.8

11.0

FIG. 8. The special case of purely elastic coupling (kc = 4, γc =
0) shows antiphase synchrony at a frequency ν ≈ 6 Hz (note the
shorter time scale compared to Figs. 5–7) determined by the stiffness
of the coupling spring. Each action potential in both cells is triggered
by a stretch-activated current. The amplitudes of action potential and
contraction are reduced in both cells in comparison to the previous
viscoelastic cases.

low kc and a region of 1 : 1 synchronization for high kc and
low γc . In between, there is the regime of n : n (2 : 2 and
3 : 3) synchronization where the slow cell is only partially
entrained. The four regions are separated by almost straight
lines. These boundaries however are smeared out because of
coexistence of the two neighboring solutions. This coexistence is shown in Fig. 10 that displays the mode of synchronization at constant kc = 4 for consecutively increasing or
decreasing γc ∈ [1, 3] (red line in Fig. 9). As described above,
we observe the spring dominated fast −1 : 1 synchronization
at γc = 0 for kc > 0.016. This solution ceases to exist as soon
as γc > 0.
The exact shape of the regions of different types of synchronization in the phase diagram depends on the frequencies
ν1 and ν2 , but the same qualitative dynamical regimes exist
also for different detuning: There is an asynchronous region
at high γc , low kc and a 1 : 1 region at high kc , low γc > 0
separated by one or several different n : n or n : m regions.
For γc = 0 and sufficiently large kc we find −1 : 1 synchrony.
B. Linear chain

We now continue by extending the system of two viscoelastic cells to a linear chain of N oscillating cells coupled
only to their direct neighbors by identical Maxwell elements
with fluidity γc and elasticity kc as sketched in Fig. 4. The cells
are identical except for their frequencies νi and corresponding
ai ; all other parameters remain as listed in Tables I and II as
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0.6
0.4
0.2
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0
0

1

2
ﬂuidity γc

3

0

4

before. The frequencies are randomly assigned from a normal
distribution around 1 Hz with a standard deviation of 0.05 Hz.
For easier analysis we define a phase ψi (t ) ∈ [−π , π ) for
each of the oscillators by interpolating linearly between the
points in time of two consecutive maxima of the membrane
voltage vi . The phases are used to calculate the Kuramoto
order parameter [14],
 N


1 

(13)
R= 
exp (iψk ),

N
k=1

to evaluate the synchronization of the overall system.

3:3
2:2
1:1

1.00

increasing γc
decreasing γc
1.25

1.50
1.75
ﬂuidity γc

2

3

ﬂuidity γc

FIG. 9. The phase diagram of the mode of synchronization as
function of fluidity γc and elasticity kc of the coupling Maxwell
element. For large γc , low kc , the cells beat asynchronously and are
essentially decoupled (yellow region). Vice versa, at low γc , high
kc , the cells are fully 1 : 1 synchronized and beat at the frequency
of the faster cell. In between there are regions of n : n (2 : 2, 3 :
3) synchronization. For the purely elastic case γc = 0, we observe
antiphasic −1 : 1 synchrony for k > 0.016.

async

1

2.00

2.25

FIG. 10. At the boundaries between the asynchronous regime,
n : n synchronization, and 1 : 1 synchronization in Fig. 9, the two
neighboring solutions coexist. There is hysteresis when increasing or
decreasing γc at constant kc = 4 (red line in Fig. 9).

FIG. 11. Kuramoto order parameter R of a linear chain of N =
50 cells, averaged over the last 250 s of six different frequency
distributions as function of fluidity γc at kc = 6. Error bars indicate
standard deviation. R increases with decreasing γc with the exception
γc = 0 (see below). The chain is almost fully synchronized for small,
nonzero γc .

In the following, we investigate the dynamics of a chain of
length N = 50. The cells are initialized with random phases
ψi (0) distributed uniformly in [−π , π ); or, to be more precise, with electrical excitation vi (0), hi (0) corresponding to
the phase ψi (0). Cell elongations, active forces, and viscous
creeps are 0 at t = 0. The system of ODEs is integrated over
an overall period of 500 s.
For six different frequency distributions the order parameter R from Eq. (13) is calculated and averaged over the last
250 s of the simulation period. Figure 11 shows the resulting
R as function of the fluidity γc of the coupling springs averaged over all six realizations with error bars indicating the
standard deviation. In the cases with γc > 0, R clearly shows
the transition from an asynchronous to a synchronous state
as γc decreases. For 0 < γc  1, R is close to 1, for γc 
1.9, R is small and does not differ from the order parameter
of the uncoupled system. Interestingly, in the synchronous
regime, R increases monotonously with decreasing γc , but
decreases again for 0.05  γc > 0 while remaining close to
1. Intermediate fluidities show an increased order parameter
compared to the asynchronous cases; the shape of R(γc ) in
this regime also depends on the exact frequency distribution
and initial condition which is visible in the relatively large
standard deviation. As in the case of two cells, the purely
elastic case γc = 0 is special and will be discussed separately.
For the viscoelastic cases γc > 0, the mean frequency of
the cells, again averaged over the last 250 s and six different
realizations, is shown in Fig. 12 as a function of fluidity.
Here, too, the transition from asynchrony to synchrony with
decreasing fluidity is visible. The average frequency increases
as the slower cells in the initial frequency distribution are
entrained by the faster ones. In the asynchronous regime
there is no change in mean frequency and standard deviation.
Towards lower fluidities, first the standard deviation and then
the average frequency increases in the regime of intermediate
R. Interestingly, the average frequency in the synchronous
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FIG. 12. The average frequency increases when the system approaches the synchronous regime. The shaded region indicates the
standard deviation; only data for γc > 0 are shown.

regime is increased compared to the asynchronous cases but
not as large as the largest frequencies in the initial distributions. Thus, it is the faster but not the fastest cells dominating
the synchronized dynamics. As R is slightly reduced in the
case of 0 < γc  0.05, average frequency and frequency fluctuations both are increased.
To better understand the different regimes we now turn to
exemplary space-time plots of the phases of each oscillator
as function of time for different values of γc . An example
of the synchronous regime in Fig. 11 at γc = 0.2 is shown
in Fig. 13(a). Almost all cells beat synchronously except
for single cells whose natural frequencies are faster than the
frequency of the synchronized population. For even smaller,
nonzero γc these fast cells are able to (at least partially) entrain
their neighbors thus causing the increase in average frequency
and frequency fluctuations at 0 < γc  0.05 together with the
slight decrease in R (data not shown). Figure 13(b) shows an

−π

FIG. 14. Space-time plot of the purely elastic case γc = 0 at
kc = 6: The two populations at both ends of the chain synchronize
with a constant phase difference of π while the oscillators in between
beat incoherently leading to an antiphase chimera state. Again the
frequency is around 6 Hz and thus much larger than in the viscoelastic case.

example from the regime of intermediate order parameters at
γc = 1.33. While not showing full synchronization there are
areas of partially entrained cells where some but not all beats
cause depolarization of neighboring cells—comparable to the
n : n case in the system of only two coupled cells.
As already mentioned, the case of purely elastic coupling
γc = 0 is special, visible already in the drop of R in Fig. 11.
A space-time plot of this situation is shown in Fig. 14 (note
again, as in the two-cell case, the shorter time scale compared
to Fig. 13). At the ends of the chain, there are two synchronized populations that remain phase-locked with a phase
difference of π . So the cells inside one of the two populations
are synchronized in phase among each other, while the two
groups themselves are synchronized in antiphase. In between
π

50
(a)

(b)

cell

30
0
20

phase ψ

40

10

492

494

496

498

492

time [s]

494
496
time [s]

498

−π

FIG. 13. Exemplary space-time plots showing the phases ψi of each of the N = 50 oscillators color-coded as function of time for kc = 6.
(a) Case of γc = 0.2 where almost all cells beat synchronously at 1.1 Hz. Notably, the cells that are not (fully) entrained are the ones with
the largest natural frequencies. (b) At intermediate fluidities γc = 1.33 the system does not display synchronization clearly, but shows regions
of cells that periodically remain close to each other for a few oscillations. This corresponds to a generalized version of the n : n (or n : m)
synchronization in the two-cell system.
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FIG. 15. In the antiphase chimera state, the average phase velocity ψ̇i − ψ̇1 in the frame of reference of the first cell vanishes in the
two synchronized regions. It is nonzero only for the incoherent group
in the center.

the two groups, the cells are not synchronized at all and
beat incoherently, leading two a chimera state with antiphase
synchronization in the coherent part that we denote as the
antiphase chimera state [15]. The chimera state also is visible
when looking at the time average of the phase velocity ψ̇i
of each velocity in the comoving frame of reference of the
first cell, i.e., one of the two synchronous populations shown
in Fig. 15 averaged over the last 100 s of the simulation
period with standard deviation as error bars. The relative
phase velocity ψ̇i − ψ̇1 is 0 in both coherent groups and larger
than 0 in the incoherent population.
IV. DISCUSSION

We observed synchronization of mechanically coupled
excitable oscillators in the case of a simple model for the
excitation-contraction dynamics of cardiomyocytes embedded in a viscoelastic extracellular matrix. The system of two
cells shows essentially uncoupled dynamics for large fluidities
γc and low elasticities kc of the coupling Maxwell element.
This was to be expected as all deformation by the cells’
contraction is essentially absorbed by the viscous creep of
the Maxwell element. For stiffer, less fluid coupling the cells
are able to influence each other via deformation and resulting
stretch-activated currents leading to n : n and, for even stiffer
coupling to 1 : 1 synchronization. The overall dynamics in all
these cases is determined by the faster of the two cells, that
either fully or partially entrains the slower cell. For any γc > 0
the faster cell (after possible transients) is unperturbed by the
beating of the slower one. This prevailing of the faster cell
again could perhaps be expected as a consequence of the excitable nature of the two oscillators. After having been excited
by a hyperthreshold stretch-activated current transmitted by
the faster cell the slower one cannot be directly excited again
by its internal dynamics. The fast cell on the other hand then is
contracted and either excited or refractory when it is reached
by the deformation caused by the slower cell that in this state
cannot influence the dynamics of the fast cell.

The case of purely elastic coupling γc = 0 is special in
the sense that here, for sufficiently large kc , the original
frequencies of both cells do not play a role. Instead, as soon
as one cell contracts, it immediately causes a hyperthreshold
stimulus in the other one which then depolarizes and contracts
in turn, leading to the observed antiphase synchrony. The
frequency is given by the elasticity of the coupling spring.
The linear chain expresses the same general features: at
given elasticity kc , high fluidity corresponds to an essentially
decoupled system, while at low fluidity almost all oscillators
synchronize at a common frequency. Interestingly, the cells
that are not entrained in these almost completely synchronized cases beat faster than the synchronized group—thus,
the synchronized dynamics here is not necessarily dominated
by the fastest oscillators in the system. Further decreasing
fluidity however increases the influence of these fastest cells
on their neighbors, leading to a small drop in the Kuramoto
order parameter R of the whole system. At very small γc > 0,
we expect to see full synchronization again at the frequency
of the fastest cell. In analogy to the n : n synchrony in the
system of two cells, there is a regime of intermediate fluidities,
where only some but not all beats of the cells are induced by
hyperthreshold stretch-activated currents so there is no overall
synchrony. Still the order parameter of the total system is
increased compared to the asynchronous case. With decreasing γc in this regime more and more beats are induced by
the neighboring cells’ contractions until synchronous groups
emerge.
Again, purely elastic coupling is separated from any case
γc > 0. We still see the antiphase synchronization from the
system of two oscillators; now in the antiphase synchrony of
the two groups at the ends of the chain. In each of the two
groups the cells are synchronized in phase. The two groups
are separated by a population of incoherently oscillating cells
with higher average phase velocity, leading to the observed
antiphase chimera state. Each oscillator is only coupled to its
next neighbors, so there is only local coupling in our system.
Since we use fixed boundary conditions our results differ from
the chimera states found by Laing [16] where the author finds
chimera states in locally coupled reaction-diffusion systems.
While our purely elastic coupling can essentially be interpreted as a discrete form of diffusive coupling, Laing uses
periodic boundary conditions and observe a single coherent
in-phase group apart from an incoherent population of oscillators. The chimera state shown here stems from the same
initial frequency distribution as in the cases γc > 0, i.e., from
a normal distribution around 1 Hz with a standard deviation
of 0.05 Hz. We observe the same antiphase chimera also for a
chain of identical oscillators with natural frequencies of 1 Hz
only differing in their initial phases.
V. CONCLUSION

We investigated the possible synchronization of viscoelastically coupled excitable oscillators both in systems of two
and of a linear chain of these oscillators. We found qualitatively different results between purely elastic (γc = 0) and
viscoelastic (γc > 0) coupling. In the latter case we find
a transition to 1 : 1 synchronization of the coupled cell
at the frequencies of the faster oscillators as the coupling
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element becomes stiffer (increasing elasticity kc , decreasing
fluidity γc ).
In an experimental study [5] of the rheological properties
of the extracellular matrix in the initial stages of engineered
heart muscle we found that over time, the extracellular matrix (ECM) becomes stiffer and less fluid, a process that is
further amplified by the presence of fibroblasts (cf. Fig. 4
in [5]). Considering the beating cardiomyocytes as excitable
oscillators with the ECM providing viscoelastic coupling, our
numerical results presented here suggest that during aging,
qualitatively, the ECM evolves to a parameter regime allowing
for synchronization of the cells. Additionally, it was experimentally observed that the presence of fibroblasts is necessary
for the successful growth of engineered heart muscle [3]. The
simulations presented are consistent with this feature because
in the presence of fibroblasts, the stiffening of the ECM over
time is even more pronounced [5]. Thus, the ideal ECM
for the growth of engineered heart muscle is also the one
most likely to allow for mechanical synchronization of the
cardiomyocytes, even without electrochemical coupling via
gap junctions.
In the case of purely elastic coupling, we observe antiphasic −1 : 1 synchronization. In the system with only two
oscillators, the cells themselves synchronize in antiphase; in
the linear chain this is extended to the antiphase chimera state
with two antiphasic groups at the ends of the chain, each
of which consist of in-phase synchronized oscillators. Since
each oscillator is only coupled to its direct neighbors, this is
one example of a chimera state in a system with purely local
coupling as described, for example in [16].

M. Tiburcy, and S. F. Schlick, Institute of Pharmacology and
Toxicology for interesting discussions about viscoelastic and
dynamical properties of cardiomyocytes in the extracellular
matrix.
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APPENDIX A: EQUATIONS OF MOTIONS
OF A LINEAR CHAIN

The dynamics of the linear chain of N viscoelastically
coupled excitable cells require a more extensive description
than the system of just two cells. On the one hand, each of
the N cells possesses its own excitation contraction dynamics
with excitation variables vi , hi , active contractile force Ti ,
and stretch-activated current IS,i , i ∈ {1, N}. All cells have
an (arbitrary) resting length xi0 , an elongation xi , and a
i
. To describe
resulting restoring force Fr,i = −kr xi − γr dx
dt
the dynamics of the cell elongations and matrix deformations
on the other hand, we consider 2N mass points of equal
arbitrary mass m = 1 located at the cell boundaries. Including
the connections to the boundaries of the system, there are N +
1 Maxwell elements with (again, arbitrary) resting length l 0j
and viscous creep d j , j ∈ {1, N + 1}. The 2N mass points are
located at positions ξα , α ∈ {1, 2N}. Thus, the cell elongation
of cell i is
xi = |ξ2i − ξ2i−1 | − xi0 .

(A1)

The viscous creep of the jth Maxwell element now obeys the
ODE,
dd j
= −γc ξ2 j−1 − ξ2 j−2 − l 0j + d j ,
dt

(A2)

0
where ξ0 = 0 and ξ2N+1 = Ni=1 xi0 + N+1
j=1 l j =: L are kept
fixed. The force due to the deformation of this element is then

Fc, j = −kc ξ2 j−1 − ξ2 j−2 − l 0j + d j .

(A3)

The resulting equations of motion for the positions of the mass
points are
m

d 2 ξα
1
1
= (Fr,α/2 − Tα/2 ) − Fc,α/2+1
2
dt
2
2

(A4)
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FIG. 16. The initial transients leading to the antiphase chimera state in a linear chain of N = 50 cells at kc = 6, γc = 0. Already after 4 s,
the initially random phases have reached the chimera state with two coherent groups synchronized in antiphase.
032214-9

SPRECKELSEN, LUTHER, AND PARLITZ

PHYSICAL REVIEW E 100, 032214 (2019)

for α even and
1
1
d 2 ξα
= − (Fr,(α+1)/2 − T(α+1)/2 ) + Fc,(α+1)/2 (A5)
dt 2
2
2
for α odd. Solving Eqs. (A4) and (A5) yields the cell elongations xi via Eq. (A1) that then are used to calculate IS,i and,
finally, solve the ODEs for vi , hi , and Ti as described in the
case of two cells. Note that the system now is not explicitly
overdamped anymore since it cannot be solved explicitly
α
in the overdamped case. However, the choice of a
for dξ
dt
large γr in comparison to m (γr = 30 in our case), ensures
that the resulting relaxation of each cell effectively is still
overdamped.
m

APPENDIX B: INITIAL TRANSIENT OF
THE ANTIPHASE CHIMERA STATE
FIG. 17. The supplementary movie [15] shows the time evolution of the phase of each oscillator ψi in the frame of reference of the
first cell from t = 491 s to t = 493.5 s. The phases in the left group
remain close to 0, the group to the right is locked close to −π . The
cells in between oscillate incoherently.

Figure 16 shows the initial transient leading from random
initial phases to the antiphase chimera state. Already after
4 s the chimera state is visible and remains persistent for the
remainder of the 500-s simulation period (see Fig. 17 and
supplemental movie [15]).
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Figure 3.1 1:1 and 2:2 synchronization in a short chain with one faster (cell 3, ν3 = 1 Hz)
and 5 identical slower cells with natural frequency 0.9 Hz. The upper panel shows the
membrane voltage vi of each cells color-coded as a function of time, the lower panels show
the stretch-activated current IS,i . As in the system with two cells in section 3.1, for fixed
elasticity kc = 4, the fast cell entrains the whole system at low fluidity (a) γc = 0.1. Each
beat of the slow cells is triggered by a hyperthreshold SAC. At higher fluidity γc = 0.5 (b),
the short chain, too, shows 2:2 synchronization. Note the different scales for IS,i between (a)
and (b).

3.2

Further results on synchronization in short linear chains of excitable oscillators

The linear chains of viscoelastically coupled excitable oscillators presented in the
previous section (or in [33], section III.B) with random frequencies show a transition
to almost full synchronization as fluidity γc is decreased at constant elasticity kc . In
contrast to the system of only two coupled cells, the fastest cell does not necessarily
dominate the dynamics even in the case of highest Kuramoto order parameter R, i.e.,
the most synchronous cases. In order to better understand this behavior, it helps to
consider a simpler system of a short chain with N = 6 cells. As in the two-cell system
in the previous section, there is one fast cell (at the third position in the chain) with
a natural frequency ν3 = 1 Hz, the other five cells are slower with νi = 0.9 Hz. The
initial phases are identical and correspond to the resting state of the Mitchell-Schaeffer
model; vi (0) = 0, hi (0) = 1. The elasticity of the coupling springs is kept constant at
kc = 4, only the fluidity γc is varied between 0.1 and 1. In every other aspect system is
identical to the longer chain with N = 50 in section 3.1.
Figure 3.1 shows two examples of the dynamics of the membrane potentials of
the cells in such a short chain very similar to 1:1 and n:n synchrony explained in the
two-cell system in the previous section. For small γc = 0.1, figure 3.1a shows the
membrane potential vi of each cell in the upper and stretch-activated currents IS,i in
the lower panel. As in the 1:1 synchronization with two cells, the fast one fully entrains
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Figure 3.2 Membrane voltage vi and stretch-activated current IS,i of a short chain at
elasticity kc = 4 and fluidity γc = 1. In contrast to the case of only two cells, the slow cells
dominate the dynamics. The system exhibits 6:5 synchronization where every sixth beat of
the fast cell is triggered by a hyperthreshold SAC caused by the contraction of the slow cells.

the slow ones. Each action potential of the slow cells is triggered by a hyperthreshold
SAC stemming from the deformation due to the contraction of the fast cell. The case
displayed in figure 3.1b for γc = 0.5 is the corresponding case of 2:2 synchronization;
now between the fast cell and the group of slow cells. The mechanism is the same
as before; the electrical and mechanical configuration only allows for hyperthreshold
SAC in the slow cells at every other beat. Compared to the system with two cells, the
transition from 1:1 to 2:2 happens at smaller fluidity (cf. figure 9 in [33]). In all cases,
the fast cell dominates the dynamics.
This changes when fluidity is increased further as shown in figure 3.2 for γc = 1.
The system exhibits 6:5 synchronization in this case whereby every sixth beat of the
fast cell is driven by the slow cells that, in turn, remain unperturbed by the fast one.
The slower cells thus dominate the system, at least for a certain range of coupling
parameters, which is in contrast to the common understanding of excitable systems
where one usually expects the fastest source to prevail.
The cases above illustrate how in chains of viscoelastically coupled excitable oscillators, depending on the details of the coupling, a large population of slower cells may
dominate over few fast ones. When fluidity is reduced, however, the influence of the
fast cells grows. This grown influence on the slower cells may even decrease the overall
order in the system as the decrease in R in figure 11 in the previous section shows
when comparing γc = 0.2 and γc = 0.1 while at the same time, average frequency and
its fluctuations increase (figure 12 in the previous section).
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Chapter 4
Rheological properties of the
extracellular matrix
4.1

Development of the ECM in the presence of
cardiomyocytes and nonmyocytes

The following section consists of the article [1] published as
S. F. Schlick, F. Spreckelsen, M. Tiburcy, L. M. Iyer, T. Meyer, L. C.
Zelarayan, S. Luther, U. Parlitz, W.-H. Zimmermann, and F. Rehfeldt.
“Agonistic and antagonistic roles of fibroblasts and cardiomyocytes on
viscoelastic stiffening of engineered human myocardium”. In: Progress
in Biophysics and Molecular Biology 144 (July 2019), pp. 51–60. doi:
10.1016/j.pbiomolbio.2018.11.011
under the Creative Commons Attribution License (CC BY 4.0)1 of which Susanne
Schlick and I are equally contributing first authors.
My contributions mainly concern the ECM rheology results. Florian Rehfeldt,
Susanne Schlick and I devised the rheological experiments; Susanne and I performed
them. The analysis of the rheological data was performed by me; I created the
corresponding figures 3, 4, 6, and 7. Ulrich Parlitz and I devised the mathematical
ad-hoc model used to reproduce the nonlinear stress response of the ECM in LAOS
measurements. All authors contributed to the writing of the article; Florian Rehfeldt
and I wrote the result sections 2.3, 2.6, and 2.7 on linear and non-linear ECM rheology.
Note that in the article, (human foreskin) fibroblasts are abbreviated as “Fib”, not as
HFF as in the remainder of this thesis.
All hydrogels used for the experiments in this studies were prepared using the EHM
protocol described in section 2.4.2. Rheometry included an initial time sweep of length
TTS = 60 min and sine LAOS at 1 Hz with amplitudes up to γ0 = 10 % as described
in section 2.4.3. Table 3 of the supplementary material to this article containing the
coefficients for the ad-hoc model has been reproduced in appendix C.1.
1

https://creativecommons.org/licenses/by/4.0/
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Cardiomyocyte and stroma cell cross-talk is essential for the formation of collagen-based engineered
heart muscle, including engineered human myocardium (EHM). Fibroblasts are a main component of the
myocardial stroma. We hypothesize that ﬁbroblasts, by compacting the surrounding collagen network,
support the self-organization of cardiomyocytes into a functional syncytium. With a focus on early selforganization processes in EHM, we studied the molecular and biophysical adaptations mediated by
deﬁned populations of ﬁbroblasts and embryonic stem cell-derived cardiomyocytes in a collagen type I
hydrogel. After a short phase of cell-independent collagen gelation (30 min), tissue compaction was
progressively mediated by ﬁbroblasts. Fibroblast-mediated tissue stiffening was attenuated in the
presence of cardiomyocytes allowing for the assembly of stably contracting, force-generating EHM
within 4 weeks. Comparative RNA-sequencing data corroborated that ﬁbroblasts are particularly sensitive to the tissue compaction process, resulting in the fast activation of transcription proﬁles, supporting
heart muscle development and extracellular matrix synthesis. Large amplitude oscillatory shear (LAOS)
measurements revealed nonlinear strain stiffening at physiological strain amplitudes (>2%), which was
reduced in the presence of cells. The nonlinear stress-strain response could be characterized by a
mathematical model. Collectively, our study deﬁnes the interplay between ﬁbroblasts and cardiomyocytes during human heart muscle self-organization in vitro and underscores the relevance of
ﬁbroblasts in the biological engineering of a cardiomyogenesis-supporting viscoelastic stroma. We
anticipate that the established mathematical model will facilitate future attempts to optimize EHM for
in vitro (disease modelling) and in vivo applications (heart repair).
© 2018 The Authors. Published by Elsevier Ltd. This is an open access article under the CC BY license
(http://creativecommons.org/licenses/by/4.0/).
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1. Introduction
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equally contributing ﬁrst authors.

Engineered human myocardium (EHM) presents structural,
functional, and molecular properties of bona ﬁde postnatal heart
muscle (Tiburcy et al., 2017). Its advanced degree of organotypic
maturation is exempliﬁed by an anisotropic sarcomere assembly
with ultrastructural evidence for the formation of M-bands as well
as physiological responses to preload (Frank-Starling mechanism),
stimulation frequency (Bowditch phenomenon), and pharmacological stimuli such as catecholamines. For EHM assembly, cardiomyocytes and ﬁbroblasts are embedded in a collagen type I
hydrogel and cast into preformed molds of suitable geometries.

https://doi.org/10.1016/j.pbiomolbio.2018.11.011
0079-6107/© 2018 The Authors. Published by Elsevier Ltd. This is an open access article under the CC BY license (http://creativecommons.org/licenses/by/4.0/).
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After the onset of spontaneous beating (within 72 h) EHM are
subjected to mechanical loading to further enhance maturation
(Tiburcy et al., 2017). Additional means to enhance tissue maturation include the use of electrical stimuli at (near-)physiological
mont et al., 2015; Ronaldson-Bouchard
frequencies (Godier-Furne
et al., 2018).
The use of deﬁned cardiomyocyte and ﬁbroblast populations
mixed at an optimized ratio in a collagen hydrogel environment
and exposure to mechanical loading to facilitate auxotonic contractions are key for the heart muscle self-assembly process
(Tiburcy et al., 2017). The pivotal role of the initially less appreciated
non-cardiomyocyte stroma cells, and here in particular ﬁbroblasts,
has now clearly been recognized (Kensah et al., 2013; Naito et al.,
2006; Soong et al., 2012; Zhang et al., 2013). Alternatively, endothelial cells (Weinberger et al., 2016) or so called tri-culture models
comprising cardiomyocytes, smooth muscle cells, and endothelial
cells (Gao et al., 2018) have been developed. In each of these assemblies it is likely that the non-myocyte component exhibits some
ﬁbroblast-like activity, for example by epithelial/endothelialmesenchymal transformation (EMT/EndMT (Li et al., 2018)) or
cellular impurities in the applied cell populations.
The speciﬁc mode(s) of action underlying ﬁbroblast-supported
heart muscle assembly remain elusive, but may include the synthesis of cardiomyogenic extracellular matrix, paracrine crosstalk,
and biomechanical stimuli mediated via biophysical interactions
with the extracellular matrix. Moreover, it is quite likely that these
processes occur in a time-sensitive manner. In this context, the
process of early tissue consolidation, which leads to a macroscopically visible collagen hydrogel compaction within 1 h after casting
of the EHM reconstitution mixture, is least understood (Tiburcy
et al., 2014); compromised early tissue compaction is indicative
for poor outcome, i.e., a failure to form force-generating EHM
(systolic force amplitude: >1 mN/mm2) within a timeframe of two
to four weeks (Tiburcy et al., 2017).
In this study, we sought to determine the factors governing
collagen hydrogel consolidation with a particular focus on in situ
mechanical quantiﬁcation of early EHM compaction as well as the
speciﬁc roles of ﬁbroblasts and cardiomyocytes during this process.
We used rheological measurements to deﬁne distinct phases of
cell-independent collagen gelation and cell-dependent collagen
compaction. Here, we deﬁned ﬁbroblasts as the main contributors
to collagen matrix stiffening and cardiomyocytes as “cellular antagonists” of this process. Since most biopolymers and biological
tissues exhibit a nonlinear viscoelastic behavior (Storm et al., 2005),
we also performed large amplitude oscillatory shear (LAOS (Ewoldt
et al., 2008)) measurements to determine the cellular impact on
strain-stiffening of the consolidated tissue. Finally, we propose a
mathematical model characterizing mechanical stress as a function
of strain and strain rate, which we view as an important step for
future numerical simulations of cell-matrix interactions during
EHM formation.
2. Results
2.1. Engineered human myocardium input cell populations and
development
Engineered human myocardium (EHM; Fig. 1A) was generated
by casting deﬁned mixtures of collagen type I, human embryonic
stem cell-derived cardiomyocytes (CMs), and human foreskin ﬁbroblasts (Fibs) in circular molds; reconstitution mixtures
comprising CMs and Fibs at a 2:1 ratio were recently identiﬁed to
optimally support EHM formation (Tiburcy et al., 2017). We
controlled CM (alpha-actinin: 95 ± 2%; n ¼ 3) and Fib (CD90:
94 ± 5%, n ¼ 3) purity by ﬂow cytometry (Fig. 1B). Purity and

identity of the respective cell populations were further conﬁrmed
by transcriptome analyses, showing the anticipated cell type speciﬁc transcript signatures for the CM and Fib populations (Fig. 1C).
After casting of the EHM-reconstitution mixture, EHM undergo a
ﬁrst phase of matrix consolidation resulting in macroscopically
visible compaction after 60 min (Tiburcy et al., 2014) and an on-set
of rhythmic contractions within 72 h in culture; subsequent mechanical loading to support auxotonic contractions results in
advanced tissue maturation (Tiburcy et al., 2017). This process is
paralleled by the development of an anisotropic and wellstructured functional syncytium (Fig. 1D).
2.2. Fibroblasts drive collagen type I hydrogel compaction
In order to investigate the role of ﬁbroblasts for EHM compaction, mechanical behavior and functional maturation, we generated
collagen I hydrogels without cells, with either CMs or Fibs, or with
both cell types (EHM). We quantiﬁed the compaction process after
24 h and 72 h. In the presence of ﬁbroblasts, collagen type I
hydrogels were signiﬁcantly more compacted than in the presence
of either CMs or no cells at all (Fig. 2A and B). The compaction
process was completed at 24 h for collagen type I hydrogels without
cells, with CMs and with CMs plus Fibs. Collagen type I hydrogels
populated with Fibs continued to compact (Fig. 2A and B). After 4
weeks, tissues were strikingly different as to their macroscopic
appearance with a failure to compact in cell- and ﬁbroblast-free
models (Fig. 2B). Tissue compaction could further be quantiﬁed
by the measurement of tissue thickness (i.e., the distance between
the inner and outer tissue boundaries in mm: Collagen only
5.1 ± 0.3; þCM 4.8 ± 0.2; þFib 1.1 ± 0.06; þCM/þFib 1.3 ± 0.3;
n ¼ 12/9/10/12; Fig. 2C). Staining with Sirius red conﬁrmed that
collagen ﬁbers were compacted markedly in the ﬁbroblasts containing tissue (Fig. 2D). Interestingly, we also noted some collagen
ﬁber compaction in the CM only tissue, which could be supported
by contaminating mesenchymal ﬁbroblast-like cells (~5% according
to ﬂow cytometry; Fig. 1B). The consequences of the failure to
compact for contractile outcome could be conﬁrmed by isometric
force measurements with minimal twitch amplitudes in CM-only
tissue versus maximal twitch amplitudes in the CM þ Fib containing EHM (force of contraction [FOC] in mN at maximally
effective extracellular calcium [4 mM]: 0.2 ± 0.05 vs. 1.2 ± 0.2;
*p < 0.05 by two-tailed unpaired Student's t-test; n ¼ 4/group;
Fig. 2E).
2.3. Mechanical properties of collagen network formation
After the basic characterization of EHM consolidation and
function from the ﬁrst day to up to 4 weeks, we focused on the
mechanical characterization of the applied collagen type I without
a cellular component. Therefore, we ﬁrst measured the temporal
evolution of the shear storage G0 and shear loss modulus G00 of pure
collagen at 1% strain and a physiological frequency of 1 Hz to
simulate the repetitive strain collagen would be exposed to in the
human heart. The obtained data indicated that collagen stiffening
by gelation is a material inherent process, which appears quickly
after pH-neutralization and is completed after 30 min (Fig. 3).
Average G0 and G00 plateaued at 26.5 ± 0.8 Pa and 4.1 ± 0.3 Pa,
respectively.
2.4. Differential contribution of ﬁbroblasts and cardiomyocytes to
collagen network consolidation
Subsequent mechanical characterization of collagen type I
hydrogels with and without cells (CMs and/or Fibs) conﬁrmed the
ﬁnding of a completion of the cell-independent collagen gelation

S.F. Schlick et al. / Progress in Biophysics and Molecular Biology 144 (2019) 51e60

53

Fig. 1. Characterization of the engineered human myocardium (EHM) cell populations. (A) EHM were generated from human embryonic stem cell-derived cardiomyocytes (CMs)
and human foreskin ﬁbroblasts (Fibs) suspended in a collagen type I hydrogel (2:1 CM:Fib ratio). (B) Conﬁrmation of input cell purity by ﬂow cytometry for the CM marker “alphasarcomeric actinin" (ACTN2) and the Fib marker “CD90” (aka Thy-1). (C) Transcriptome analyses conﬁrmed characteristic RNA proﬁles in CM and Fib populations (data n ¼ 3/group);
CM and Fib transcript signatures were recently reported in detail in Tiburcy et al. (2017); RPKM: Reads Per Kilobase Million. *P < 0.05 CM vs. Fib by unpaired, two-tailed Student ttest. (D) Whole-mount EHM immune ﬂuorescence imaging at the indicated days after casting; sarcomeric actinin (green) labels CMs, f-actin (red), nuclei (blue); scale bar: 50 mm (all
panels have the same magniﬁcation).

process within 30 min after pH-neutralization (Fig. 4A and B).
Continuous collagen matrix stiffening was observed in collagen
type I networks containing Fibs, with however a clear attenuation
of the Fib-mediated stiffening process in the presence of CMs
(resembling the EHM mixture). These ﬁndings were in line with the
previously reported macroscopically visible compaction of EHM as
early as 60 min after casting (Tiburcy et al., 2014) as well as the in
this study documented continuous tissue compaction process
(Fig. 2AeD). The associated changes in viscoelastic properties could
be determined quantitatively by cone and plate shear rheology as
changes of G0 and G00 as a function of time after the cellindependent collagen gelation was completed, i.e., 30e60 min after the start of the experiment (Fig. 4AeC). Collectively, these data
identify distinct phases of cell-independent gelation (0e30 min)
and largely Fib-dependent (in Fib and EHM samples) tissue
compaction (>30 min), which appears to be modulated by cardiomyocytes in the EHM samples (Fig. 4D).
2.5. Differential Fib and CM transcriptomes during early EHM
compaction
To interrogate potential molecular changes during ﬁbroblastdependent EHM compaction, we performed differential

transcriptome analyses by RNA-sequencing. By comparing the cell
transcriptomes at baseline, i.e., after a 30 min cell seeding and
largely cell-independent collagen gelation phase without obvious
differences in cell-induced viscoelastic properties, and after additional 60 min in which we observed either no further (in CM
populated collagen) or Fib-mediated collagen hydrogel stiffening
(Fig. 5A). As anticipated, a principle component analysis (PCA;
Fig. 5B) of the RNA-sequencing data reﬂected for the most part (91%
in principle component [PC] 1) the differences in cell composition:
(1) CM: only cardiomyocytes; (2) Fib: only ﬁbroblasts; (3) EHM:
CM:Fib at a 2:1 input ratio. PC2 (7%) separated the single cell type
hydrogel cultures from the mixed cultures comprising the same
cells, suggesting a transcriptionally effective CM:Fib cross-talk. The
transcriptional changes within the time-frame of 60 min of no (CM
group) or Fib-mediated (Fib and EHM groups) collagen compaction
were small as anticipated (Fig. 5B). It was however notable that Fibs
in comparison to CMs presented a markedly enhanced differential
transcription within the 60 min observation period (DEG; 1,379 vs.
369; Fig. 5C). From those, 202 DEGs were commonly regulated in all
investigated groups and according to GO term analyses associated
with “general tissue formation processes” (Supplemental Table 1).
The Fib-speciﬁc expression proﬁle (1,161 DEGs; Supplemental
Table 1) included evidence for markedly enhanced transcriptional
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Fig. 2. Fibroblast controlled tissue compaction. (A) Collagen type I hydrogels were generated containing either no cells or Fibs (~430,000/tissue) and/or CMs (~860,000/tissue).
Compaction was assessed 24 h and 72 h post-casting into circular PDMS molds with a central Teﬂon rod. *p < 0.05 vs. Collagen by 1-way ANOVA followed by Sidak multiple
comparison test. (B) Representative images of compacted tissue at 72 h (within the casting molds) and 4 weeks of culture (free ﬂoating after release from the casting molds). Scale
bar: 1 mm (applies to all panels). (C) EHM combined arm thickness at 4 weeks in culture; *p < 0.05 vs. Collagen or þ CM as indicated by 1-way ANOVA followed by Tukey multiple
comparison test, n ¼ 9e12/group. (D) Sirius red tissue sections to highlight ﬁbrillary collagen at 4 weeks in culture. Scale bars: 100 mm (overviews) and 400 mm (inset). (E) Force of
contraction (FOC) of EHM (CM þ Fib) and CM-only containing tissue after 4 weeks in culture; FOC was measured at 37  C in Tyrode's solution under electric pulsed-ﬁeld stimulation
at 1.5 Hz; the characteristic increase in FOC as a function of increasing extracellular calcium is displayed. *p < 0.05 by 2-way ANOVA; n ¼ 4/group.

Fig. 3. Mechanical characterization of collagen type-I hydrogel gelation. Storage
modulus G’ (A) and loss modulus G’’ (B) plotted as a function of time. Individual (n ¼ 6)
rheology measurements of cell-free collagen type I hydrogels were performed using a
cone (2 ) and plate bulk rheometer. Gelation of acidic acid solubilized collagen type I
was started by pH-neutralization with NaOH at room temperature (23  C).

activity and processes related to “heart development” and “extracellular matrix organization”, with for example an upregulation of
SOX9, described as a master regulator of organ development and
collagen expression (Hanley et al., 2008; Lacraz et al., 2017); this
ﬁnding was in line with our earlier observation of a strong contribution of endogenously produced collagen type I in EHM formation
(Tiburcy et al., 2011). The cardiomyocyte-speciﬁc 154 DEGs

Fig. 4. Biophysical properties of consolidating cell-free and cell-containing collagen
type I hydrogels. Samples of collagen type I containing no cells (Collagen; n ¼ 6), CMs
(n ¼ 3), Fibs (n ¼ 4), and both cell types (EHM; n ¼ 4) were mechanically analyzed
using a cone and plate rheometer. Applying ﬁxed 1% strain at 1 Hz the storage modulus
G’ (A) and loss modulus G’’ (B) were recorded over a timeframe of 60 min; extended
measurements were technically difﬁcult to perform due to the drying of the hydrogel
formulation. (C) Average change of G0 as a function of time (DG’/Dt in Pa min1) during
the 30e60 min (cell-dependent compaction) interval. *p < 0.001 vs. Collagen (coll.) by
1-way ANOVA and Tukey's multiple comparison. (D) Schematic summary describing
the distinct phases of cell-independent collagen hydrogel gelation and Fib-dependent
(in Fib and EHM groups) collagen hydrogel compaction.

indicated
enhanced
endoplasmic
reticulum
(ER)-stress
(Supplemental Table 1), which may trigger apoptotic processes.
Interestingly, transcriptional signatures for the activation of
“apoptotic processes” were markedly enhanced in the presence of
Fibs and Fib-dependent matrix stiffening. This ﬁnding is in agreement with the observed over-proportional loss of cardiomyocytes
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Fig. 5. Differential transcriptomes in Fibs and CM in 3D hydrogel cultures. (A) Schematic overview of the experimental design (n ¼ 3 samples per group). (B) PCA plot of global gene
expression of the respective hydrogel samples at the two investigated time-points (1: baseline after completion of cell-independent collagen gelation (30 min); 2: after additional
60 min of primarily Fib-mediated collagen compaction (90 min). (C) Venn diagram comprising the identiﬁed differentially expressed genes (DEGs) assigned to speciﬁc CM, Fib and
general cell type-independent processes according to GO term analyses; all DEGs are listed in Supplementary Table 1).

especially during the early EHM formation process (Tiburcy et al.,
2011). Cell loss in EHM is a combined result of irreversible damage by the enzymatic cell isolation procedure needed for EHM
preparation, anoikis, and apoptosis; leading collectively to a
notable change in CM:Fib composition from 2:1 (input) to 1:1
(output) during culture (Tiburcy et al., 2017). A further detailed
analysis of the DEGs underlying PC2 (CM:Fib cross-talk in EHM vs
the single cell culture formats) indicated 45 up- and 405 downregulated transcripts; Supplementary Table 2), comprising a large
content of non-coding RNA (210 of in total 450 transcripts,
including miR and lncRNA).
2.6. Nonlinear elastic behavior at physiologically relevant strains
The rheological data reported so far were obtained at a ﬁxed 1%
strain to enable studies of the linear stress-strain response over an
extended time period (60 min) under well controlled conditions
(Figs. 3 and 4) without altering the collagen gelation processes.

Considering that biopolymers and tissues exhibit a nonlinear
strain-stiffening viscoelastic response (Storm et al., 2005) and that
cardiomyocytes and cardiac muscle function at larger strains (g0 up
to approx. 20% (Chuang et al., 2010; Hersch et al., 2013; Kajzar et al.,
2008)), we performed large amplitude oscillatory shear (LAOS)
measurements according to a previously reported method (Ewoldt
et al., 2008) 60 min after triggering matrix consolidation by pH
neutralization. LAOS allowed us to measure the stress-strain relation for one cycle as a function of time (Fig. 6A), followed by
repeated measurements of the same sample at increasing strains.
Plotting stress s vs strain g (Lissajous plot) allows for a visualization
and robust quantiﬁcation of the nonlinear strain-stiffening
behavior (Fig. 6B). We ﬁrst validated the LAOS measurements for
different maximal strains (g0 ¼ 1%, 2%, 4%, 7%, 8%) on pure collagen
type I networks and conﬁrmed previous observation of strainstiffening, which became obvious at strains g0 > 2% (Fig. 6C). We
further analyzed the stress response by a Fourier analysis of the
stress signal (Ewoldt et al., 2008). For reasons of symmetry, only the
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Sz0 indicates a linear stress-strain relation, S > 0 is a sign of strain
stiffening (Ewoldt et al., 2008). A direct comparison of cell-free and
cell-containing collagen hydrogels (Fig. 7) indicated similar strainstiffening with however the largest S in the cell-free collagen
formulation: S (g0 ¼ 8%) ¼ 0.849 ± 0.017 (collagen, n ¼ 6),
0.710 ± 0.039 (CM, n ¼ 3), 0.747 ± 0.027 (Fib, n ¼ 4), and
0.675 ± 0.037 (EHM, n ¼ 3). Collagen thus not only displays the
largest stress at maximum strain (s ¼ 8.78 ± 0.92 Pa), but also the
most nonlinear response. Cells in general reduced strain stiffening
and thus effectively softened the collagen type I hydrogels. In line
with their prominent role in collagen type I hydrogel compaction
(Fig. 4), Fib-populated collagen type I hydrogels exhibited a slightly
higher strain-stiffening and maximal stress than CMs or CM:Fib
(EHM) mixtures.

2.7. Mechanical ad-hoc model
In addition to using a Fourier analysis to obtain an expression for
the stress response as a function of strain and strain rate, we
established an ad-hoc model for the time dependence of the stress
response that reproduces the measured stress when driven with
the corresponding sinusoidal strain input. The aim was to ﬁnd an
expression of the form

ds
¼ f ðs; g; g_ ; fci gÞ
dt

Fig. 6. Large amplitude oscillatory shear (LAOS) measurements of pH neutralized
collagen hydrogels. (A) Representative data from one measurement cycle with
normalized stress s (blue) and ﬁltered stress s (orange) at a deﬁned strain (g)
amplitude (blacke y-axis) as a function of time (x-axis). (B) Lissajous plot transformation of the data displayed in A revealed the anticipated nonlinear stress-strain
response for collagen type I networks. The raw stress signal (blue) was ﬁltered (orange) by only using the ﬁrst three non-zero, odd Fourier coefﬁcients, i.e., the ﬁrst, third
and ﬁfth Fourier mode. Indicated with dashed lines are the large-strain modulus G’L
(blue) and the minimum-strain modulus G’M (red). (C) Lissajous plots for collagen
exposed to the indicated increasing strain (g0) amplitudes. The raw signals are
depicted as dashed lines; the ﬁltered signals are displayed as solid lines; the different
strain amplitudes are indicated by different colors. For strains g0 ¼ 1% and 2% (range
indicated in light grey between two vertical dashed lines) the measurement showed a
linear relation between stress and strain, but for larger strains (g0 > 2%) nonlinear
strain-stiffening became evident.

such that the time series sðtÞ obtained by integrating the above
differential equation matches the measured stress data. fci g are
model parameters that can be found by minimizing the quadratic
differences between the stress obtained from the model and the
measured stress. The resulting model not only reproduces the
measured data, but also is applicable for different than sinusoidal
strain input. This is in particular important for future modelling of
the more complex function of strain during a physiological
contraction cycle of (engineered) human myocardium. As candidate for f we used a third order polynomial in s; g; and g_ . For
reasons of symmetry, we considered only odd terms. During optimization we found that further terms could be omitted leaving

ﬁrst three non-zero odd Fourier coefﬁcients, i.e., the ﬁrst, third and
ﬁfth Fourier mode, were used and found sufﬁcient to match the
measured data (Fig. 6; measured stress data in blue vs. ﬁltered
stress data in orange). Therefore, the stress-strain behavior of
collagen can be described in the following form:

sðg; g_ Þ ¼

X



n 2 f1;3;5g

g0 en Tn







g
g_
þ g0 vn Tn
g_ 0
g0



Tn ðxÞ is the n -th Chebyshev polynomial, en and vn are obtained
from a Fourier transformation. Since this relation requires a strictly
sinusoidal strain input, the stress response simply is a ﬁfth-order
polynomial in strain and strain rate.
In order to quantify the non-linearity of the strain response of
the different samples of collagen with and without cells, we use the
0
strain-stiffening ratio S where GL denotes the large-strain modulus
(dashed blue line in Fig. 6B) or secant modulus at maximal strain
0
g ¼ g0 , GM (dashed red line in Fig. 6B) is the minimum-strain
modulus or tangential modulus at g ¼ 0. A strain-stiffening ratio

Fig. 7. Lissajous plots to assess strain-stress behavior in cell-free and cell-containing
collagen type I hydrogels. All samples showed characteristic strain-stiffening. Cellfree collagen type I networks demonstrated the largest stress at maximum strain
(s ¼ 8.78 ± 0.92 Pa at g0 ¼ 8%; n ¼ 6). There was a trend (not signiﬁcant) towards
higher strain-stiffening (s ¼ 4.40 ± 0.44 Pa at g0 ¼ 8%; n ¼ 4) by Fibs than CMs
(s ¼ 3.77 ± 0.44 Pa at g0 ¼ 8%; n ¼ 3) or CM:Fib (EHM; s ¼ 2.68 ± 0.15 Pa at g0 ¼ 8%;
n ¼ 3). The graphs include data from the ad-hoc model (dashed green lines) demonstrating that the observed biological phenomena can be modelled mathematically.
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_ þ c7 gs2
f ðs; g; g_ Þ ¼ c1 g þ c2 g_ þ c3 g2 g_ þ c4 g2 s þ c5 gg_ 2 þ c6 ggs
þ c8 g_ 3 þ c9 s3
as candidate. Optimization of the model parameters was performed using a basin-hopping algorithm (Wales and Doye, 1997).
After optimization, this ad-hoc model was able to recover the
measured stress data (Fig. 7). The model parameters used to obtain
the curves for the four samples are listed in Supplemental Table 3.
3. Discussion
Engineering of heart muscle requires a profound understanding
of cellular cross-talk and tissue biomechanics. The role of ﬁbroblasts or ﬁbroblast-like cells for the formation of EHM (Tiburcy
et al., 2017) and similar tissue engineering approaches has been
clearly recognized (Kensah et al., 2013; Naito et al., 2006; Soong
et al., 2012; Zhang et al., 2013). The inﬂuence of ﬁbroblasts on the
in vitro heart muscle formation process becomes very obvious
already within minutes to hours after EHM reconstitution, namely
by its failure to compact, in the absence of ﬁbroblasts. Here, we
investigated the EHM consolidation process with a particular focus
on determining the differential impact of ﬁbroblasts and cardiomyocytes. Our data identify that the process of EHM consolidation comprises a cell-independent collagen gelation phase,
followed by a ﬁbroblast-mediated collagen compaction phase,
which is likely mediated by direct ﬁbroblast-collagen interactions
via for example integrins (Herum et al., 2017). In the presence of
cardiomyocytes, Fib-mediated collagen type I network compaction
was clearly attenuated, suggesting a biomechanically relevant
Fib:CM cross-talk. Together with the ﬁnding that environmental
viscoelastic stiffening enhances extracellular matrix synthesis by
Fibs and despite studying “only” engineered human heart muscle, it
may be prudent to speculate that our data suggests a ﬁbrosis
control function by cardiomyocytes. The contribution of cardiomyocyte:ﬁbroblast cross-talk to tissue ﬁbrosis has been investigated intensively, with clear evidence for the contribution of noncoding RNA in addition to paracrine mechanisms via secreted
growth factors (reviewed in (Beermann et al., 2016; Viereck et al.,
2014)). The identiﬁcation of a numerical model to describe the
biomechanical properties, including nonlinear strain-stiffening at
physiological strains, of cell-free and cell-populated collagens will
not only be important for the further optimization of EHM, but may
also foster our understanding of the fundamental principles underlying cell:matrix interactions for heart function in general.
We applied neonatal human foreskin ﬁbroblasts (HFFs) rather
than organ speciﬁc ﬁbroblasts in this study for practical (homogenous, well-deﬁned cell model) and biological reasons (similar
supportive function was observed in EHM from HFF and ﬁbroblasts
of other sources, including heart; unpublished observation). Earlier
data suggested that ﬁbroblasts provide important cues for the
formation of EHM, which includes the secretion and build-up of
extracellular matrix (Tiburcy et al., 2011). The data obtained in this
study extends our previous ﬁndings by demonstrating a transcriptional activation, which may contribute to the subsequent and
continuous extracellular matrix formation processes in EHM. This
appears to involve for example enhanced expression of hyaluronan
synthases [HAS1 and HAS2], PDGFA, and BMP4 (common DEGs) as
well as ELN (elastin), PDGFB, TGFB1, and SOX9 (Fib-speciﬁc DEGs) e
all DEGs can be obtained from the Supplemental Table 1. The
observed evidence for ER-stress in the cardiomyocyte pool, which
may lead to the activation of apoptotic processes, is well in line with
the observed enhanced caspase activity during the early EHM formation process (Tiburcy et al., 2011). Several means have been
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developed to counter cardiomyocytes loss in EHM, including the
application of cardio-protective molecules such as insulin/IGF-1
(Naito et al., 2006) and PDGF-BB (Vantler et al., 2010). The obtained evidence of non-coding RNA mediated cross-talk between
ﬁbroblasts and cardiomyocytes in EHM (Supplemental Table 2) was
a notable observation and will require further detailed studies,
including studies on exosome/microvesicle mediated cross-talk, a
mechanisms described to in tumor environment stiffening
(Bonnans et al., 2014; Villasante et al., 2016), and analyses of proteome alterations by the observed non-coding RNA as well as the
associated consequences for the long-term regulation of ECM
viscoelasticity.
A particular goal of this study was to go beyond the description
of biological processes and potentially involved mechanisms and
establish the basis for the formulation of mechanical models of the
EHM formation process. For this, viscoelastic properties of collagen
type I and its alterations in the presence of the key cellular components of EHM, i.e., cardiomyocytes and ﬁbroblasts, must be
provided. By in situ rheological measurements we collected quantitative data of G0 and G00 during early cell-independent and cell/
Fib-dependent tissue compaction as well as important insight
into the nonlinear strain stiffening properties of collagen without or
populated with cells. An interesting observation was the cellinduced softening of collagen at high strains. This may be
explained by the soft mechanical properties of cells per se and is in
line with studies on the biomechanics of multi-component tissues
(Huber et al., 2013; Marquez et al., 2010). Activation of cell intrinsic
and mainly ﬁbroblast-associated mechanisms appears to counter
the softening process, likely by additional extracellular matrix
synthesis and mechanical pre-straining of the extracellular matrix
into the nonlinear strain-stiffening range. In essence, ﬁbroblasts
and cardiomyocytes in collagen type I hydrogels appear to selforganize the EHM formation process by a dynamic adaptation of
the viscoelastic properties of the surrounding extracellular matrix
environment. Finally, the introduced numerical ad-hoc model is a
ﬁrst step towards future simulations of the viscoelastic properties
of EHM (Stein et al., 2017), in particular with respect to the more
complex stress-strain relation during a contraction cycle. In combination with novel models of cross-linked and anisotropic networks (Heidemann et al., 2015, 2018) this may allow for the
identiﬁcation of ideal cell compositions and externally imposed
stress-strain behavior, either by mechanical means (Liaw and
Zimmermann, 2016) or electrical stimulation (Godier-Furnemont
et al., 2015) for optimal tissue development.
4. Materials and methods
4.1. Cell culture
Human neonatal foreskin ﬁbroblasts (Fibs) were obtained from
ATCC (HFF-1, SCRC-1041) and maintained in DMEM containing
4 mM L-glutamine, 4,500 mg/L glucose, 1 mM sodium pyruvate,
and 1,500 mg/L sodium bicarbonate supplemented with 15% fetal
calf serum (FCS), 100 U/mL Penicillin, and 100 mg/mL Streptomycin
(P/S; Thermo Scientiﬁc). Cell counting was done with a CASY TTC
system (Roche) using the electric current exclusion method. Fibs
were used for experiments from passage 18e22. Cardiomyocytes
were derived from HES2 (ES International, Singapore) or a genetically modiﬁed derivative HES2-RFP (Irion et al., 2007). Ethical
approval for the use of human embryonic stem cells (ESCs) was
obtained from the Central Ethic Committee for Stem cell Research
(ZES; permit #12; reference number: 1710-79-1-4-16). ESCs were
grown and differentiated as reported previously (Tiburcy et al.,
2017). Cardiomyocyte purity was analyzed by ﬂow cytometry
(Fig. 1B).
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4.2. Flow cytometry
Single cardiomyocyte cell suspensions were prepared by
digesting cardiomyocyte monolayers with a mixture of Accutase
(Millipore), 0.0125% Trypsin (Thermo Scientiﬁc), and 20 mg/ml
DNAse (Calbiochem) for 15e30 min at room temperature. Fibroblasts were prepared by digestion with TrypLE (Thermo Sientiﬁc)
for 10 min at 37  C. Cells were resuspended in culture medium,
centrifuged at 300 g for 5 min, and incubated with 1:1,000 Sytox
Red Dead Cell Stain (5 mmol/L stock solution; Thermo Scientiﬁc) and
Brilliant Stain Buffer containing mouse anti-human BUV395conjugated CD90 IgG1,k (BD Biosciences, clone 5E10, 5 ml per
sample) for 20 min at 4  C. CM suspensions were centrifuged at
300 g for 5 min and then ﬁxed in 70% ice-cold ethanol. After ﬁxation, cells were centrifuged once more and resuspended in blocking
buffer (PBS containing 1 mg/ml BSA [Sigma], 5% FCS [Thermo
Fisher] and 0.1% Triton 100X [Sigma]). After 10 min of blocking, cells
were pelleted by centrifugation and resuspended in blocking buffer
with primary antibody (sarcomeric a-actinin 1:4,000 SigmaAldrich A7811, mouse-monoclonal) or respective IgG1 isotype
control for 45 min at 4  C. Cells were washed twice with PBS, followed by a washing step in blocking buffer and subsequent incubation in secondary antibody (1:1,000 anti-mouse 488 [A-11001] or
633 [A-21052], Thermo Fisher) and Hoechst (10 ng/ml; Thermo
Fisher) for 30 min at 4  C. Cells were washed with PBS and ﬁnally
resuspended in PBS for analysis. The gating strategy was described
in detail in (Tiburcy et al., 2017). 10,000 live cell events were
analyzed per sample. Measurements were performed on a LSRII
SORP Cytometer and analyzed using the DIVA software (BD Biosciences). FACS visual plots were generated using Flowing Software
2.5.1. (Perttu Terho, University of Turku, Finland).
4.3. Hydrogel culture preparations and analysis
Two batches of medical-grade bovine collagen (LLC Collagen
Solutions) were used in this study (Batch 1:15CSA02; Batch 2:
17CSA03). Equal volumes of collagen (0.9 mg/ml) and concentrated
serum-free medium (2x RPMI, 8% B27 without insulin, 200 U/ml
penicillin, and 200 mg/ml streptomycin) were mixed on ice. Cells
(950,000 Fibs/ml, 1,900,000 CMs/ml, or both cell types at a 1:2 ratio
- 2,850,000 cells/ml) were added after pH neutralization by dropwise addition of 0.1 N NaOH. Single cell suspensions were prepared
as described above for the ﬂow cytometry experiments. Cells were
suspended in EHM culture medium: Iscove's medium with 4% B27
without insulin, 1% non-essential amino acids, 2 mmol/l glutamine,
300 mmol/l ascorbic acid, 100 ng/ml IGF1 (AF-100-11), 10 ng/ml
FGF-2 (AF-100-18B), 5 ng/ml VEGF165 (AF-100-20), 5 ng/ml TGF-b1
(AF-100-21C), and P/S (all growth factors were obtained from
PeproTech). An equal amount of EHM culture medium without cells
was added in the cell free, collagen only, conditions. 149 and 450 ml
hydrogel:cell mixtures were used for to rheology measurements or
cast into circular models to generate tissue loops (Soong et al.,
2012; Tiburcy et al., 2017). Hydrogel consolidation was studied for
60 min in a bulk rheometer or after 24 and 72 h in the circular
casting molds. The size of compacted hydrogels and total arm
thickness of 4-week-old tissues was determined using a Lumar
system equipped with an AxioCam MRc and Axiovert 4.1 software
(Zeiss). For the latter analyses 10e20 individual measurements of
tissue thickness per tissue were averaged.
4.4. Histology
For whole-mount analyses, hydrogels/EHM were ﬁxed in 4%
formaldehyde (Histoﬁx, Roth) for at least 2 h at room temperature.
After washing for 4 h at room temperature (RT) in blocking buffer

(PBS containing 1 mg/ml bovine serum albumin [Sigma], 5% FCS
[Gibco], and 0.1% Triton [Sigma]) the primary antibodies were
added for 48 h at 4  C. Following three washes with PBS for
60 min at RT the secondary antibodies, together with phalloidin
(Thermo Scientiﬁc), were added for 48 h at 4  C. After three more
washes, tissues were mounted with Fluoromount (SouthernBiotech) and imaged using a Zeiss confocal microscope (CLSM;
Zeiss 710 LSM/NLO). For cryo-sectioning, tissues were immersed in
30% sucrose overnight at 4  C and embedded the following day in
OCT (TissueTech) by slow freezing on a liquid nitrogen-cooled
metal block. Tissues were stored at 20  C and cut at 10 mm with
a cryotome (Leica). Tissues were dried at RT before blocking for
30 min and treated with primary antibodies (or respective isotype
controls) overnight at 4  C, followed by three washes with PBS for
20 min and incubation with secondary antibody and Hoechst for
2 h at RT. After three ﬁnal washes, tissue mounting was with Fluoromount (SouthernBiotech). Sections were imaged using a Zeiss
confocal microscope (CLSM; Zeiss 710 LSM/NLO). For Sirius Red
staining, tissues were embedded in parafﬁn (Roth). 4 mm sections
were cut, dewaxed, and rehydrated using standard protocols.
Nuclei were stained with Mayer's Hemalaun solution (AppliChem)
for 5 min. After two washes with H2O slides were incubated with
Picrosirius red solution for at least 1 h. Subsequently, the slides
were washed twice with acetic acid (5% v/v in H2O) for 5 min, followed by clearing in xylol (Roth). Slides were mounted using Histokitt II (Roti). Slides were imaged using a Zeiss Axiovert
microscope and analyzed using ZEN software.
4.5. Contraction analysis
Tissue constructed in a loop format, were isometrically sus€ hr Medical Instruments) ﬁlled with
pended in organ baths (Fo
Tyrode's solution (in mmol/L: 120 NaCl, 1 MgCl2, 0.2 CaCl2, 5.4 KCl,
22.6 NaHCO3, 4.2 NaH2PO4, 5.6 glucose, and 0.56 ascorbate) at
37  C and constant bubbling with 5% CO2 and 95% O2. Force of
contraction measurements were performed at 1.5 Hz electrical ﬁeld
stimulation with 5 ms square pulses (200 mA) and calcium concentrations increasing from 0.2 to 4 mmol/L as described previously
(Tiburcy et al., 2017).
4.6. Rheometry
Mechanical properties of the hydrogel samples with and
without cells were investigated with a bulk rheometer (MCR-501,
Anton Paar, Austria) using a cone and plate geometry with an angle
of 2 and a gap height of 103 mm. The temporal evolution of the
mechanical properties were monitored with measurements every
30 s using a sinusoidal strain of 1% at 1 Hz. This low strain ensures
to be in the linear response regime and does not alter the gelation
process (data not shown). Dehydration of the sample was avoided
by keeping the environment in a custom-made measurement
chamber saturated with water vapor. The temperature was kept
constant at 23  C. For the nonlinear analysis the built-in LAOS
routines of the rheometer software were used. The general setup
was the same as described above and LAOS measurements were
performed directly after ﬁnishing the measurement of the temporal
evolution (on the same sample). While the frequency of the strain
input remained at 1 Hz the strain amplitude was increased from
g0 ¼ 1% to g0 ¼ 10% in steps of 1%. The stress response over one
period of oscillation (i.e. 1 s) was recorded and stress data were
sampled with 256 points per period (every 3.9 ms).
4.7. RNAseq
To simulate the conditions used for the rheology measurements,

S.F. Schlick et al. / Progress in Biophysics and Molecular Biology 144 (2019) 51e60

cell:collagen mixtures were incubated at 23  C for 30 and 90 min
before snap freezing the reconstitution mixtures in liquid nitrogen
and extracting RNA using the TRIZOL method (Thermo Scientiﬁc).
Quality and integrity of RNA was assessed with the Fragment
Analyzer from Advanced Analytical by using the standard sensitivity RNA Analysis Kit (DNF-471). RNA-seq libraries were prepared
using a modiﬁed strand-speciﬁc, massively-parallel cDNA
sequencing (RNA-Seq) protocol from Illumina, the TruSeq Stranded
Total RNA (Cat.No. RS-122-2301). Libraries were sequenced on a
HiSeq 4000 platform (Illumina) generating 50 bp single-end reads
(30e40 Mio reads/sample). Sequence images were transformed
with Illumina software BaseCaller to BCL ﬁles, which was demultiplexed to fastq ﬁles with bcl2fastq v2.17.1.14. The quality check
was done using FastQC (version0.11.5, BabrahamBioinformatics).
Sequence reads were aligned to the human genome reference assembly (UCSC version hg19) using Bowtie 2.0 (Langmead and
Salzberg, 2012). For each gene, the number of mapped reads was
counted using HTSeq-counts; and DESeq2 was used to analyze the
differential expression (Anders and Huber, 2010). DEGs were
identiﬁed by a log2-fold difference of 0.5 in transcript levels between the 30 min and 90 min time-points according to the
Benjamini-Hochberg method for multiple comparisons (adjusted
P < 0.05). Gene ontology (GO) analyses were performed using DAVID (Huang da et al., 2009a; Huang da et al., 2009b). VennDiagrams
were generated using BioVenn (Hulsen et al., 2008).
4.8. Statistical analysis
Data are displayed as mean ± standard error of the mean (SEM).
Figure captions include information about the applied statistical
test methods and sample sizes. Statistical signiﬁcance was assumed
when p < 0.05. Statistical test were performed using GraphPad
software (version 7).
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Figure 4.1 Lissajous figures of collagen hydrogels without cells. (a) Stress-strain curves
of sine LAOS measurements with 1 % ≤ γ0 ≤ 10 % using the conical measuring system
CP25-2 as in the experiments in the previous section. Different colors indicate different
strain amplitudes. (b) Shows the same measurements on a hydrogel using the same collagen
(17CSA03) but using the larger measuring system CP50-1. The doubled radius results in
higher total momenta, thus reducing noise significantly.

4.2

Nonlinear stress response of collagen

After having found an ad-hoc model for the nonlinear stress response of collagen
hydrogels with and without cells in the previous section, this model has to be tested
with further experimental data including the stress responses to nonsinusoidal strain
input. In the end, the model should replace the linear Maxwell element representing
the ECM in the mathematical model for CM coupled by the ECM used in chapter 3 by
a more realistic description. The ad-hoc model thus has to predict the stress response
to the strain exerted by the contracting CM (cf. figure 2.2b). So far, the model has
only been tested with sine waveforms at a frequency of 1 Hz. This will be extended to
sine waveforms at larger frequencies and nonsinusoidal strain input in the following.
We found in [1] that the qualitative strain-stiffening behavior is present in all types
of hydrogels (no cells, with HFF, with CM, or with both types (EHM)), although it is
most pronounced in hydrogels without cells. To be independent of cell performance
and to be able to conduct a larger number of experiments more easily, I decided not
to include cells into the measurements used to test the model. The presence of cells
de facto limited the possible sample volumes and thus the choice of the rheometer
probes (cf. table 2.1) – we tried to use as few cells as possible for the hydrogels, since
after having been used in the rheometry, hydrogels and the cells were discarded and
were lost for further measurements. Another side effect was that the protocol of
hydrogel preparation could be changed from the EHM protocol to the more reliable
PBS protocol introduced in section 2.4.2. This is specifically important for comparing
different batches of collagen in section 4.3.
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Figure 4.2 Strain input from contraction curves. (a) shows strain γ and strain rate γ̇ as
measured by the rheometer for γ0 = 8 % with the input data from figure 2.10. (b) Stress
responses to this contraction strain input for two exemplary strain amplitudes 6 % and 8 %.

Larger sample volumes allowed me to use the larger measuring system CP50-1 with
2.5 cm radius instead of the CP25-2 with a radius of 1.25 cm. The benefit of the larger
radius becomes apparent in figure 4.1. Figure 4.1a shows Lissajous curves for strain
amplitudes 1 % ≤ γ0 ≤ 10 % similar to figures 6 and 7 in section 4.1 recorded with the
smaller probe. Since the hydrogel used here is softer than the one used in the previous
section (cf. also section 4.3), the absolute stress values are not as high as in the previous
cases without cells. Thus noise becomes relevant and would have to be filtered as was
done previously using Fourier filtering. Figure 4.1b shows a similar measurement on a
hydrogel using the same collagen (17CSA03) but with the larger probe CP50-1. Due
to the higher absolute momenta acting on a probe with a larger radius, noise is almost
absent, allowing the direct use of the measured data without further processing. Thus,
in all following experiments, the PBS protocol and the CP50-1 measuring system with
larger sample volume are used.

4.2.1

Sinusoidal and nonsinusoidal strain input

With the adaptions to the protocol introduced above I started measuring the stress
response of the collagen hydrogels to nonsinusoidal strain inputs, namely the triangle,
square, and sawtooth waveforms and the strain input obtained from the contraction
curve as explained in section 2.4.3. Exemplary results of the latter are shown in
figure 4.2. The data shown in figure 2.10 with a sampling rate of 30 Hz is used as
strain input. The strain γ(t) and strain rate γ̇(t) that were measured subsequently by
the rheometer are shown in figure 4.2a and match the input data. In contrast to the
predefined nonsinusoidal inputs (cf. figure 2.9), desired and actual strain amplitude
match (γ0 = 8 % in the case shown here). The subsequent stress response is displayed in
figure 4.2b for two exemplary strain amplitudes γ0 = 6 % and γ0 = 8 %. In both cases,
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Figure 4.3 Measured and predicted stress response. (a) As in [1], the ad-hoc model
reproduces the measured stress response (dashed lines) for all strain amplitudes in the case
of sinusoidal strain. (b) With the model coefficients obtained by fitting to the data from the
sinusoidal strain input, the stress response to the contraction strain input is not correctly
predicted (measured data indicated by dotted lines, same data as in figure 4.2b). Model
coefficients are included in appendix C.2 and table C.2 therein.

the stress response to the contraction excursion with γ > 0 first shows an initial peak
that quickly decreases followed by a second maximum and a minimum that reaches
negative stress values for positive strain. The initial peak and final minimum seem
to follow closely the dynamics of the strain rate while the second maximum seems
to be linked closer to the strain itself and shows a stronger dependence on the strain
amplitude. I observed a similar behavior when using square and sawtooth waveforms
at their respective steep ascends and descends. The response to the excursion with
γ < 0 is symmetrical to the one to γ > 0. In the beginning of the time series of σ(t)
for γ0 = 6 %, there is a short time interval in which I observed nonzero stress despite
γ = 0 and γ̇ = 0. This is likely to be either a remainder of a previous measurement or
of an internal equilibration phase of the instrument itself in between the measurements
that did not entirely finish. Clearly it is not a response to the actual strain input. To
exclude any influence of this I discard the first second of all these time series in the
following.

4.2.2

Ad-hoc model and stress response to higher frequencies

The measured stress response to the strain input obtained from the contraction curve
can now be used to test the predictions of the ad-hoc model (or any other model, of
course). To this end, I determine the model coefficients for each sample separately
from the sine LAOS measurements. As in section 4.1, this is done by finding the
minimum of the difference between modelled and measured stress response using the
basin-hopping algorithm. The coefficients obtained that way are shown in table C.2.
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Figure 4.4 Sine LAOS at a frequency f = 7 Hz for amplitudes γ0 = 1 % (a) and γ0 = 10 %
(b). In both cases, the measured stress response is lost in high-frequency fluctuations.

See appendix C.2 and equation C.2 for more information about the ad-hoc model. The
resulting modelled stress for the sinusoidal strain is shown as solid line in figure 4.3a
for three different strain amplitudes. As before, the ad-hoc model is able to reproduce
the measured stress response (indicated by dashed lines) in the sine LAOS case. This
is not the case for the contraction curve input as is shown in figure 4.3b. Here, for the
same sample as in figure 4.3a, the model is solved with strain and strain rate stemming
from the contraction curve (cf. figure 4.2a) and the coefficients obtained from the sine
LAOS measurements. The resulting predicted stress is shown in figure 4.3b for two
exemplary strain amplitudes γ0 = 6 % and γ0 = 8 % as solid, the measured stress
response as dotted lines. Clearly, modeled and measured stress do not coincide; the
prediction from the model does not show the quick excursions of the measured stress
and only one maximum per deformation instead.
In general, there could be arbitrarily many reasons for the model prediction to
deviate from the measured data. The training data from the sine LAOS measurements
might be ill-suited for the contraction strain input or the basin-hopping algorithm
found a local, but not the global minimum, although longer optimization showed no
improvement. Last but not least, the model, i.e., the ad-hoc third order polynomial
could be insufficient to correctly model the stress response altogether and other models
should be used.
Regardless of the details of the model, there is reason to believe that the sine
LAOS measurements with frequencies of 1 Hz are not sufficient to also model the stress
response to the contraction input. The flanks of the contraction curves are steeper
than those of a sine at 1 Hz (cf. figure 2.2b); in fact, when attempting to do a Fourier
decomposition one needs at least modes up to 8 Hz to correctly describe the contraction
curve. That is why I extended the LAOS measurements to include strain input up to
10 Hz.
Exemplary results of a sine LAOS measurement of a hydrogel with collagen 17CSA03
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at f = 7 Hz are shown in figure 4.4 for strain amplitudes γ0 = 1 % and γ0 = 10 %,
i.e., in the linear and in the strain-stiffening regime, respectively. In both cases, the
measured stress response is lost under high-frequency noise. I observed the same type
of noise in all LAOS measurements with frequencies above 2 Hz. Whether it is due to
the lack of control features that had to be switched off for the recording of γ(t) and
σ(t) or due to other issues with the instrument’s hardware or software remains unclear.
Communication with the manufacturer Anton Paar lead to no improvement but it
became clear that this type of measurement – possibly nonlinear with direct strain and
stress recording on very soft samples (compared to usual usage of these rheometers
with linear moduli on the order of at least kPa) is on the very limits of or possibly
beyond the resolution of the instrument. According to the manufacturer, it is unlikely
that the stress signal in this type of measurement will be more clear using any of their
shear rheometers.
Since the measured stress-response of a pure sine waveform with frequencies higher
than 1 Hz is overlaid with the measurement artifacts visible in figure 4.4, it is unclear
whether I can trust any measured stress to a strain input including comparably high
modes or comparably large strain rates. Specifically, it is unclear whether the fast
excursions following the extrema in strain rate visible in the stress-response to the
contraction input (cf. figure 4.2b) but also present in sawtooth and square measurements
are actually part of the stress-response or rather measurement artifacts. With this
uncertainty, the measured data are unfit to test the predictions of my ad-hoc model –
or any other model. The question whether the ad-hoc model is suitable to replace the
Maxwell elements in the mathematical model of coupled cardiomyocytes by a more
realistic description of the ECM thus cannot be answered here.

4.2.3

Prestress measurements

As described in the previous section, the attempt of directly measuring the stress
response to a strain input taken from the contraction curves from my simulations
remained inconclusive and no description of the stress response of the ECM could
be obtained. Other possibilities of measuring the nonlinear stress-strain relation
are prestrain and prestress measurements as explained in section 2.4.3. Since these
experiments are only possible when conducting stress-controlled measurements with my
experimental setup, I conducted prestress measurements. I used four different values
of the prestress, σpre ∈ [0.1 Pa, 0.5 Pa, 0.9 Pa, 1.3 Pa] to probe the nonlinearity and a
stress amplitude of σ0 = 0.05 Pa for the oscillations performed on top of the prestress.
The oscillations were set to frequencies between 1 Hz and 4 Hz to cover a part of the
frequency range that proved problematic in the LAOS measurements described above.
In the following I describe the results of my preliminary prestress measurements.
Since it is not possible for our rheometer to simultaneously record the strain due to
the oscillation and the one resulting from the application of σpre , it is necessary to first
calibrate the prestrain γpre . As explained in section 2.4.3 this is done by applying a
constant stress σpre without further oscillation and measuring the corresponding strain.
The result of such a calibration is shown in figure 4.5a in black. Each γpre is obtained
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Figure 4.5 Prestress measurements with the γ > 0 branch of the sine LAOS measurements
on the same sample. γpre has to be calibrated from measuring the strain resulting from
a constant stress σpre (a). The resulting σpre (γpre ) is shown in black. Each value of γpre
is obtained by averaging over five single measurements, error bars indicate the standard
deviation. In the range where LAOS measurement and prestress overlap, they coincide
relatively well. (b) shows the response to the stress oscillations on top of the prestress for
three different frequencies 1 Hz, 2 Hz, and 4 Hz. The response is approximately independent of
the frequency of oscillation and the lines coincide. The stress-strain curves from the prestress
measurements roughly correspond to the slope of the Lissajous curve.

by averaging of 5 single measurements. The error bars indicate the corresponding
standard deviation. In blue I show the Lissajous figures as in the previous sections
stemming from the sine LAOS measurement at 1 Hz for the same sample (collagen
18CB024001) for comparison. The latter show the stress response to oscillatory strain,
i.e., to a dynamical strain input. In contrast, stress and strain are constant in the
calibration measurement. Still, in the stress and strain range in which there is data
from both measurements, i.e., 5 % ≤ γ ≤ 10 % and 0.1 Pa ≤ σ ≤ 0.5 Pa they coincide
quite well.
For the four values of σpre and the three frequencies, the oscillatory stress is added.
In order to have all control features of the instrument in place, this is done without
recording the time series of γ(t), γ̇(t), and σ(t). Instead, the (linear) response to the
oscillation is again characterized by the averaged quantities of storage and loss modulus
G′ and G′′ . This is why σ0 has to be chosen small enough for the response to the
oscillations to be linear. G′ and G′′ may depend nonlinearly on σpre thus reflecting the
strain-stiffening behavior. Figure 4.5b shows the results of the oscillatory prestress
measurements. At each point (γpre , σpre ) found by the aforementioned calibration, the
strain response to the oscillatory stress is shown as obtained from the local moduli
and the maximum strain amplitude ∆γ0 due to the oscillation. Since at the maximum
strain in the sinusoidal oscillation, the strain rate vanishes, the lines indicating the
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Figure 4.6 Average storage modulus G′ of collagen batches 15CSA02 and 17CSA03 used
for the experiments in [1] with the EHM protocol without cells. The gelation 17CSA03 sets
in earlier, it reaches plateau faster and at much larger values. The data for 17CSA03 is
the same as in figure 4 of section 4.1. Shaded regions indicate the standard deviation. The
small “steps” in the curve for 15CSA02 stem from measurements that lasted only 30 min and
60 min, respectively.

local stress-strain relation at (γpre , σpre ) are found as
σ(∆γ; γpre ) = σpre + G′ (σpre )∆γ;

where − ∆γ0 ≤ ∆γ ≤ ∆γ0 .

(4.1)

Note that this is not the actual stress-strain relation since this would depend on
the strain rate, too, and would resemble an ellipsoid rather than a straight line (cf.
figure 2.7a). However, the end points of the lines defined above coincide with the end
points of the ellipsoid. The resulting lines roughly correspond to the slopes of the
Lissajous figures (or rather, their elastic part, cf. figure 2.7b) in the range in which
both data sets overlap. Interestingly, at least in the small frequency range from 1 Hz
to 4 Hz, the pre-stress measurements are independent of the frequency.

4.3

Linear rheology as a means of collagen comparison

When conducting the experiments on collagen with and without cells that were used
in [1] for 17CSA03, we did the same measurements with an older collagen batch,
15CSA02, at first. In January and February 2018 we started experiencing difficulties
in initiating gelation in 15CSA02. If it occurred at all, it often was too weak for
the cell-dependent remodelling by fibroblasts seen before and in the – at that time –
new collagen batch 17CSA03. Since 15CSA02 was almost two and a half years old
at the beginning of 2018 (cf. appendix B and table B.1 therein), we concluded it had
deteriorated too far and used 17CSA03 for the subsequent experiments the results of
which were published in [1]. Not only did the new collagen 17CSA03 polymerize more
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Figure 4.7 Characteristic quantities of the gelation process sketched at an exemplary time
sweep of the storage modulus G′ of collagen batch 18CB024003 with PBS protocol. The
plateau value of G′ indicated in green is obtained by taking the mean value of G′ over the
final 10 min of the time sweep. The point in time when G′ crosses half its plateau value is
denoted by tHM . I define the gelation strength as the slope of the tangent to G′ (t) at t = tHM
which is found by a linear fit to G′ (t) for tHM − 5 min ≤ t ≤ tHM + 5 min.

reliably, it also did so faster and to higher values of storage and loss modulus than
15CSA02 even when still polymerizing without problems in 2017. This is shown in the
case of the storage modulus G′ in figure 4.6 that shows the averages over all time sweeps
(n = 8 measurements for 15CSA02, n = 6 for 17CSA03) of the two collagen batches.
As the loss modulus displays the same behavior (cf. figures 3 and 4 in section 4.1 and
[1]), I will concentrate solely on G′ in the following.
Because S. Schlick and M. Tiburcy, UMG, observed differences in EHM performance
in the EHM produced using the two batches, we hypothesized that there might be a link
between the gelation properties of the collagen used for the EHM and the performance
of the EHM itself – measured, e.g., in force of contraction or arm thickness in case of
EHM rings (cf. [15]). In order to test this hypothesis, I conducted further rheological
experiments on different collagen batches in fall 2018 and again in summer 2019 (see
also appendix B). All batches that were compared are listed in table 2.3. Since on
the one hand, no cells were present in these measurements and, on the other hand,
as much control as possible over the pH of the collagen hydrogels was desirable for
the comparison to be meaningful, I switched the protocol for preparing the collagen
hydrogels to the PBS protocol described in section 2.4.2. In order to quantify the
gelation strength of the collagen hydrogels, I used the quantities sketched in figure 4.7.
The plateau value of the storage modulus G′ as a measure for the final stiffness of the
gel is determined by averaging over G′ over the final 10 min of the time sweep. From
this, the time of half-plateau tHM is determined as the point in time when G′ (t) crosses
half its plateau value. This crossing always falls into the gelation phase (cf. figure 4D in
[1]), so the slope of G′ (t) at t = tHM is a good indicator for the strength of gelation. It
is determined by a linear fit to G′ (t) for tHM − tfit ≤ t ≤ tHM + tfit . tfit = 5 min proved
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Figure 4.8 Averaged time sweeps of the storage modulus G′ of the different collagen
batches. Shaded regions indicate standard deviation. All hydrogels were prepared with the
PBS protocol. Most of the hydrogels show comparable values of G′ on average except for
18CB024001 which polymerized weaker and slower on average. Values for 17CB024002 varied
strongly with two measurements being close to the other batches and one significantly stiffer.

suitable here. Since I observed a decrease in polymerization strength in the hydrogels
between fall 2018 and summer 2019, which is discussed in appendix B, I concentrate
on data obtained in 2018 in the following. Qualitatively, the observed behavior was the
same in both series of experiments, but at lower values of G′ in 2019 compared to 2018.
Figure 4.8 shows the averaged time sweeps of G′ for collagen hydrogels produced
with all respective collagen batches with standard deviations indicated by the shaded
regions. While, on average, most of the batches showed similar results in G′ , 18CB024001
consistently reached lower values. Hydrogels produced with 17CB024002 showed a
relatively large variation whereby two hydrogels reached values close to the other
batches and one proved significantly stiffer. Note that 17CSA03 shows a decrease in G′
compared to section 4.1 and figure 4.6. This may partially be attributed to the change
in protocol, but also to some extent to the ageing of the collagen (see appendix B). All
in all, the values of G′ are comparable to those of 15CSA02 with the EHM protocol in
2017 (cf. figure 4.6).
The same trends are visible in figure 4.9 showing the weighted averages of the
plateau modulus for the five batches. As the weight for each plateau G′ , i.e., the mean
of G′ over the final 10 minutes of the time sweep, I use the standard deviation of G′ in
the same period of time to account for the fluctuations in each individual time sweep.
Thus the values deviate slightly from the pure averages in figure 4.8, especially for the
highly fluctuating 17CB024002. Error bars indicate the propagated errors from the
weighted averages. 18CB024001 clearly shows the weakest plateau below 5 Pa while
the other batches reach plateaus between 8 Pa and 10 Pa, or in the case of 17CB024002
around 12 Pa.
Similar comparisons are shown in figure 4.10a with the gelation strength and
figure 4.10b displaying the half-plateau times. In both cases 17CB024002 stands
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Figure 4.9 Weighted averages of plateau G′ for the hydrogels shown in figure 4.8. As above,
most gels remain at plateau values between 8 Pa and 10 Pa; 17CB024002 remaining above
10 Pa and 18CB024001 below 5 Pa.

(b) Half-plateau times

Figure 4.10 Gelation strength (a) and half-plateau times tHM (b) for the five collagen
batches showing an increased gelation strength at earlier times in case of 17CB024002. The
gelation strength shows roughly a similar trend as the plateau modulus. Interestingly, the
less stiff batch 18CB024001 reaches the half value of its (lower) plateau on average at around
the same time as the other gels.
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out with the strongest gelation of (0.47 ± 0.08) Pa/min while the other four remain
below 0.3 Pa/min, and with the shortest time tHM = (28 ± 8) min versus over 40 min
in the other four batches. Interestingly, while showing the weakest gelation strength of
(0.12 ± 0.02) Pa/min, 18CB024001 does not differ from the remaining three batches in
terms of tHM .
Seeing the differences in polymerization between the hydrogels prepared with the
different batches of collagen, one should now observe differences in EHM performance
if our initial hypothesis was true. The relatively soft 18CB024001 for example might
result in a reduced force of contraction or less reliable EHM production in general. No
such differences were observable in EHM growth (M. Tiburcy, personal communication),
however, and no clear correlation between the polymerization properties of the gels
and the performance of the engineered tissue could be established.
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Chapter 5
Discussion and outlook
This thesis presented two aspects of studying oscillating cardiomyocytes coupled mechanically via the extracellular matrix. Their synchronization behavior was investigated
numerically in a qualitative model of viscoelastically coupled excitable oscillators while
the mechanical properties of the ECM were studied in rheological experiments. Results
of both aspects have been part of the publications [33] and [1], respectively, and were
already discussed in the corresponding sections 3.1 and 4.1. In the following they will
be discussed again in the context of the results not part of the respective publications.
I will then give an outlook on possible future work concerning the combination of the
results of the numerical simulations and matrix rheology.

5.1

Simulating viscoelastically coupled excitable oscillators

As discussed in section 3.1, I introduced a novel system of viscoelastically coupled
excitable oscillators as a means of modelling mechanically coupled CM, motivated
by the setting of tissue engineering and EHM. There, in-phase synchronization at
frequencies around 1 Hz is observed in healthy engineered tissue [15] and indeed, even
deemed necessary for the successful growth of the tissue1 . The simulations agree with
these observations in the sense, that they, too, show the tendency to synchronization for
stiffer, i.e., more elastic and less fluid ECM. Qualitatively, this is the parameter regime
to which the ECM is observed to evolve in our rheological measurements. The fact that
the presence of fibroblasts enhances this development and is found to be necessary in
EHM development [57] further supports the idea of mechanical synchronization being
possible in early EHM development.
If synchronization occurs in the system of only two cells with different frequencies,
the faster cell dominates the dynamics. Depending on the details of the coupling and
contrary to the common conception of excitable systems, a group of slower cells may
dominate in linear chains as shown in section 3.2. Still, I observed the dominance of
1

W.-H. Zimmermann, personal communication.
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the faster, if not the fastest cells in linear chains of cells with random frequencies to
dominate the dynamics at high degrees of synchronization as discussed in section 3.1
and in [33]. This prevalence of faster cells, especially in the case of only two cells agrees
with experimental findings of the synchronization behavior of mechanically coupled
populations of rat CM [114]. Note that there, the authors couple two populations
mechanically among each other while the individual cells within each population are
coupled electrically, too. There, the authors even observe phase slips in the slow, driven
population that can loosely be connected to the n:m synchronization in my simulations
at intermediate elasticities and fluidities of the coupling ECM. There, too, the slower,
driven population is not excited at each beat by the faster cell but skips single beats
instead. Thus its period, as in the n:m cases I observed, is not constant due to the
coupling.
Of course, the simulations can not by any means prove the hypotheses of mechanical synchronization a) happening at all during EHM formation and b) being in
fact a necessary condition for successful EHM development. They could, however,
have falsified the former hypothesis if they would not have shown synchronization at
physiologically relevant frequencies for the qualitative coupling parameters seen in the
ECM in experiments. Since in-phase synchronization in two cells and linear chains is
observed in the relevant parameter ranges in our simulations, the possible falsification
did not happen. Instead I observed synchronization to be most likely in the qualitative
regime that proved to be optimal for the successful development of EHM. My findings
thus support the hypothesis of the synchronization of CM purely by mechanical and
without direct electrical coupling.
The very distinct case of purely elastic coupling shows interesting results on its
own, albeit without direct relevance to the study of EHM. Nevertheless, I could show
one example of a chimera state with purely local, i.e., only next-neighbor coupling.
Although there are other examples of this type of chimera states reported in [115],
they are uncommon. The fact that I found antiphase synchronization between the
two coherent populations in the chimera state is ultimately a consequence of the fixed
boundary conditions I impose on the system. When using periodic boundaries instead
I did not observe this antiphase synchrony.

5.2

Rheology of the extracellular matrix

In the measurements of the linear properties of the ECM in the presence and absence
of cells published in [1], we observed the crucial role of fibroblasts in the stiffening of
the ECM. This coincides with findings that fibroblasts have a similar effect on fibrin
networks [116]. We also observed that the presence of cardiomyocytes softens the matrix
and reduces the stiffening effect of the fibroblasts when both cells are present. The
interactions of CM and HFF in matrix formation during EHM growth is apparent in the
RNA sequencing data, too. As suggested above, the remodelling of the collagen matrix
by fibroblasts may be one reason why they are found to be crucial to the successful
growth of EHM [15]. Furthermore we investigated the nonlinear strain-stiffening of
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the ECM in [1]. Interestingly it is most pronounced in the absence of cells. HFF,
although stiffening the matrix in the linear regime, weaken the strain-stiffening at
larger strains. One possible explanation by Florian Rehfeldt, Susanne Schlick and
me for this observation is that HFF compactify the collagen network by exerting a
prestrain on the collagen fibers in the network. This leads to the stiffer response of the
ECM to small strains. For larger strains, the collagen network itself becomes so stiff,
that – when deforming the whole ECM – the deformation of the cells themselves plays
the major role in the stress response. Thus the strain-stiffening is softened compared
to that of collagen without cells.
In [1] we successfully established an ad-hoc model for the nonlinear stress response
of the ECM that reproduced the response for sinusoidal strain input at a frequency
of 1 Hz. When attempting to verify the model with nonsinusoidal strain input I
experienced difficulties. The model did not correctly predict the measured stress
response (cf. figure 4.3b), but, weighing more heavily, I found that the measured stress
response itself could be subject to measurement artifacts. Even when measuring the
response to a sinusoidal strain with frequencies above 2 Hz, the data was rendered
essentially useless by the strong high-frequency fluctuations shown in figure 4.4. Even
in communication with the manufacturer of the rheometer, Anton Paar, no solution
could be found. Essentially, the ECM as measured here turned out to be soft on or
beyond the limits of reliability of the instrument, at least when directly recording
the time series of strain, strain rate, and stress. According to the manufacturer this
is not specific to the MCR501 rheometer in Florian Rehfeldt’s lab but is expected
to be common to all commercial shear rheometers; at least to those by Anton Paar.
Thus, the ad-hoc model – in fact any model predicting the stress response – could
neither be verified nor falsified. Consequently, I am not able to judge whether it is
a reasonable extension to the mathematical model of CM coupled mechanically by
the ECM. Whether the ad-hoc model indeed provides a realistic description of the
mechanical properties of the ECM remains inconclusive.
The alternative of prestress measurements allowed me to probe the nonlinear
regime with all control features of the instrument in place, thus possibly increasing
the reliability of the rheometer even for my soft samples. Preliminary results seem
promising and consistent with sine LAOS measurements but before being able to use
these to test the model more data at more frequencies have to be collected. It is also
questionable whether prestress measurements are at all a reasonable way of measuring
the response of the ECM to the mechanical contraction of CM. The contraction of
CM resembles much more a possibly large deformation from a resting state than a
small deformation around a prestrain (or, subsequently, prestress). Still this type of
measurements at least offers the perspective of measuring the nonlinear behavior of the
ECM at frequencies larger than 1 Hz. An interesting observation in the preliminary
prestress measurements is the independence of the response of the frequency of the
oscillations. If this holds for a larger range of frequencies it suggests that the stressstrain relation measured for sinusoidal strain at 1 Hz may be sufficient for finding the
model parameters after all.
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Discussion and outlook
Finally I used linear time sweeps of the complex modulus to characterize the gelation
of collagen hydrogels prepared using different batches of collagen. Malte Tiburcy’s,
Susanne Schlick’s and my initial hypothesis that these properties could be linked to the
performance of EHM produced with the same collagen batches could not be verified.
No clear correlation was found2 . One possible interpretation of this is that the collagen
only has to provide a network sufficiently stiff for the fibroblasts to start remodelling.
Since they can produce additional collagen [64], they might level out possible initial
differences between different batches of collagen.

5.3

Outlook: Combining simulations and ECM measurements

Since the inclusion of a model describing the nonlinear rheology of the ECM into
the numerical model failed in the course of the present thesis, this is a remaining
goal for future work. Strain-stiffening increases the range of force transmission in
collagen substrates [117] so it will certainly influence the synchronization dynamics of
coupled cells. The experimental limitations for direct recording of strain and stress
that prevent modeling are likely to remain for any commercial bulk rheometer so a
different experimental approach should be used. In preliminary experiments, prestress
measurements looked promising, although more data for a larger range of frequencies
has to be collected to use the results for modelling. Another possible solution could be
using an atomic force microscope (AFM) to measure the stress response of the ECM
to deformations of differing amplitudes and rates. In this setting, contraction curves
from the numerical model or experiments could be used as input for the motion of the
cantilever of the AFM.
Further, to realistically model the situation in early EHM, the mathematical model
has to be adapted to actual data from stem-cell-derived cardiomyocytes. Action
potential data, e.g., from [15], can be used to determine the action potential time scales
τx from equations 2.5 and 2.6 in the Mitchell-Schaeffer model. In order to determine
the parameters of the mechanical contraction, ideally, measurements of the force of
contraction of isolated hiPSC CM are needed. Since they are difficult to obtain, one
could try to use the contraction amplitudes found by Sebastian Stein [23] in videos
of early EHM recorded by Susanne Schlick and use these data to calculate the force
of contraction using the results of the ECM rheology. Determining the parameters of
the stretch-activated currents is crucial to quantifying the transition synchronization
in coupled cells. Here, a setup using both patch-clamp and, e.g., micropipettes for
mechanical stimulation as in [95] or [118] could be used. Detailed studies of the ion
channels present in hiPSC CM and their dynamics like [119] could be used to improve
the level of detail of the model for the electrical excitation.
The numerical simulations presented in this thesis are right now limited to the
study of only two or a linear chain of coupled cells. This should be extended to
2
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two- or three-dimensional arrays of oscillators, possibly also with irregular spacing.
Ultimately, a continuum model allowing for arbitrary geometrical distributions of
the cells embedded in the ECM could be devised, even though this would of course
dramatically increase the computational effort.
One feature not considered at all in this thesis is the direction of contraction in
cardiomyocytes. When growing into functioning tissue, the CM not only synchronize
their beating but also have to align their contraction orientations. Nitsan et al. [21]
found the orientation to also have an impact on the synchronization behavior of an
adult cardiomyocyte. Adding possible interactions between direction of contraction
and synchronized beating of the cells to the mathematical model could improve
understanding of how and when functioning tissue forms in EHM growth.

5.4

Conclusion

During the work on this thesis I investigated numerically the synchronization properties
of viscoelastically coupled excitable oscillators as a model for oscillating cardiomyocytes
coupled mechanically by a viscoelastic extracellular matrix. Synchronization occurred
when the coupling matrix is sufficiently stiff; a finding that agrees well with the
experimentally observed time evolution of the ECM. In the numerical simulations,
the case of purely elastic coupling, i.e., zero fluidity stood out. It exhibits antiphase
synchrony or even antiphase chimera states at frequencies given by the elasticity of the
coupling springs and not by the cells anymore.
In rheological experiments, the importance of fibroblasts to the mechanical properties of the ECM could be established. We found nonlinear strain-stiffening behavior
already at physiologically relevant strain amplitudes γ0 ≥ 3 %. Because of limitations
to the experimental setup when measuring at oscillation frequencies greater than 1 Hz
or with non-sinusoidal strain input, modelling the nonlinear behavior could not be
finished and results of the modelling attempts could not be validated experimentally.
Nevertheless I found a qualitative agreement of the parameter ranges that a) allow
for synchronization in our simulations and b) are reached by the ECM during the first
few hours, especially in the presence of fibroblasts. This may give one explanation for
the importance of fibroblasts in EHM growth. My findings thus are a step towards
better understanding of EHM development and – when extended by a quantitative
description of the ECM rheology by future work – offer a perspective for optimizing the
reliability and performance of EHM production. This in turn would improve therapy
and drug development for heart failure in the future.
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Appendix A
Initial conditions and parameters
Most parameters of the mathematical model for the viscoelastically coupled excitable
oscillators were either taken from the original publications of the individual constituents
or – in the case of the passive restoring force – adapted once to obtain reasonable
contraction curves (cf. figure 2.2b). The coupling parameters were scanned and did
not have to be fixed to single values. A parameter that needed a little more care is a
in equation 2.11 used to tune the frequency of oscillation.
When choosing the initial conditions for the integration of the model, one has to be
careful about the initial phases. Since the phase of oscillation is determined post-hoc
from the time series by linear interpolation between two consecutive maxima in v(t) as
described in section 2.2.2, it is not clear how an initial phase should be defined.
In the following I explain how the parameter a is found for a specific frequency and
how the initial phases and thus the initial conditions for the cells are defined.

A.1

Natural frequencies of individual cells

As discussed in section 2.1.1, the oscillations of the dynamics of the membrane voltage
v are controlled by the single parameter a in the modified Mitchell-Schaeffer model
in equation 2.11. Oscillations occur for a ≥ 0.0126 (see section 3.1 or [33] and
figure 1 therein). Then a frequency of oscillation ν(a) can be obtained by integrating
equations 2.11 and 2.12 for a specific a and, as explained in section 2.2.1, determine the
period of oscillation by calculating the time interval between two consecutive v = 0.5
crossings in upwards direction. If one now wants to have a cell oscillating at a specific
frequency ν ∗ , one has to find the corresponding a∗ . This is done by numerically finding
the root of
C(a) = ν(a) − ν ∗ .

(A.1)

ν(a) is found by integrating equations 2.11 and 2.12 over a period of 11 s and cutting
off the first 1 s to get rid of transients. From this, as explained above, the period is
calculated from which the frequency is obtained. Roots of C(a) then are found by
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using Newton’s method as implemented in the optimize.newton function from the
SciPy [101] library. A candidate a is accepted as a∗ if
|C(a∗ )|
≤ 1 × 10−4 .
ν∗

A.2

(A.2)

Initial phases and initial conditions

When calculating initial phases of a cell with a given frequency, I started out with
the time series v(t), h(t) of an isolated cell with that frequency. They are obtained
by integrating equations 2.11 and 2.12 over at least one full period of the cell. From
v(t), the phase ψ(t) is calculated as explained in section 2.2.2. Let ψinit be the desired
initial phase of the cell, e.g., from the random initial phase distribution used for the
linear chains in section 3.1. From ψ(t), find tinit such that ψ(tinit ) = ψinit . Then,
v(tinit ), h(tinit ) are used as initial conditions for the cell.
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Appendix B
Ageing of Collagen
During the course of the experiments, we observed not only differences between different
batches of collagen but also that the hydrogels deteriorated over time. As in the case of
comparing different batches of collagen in section 4.3, I will limit the considerations to
time sweeps of the storage modulus G′ here. The loss modulus G′′ showed a qualitatively
similar behavior to G′ . As explained in section 4.3, we first noticed the deterioration
of a collagen batch in preliminary experiments to [1] with collagen batch 15CSA02 in
January and February 2018 when gelation would not even occur strong enough for
the cell dependent remodeling to set in. The – at that time – fresh (see table B.1)
batch 17CSA03 did not display these problems and polymerized faster and stronger.
When recording similar time sweeps of 17CSA03 in September 2018, however, both the
speed and the final plateau of gelation in time sweeps of G′ were reduced compared
to measurements in early 2018 as shown in figure B.1. This can only partially be
attributed to the change of protocol for the collagen comparison in fall 2018, because
measurements with the EHM protocol in September 2018 showed a similar decrease in
G′ compared to March 2018. Between fall 2018 and the following series of experiments
in June and July 2019, the average plateau value of G′ decreased further while the
speed of gelation remained comparable as can be seen in figure B.1b. Here, the PBS
Table B.1 Production dates of the collagen batches used for experiments in this thesis. Data
provided by M. Tiburcy, UMG.

Batch
14CSA02
15CSA02
17CSA03
18CB023001
17CB024002
17CB024001
18CB024001
18CB024003

Concentration [mg/ml]
6.56
6.4
6.49
6.49
6.72
6.91
6.81
6.84

Date
2015-05-13
2015-08-05
2017-12-21
2017-12-21
2018-06-11
2018-06-14
2018-06-11
2018-09-08
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Figure B.1 Average storage modulus G′ of collagen batch 17CSA03 with the EHM protocol
(a) (same data as in [1] and in figure 4.6) and with the PBS protocol (b). The shaded regions
denote the standard deviations. “Fall 2018” denotes experiments conducted from September
to November 2018, “Summer 2019” experiments from June and July 2019. The decrease in
complex modulus from March to fall 2018 may be caused by the different protocols, although
measurements with the EHM protocol in September 2018 showed similar G′ as the PBS
protocol (data not shown). G′ decreases further from fall 2018 to summer 2019.

protocol was used in both cases so a change in protocol cannot explain the differences.
The same observation can be made for the gelation characteristics, plateau G′ ,
gelation strength, and time of half-plateau tMH (see figure B.2a) of all batches that
were used in both series, i.e., in fall 2018 and summer 2019. The averages of the
three quantities are shown figures B.2b to B.2d. While a decrease in plateau and
gelation strength is apparent for all batches, the polymerization times as indicated by
tH remained comparable. For the much older collagen batches 14CSA02 and 15CSA02
(cf. table B.1), no polymerization could be observed in further experiments in December
2018.
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Figure B.2 Average plateau G′ , gelation strength, and time at half plateau tHM . The
relevant quantities are indicated ate the time sweep of G′ in (a). Plateau G′ is the average of
G′ over the last 10 min of the time sweep, tHM is the point in time when G′ reaches the value
of half the plateau and the gelation strength is the slope of G′ at t = tHM . (b) - (c) show
the respective quantities for all batches in the experiments in fall 2018 and summer 2019.
Error bars indicate standard deviation. Plateau modulus and gelation strength decrease in all
batches over time while tHM remains comparable. In most cases, each data point corresponds
to the average of three measurements, except for 17CSA03 with n = 5 in fall 2018 and n = 4
in summer 2019.
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Appendix C
Coefficients of the ad-hoc model
C.1

Supplementary material of Schlick et al. 2019

The following table C.1 is reproduced from the supplementary material of
S. F. Schlick, F. Spreckelsen, M. Tiburcy, L. M. Iyer, T. Meyer, L. C.
Zelarayan, S. Luther, U. Parlitz, W.-H. Zimmermann, and F. Rehfeldt.
“Agonistic and antagonistic roles of fibroblasts and cardiomyocytes on
viscoelastic stiffening of engineered human myocardium”. In: Progress
in Biophysics and Molecular Biology 144 (July 2019), pp. 51–60. doi:
10.1016/j.pbiomolbio.2018.11.011
published under the Creative Commons Attribution License (CC BY 4.0).
Table C.1 Supplementary table 3 containing the coefficients found via basin-hopping optimization for the ad-hoc model curves in figure 7 of [1].

Parameters
c1
c2
c3
c4
c5
c6
c7
c8
c9

Collagen
34.65
161.1
-918.1
1106
576.4
768.5
4.59
-625.8
-0.14

CM
-16.47
10.31
-33.61
-95.56
-1.51
680.3
-2.04
-9.37
-0.23

Fib
64.91
9.18
9534
-481.6
6.72
492.4
0.59
0.46
-0.12

EHM
5.46
21.15
-0.03
-730.1
-3.15
564.8
22.42
-57.05
-0.46
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Table C.2 Coefficients of the ad-hoc model found by basin hopping optimization to the
stress response of sinusoidal strain input with amplitudes from 1 % to 10 % at 1 Hz.

Coefficient
c1
c2
c3
c4
c5
c6
c7
c8
c9
c10
c11
c12
c13

C.2

Value
8359
226.2
−827
8.007 × 106
4.183 × 105
−4.873 × 105
3.424 × 104
2566
−1.250 × 104
1677
−3.577 × 104
−534.3
888.8

Coefficients used for non-sinusoidal strain input

The coefficients of the ad-hoc model were found using basin-hopping optimization. The
training data consisted of the stress response σ(t) to sinusoidal strain
γ(t) = γ0 sin(2πf t)

(C.1)

with strain amplitudes γ0 from 1 % to 10 % at a frequency f = 1 Hz. The prediction
of the stress response to non-sinusoidal strain input was obtained by integrating the
model with the coefficient obtained that way. Non-sinusoidal strain and corresponding
strain rate are entered into the model equation resulting in an ODE for the stress
response. To increase numerical stability, coefficients left out in [1] were used here,
leading to the ODE
dσ
=c1 γ + c2 γ̇ + c3 σ + c4 γ 3 + c5 γ 2 γ̇
dt
+ c6 γ 2 σ + c7 γ γ̇ 2 + c8 γ γ̇σ + c9 γσ 2
+ c10 γ̇ 3 + c11 γ̇ 2 σ + c12 γ̇σ 2 + c13 σ 3 .

(C.2)

The coefficients found for collagen 18CB023001 and used for figure 4.3 are listed in
table C.2.
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