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Abstract

Intramyocardial delivery of biomaterials and stem cells is a promising concept to treat acute
myocardial infarction. The delivered biomaterials provide mechanical support, attenuating wall
thinning and elevated stress levels in the infarct region, whereas the stem cells induce
cardioprotective effects through paracrine signalling. However, the mechanical and
biochemical mechanisms, and their interactions, underlying the therapeutic benefits require
further clarification towards optimisation and personalising the treatment approach.

A subject-specific biventricular finite element model of a rat heart with left ventricular infarct
and acellular biomaterial injectate was developed from pCT data. The model featured the in
situ dispersion of the biomaterial delivered one week after the infarction. A finite element sub-
model represented a mid-wall equatorial geometry (748 pm x 748 pm x 772 pm) from the
infarct region. The sub-model captured the microstructure of the infarcted myocardium,
biomaterial injectate and nine cells numerically seeded at random locations in the injectate
domain. The spherical cells with an outer diameter of 65 um represented stem cells
therapeutically delivered with the biomaterial. The two finite element models were coupled to
quantify the deformation of the injected stem cells in the infarcted heart during a cardiac cycle.
Finally, a mathematical relationship of cellular strain and TGF-fB expression was developed
using experimental data from the literature and a single-cell finite element model.

The effect of the injectate stiffness on deformation and TGF-f expression in the therapeutically
delivered stem cells was determined with parametric simulations varying the elastic modulus
of the biomaterial from Eiyj = 4.1 to 405,900 kPa. The strain range and strain-induced TGF-3
expression in the therapeutic stem cells during a cardiac cycle increased initially with
increasing injectate stiffness (from Ei,j =4.1 to 7.4 kPa) and decreased as the injectate stiffness
was increased further. The stem cell’s mechanics and TGF-3 expression were more sensitive
to changes in the injectate stiffness for softer biomaterials (Eip; < 738 kPa) than for stiffer
biomaterials.

The cardioprotective or tissue-regenerative signalling of delivered stem cells in the infarcted
heart can be tailored by varying the in situ mechanical properties of soft deliverable
biomaterials. The results indicate that the strain and TGF-f expression of the stem cells due to
mechanical activity of the infarcted heart was largest when the elastic modulus of the injectate
matched that of the cells, and both an increase and decrease of the injectate modulus led to a
decrease in the cellular strain and TGF-f expression. This relationship can provide flexibility
for multi-objective optimising the injectate stiffness, also taking into account wall mechanics
and function of the infarcted left ventricle. The developed computational and mathematical
models provide a framework to expand the investigations into biomaterial and cell injections
therapy.
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1.1 Problem identification 1

Chapter 1 Introduction and background

1.1 Problem identification

Cardiovascular disease (CVD) is the leading cause of death worldwide. About 17.3 million
individuals are concerned per year globally (Mendis ef al. 2011). The current trends predict an

increase of CVD related deaths from 17.5 million (i.e. 31% of global deaths) in 2012 to 22.2

million by 2030, representing an increase of 26.9%. Alarmingly, in the working-age population
of low-and-middle incoming countries, including South Africa, the rate of people affected is

becoming considerably high (Finegold ef al. 2013, Opie and Mayosi 2005). Unfortunately,

access to healthcare facilities in most sub-Saharan countries is not affordable for most
populations. This situation affects the global economy and therefore influences the social

cohesion in the communities.

Myocardial infarction (MI) originates from coronary occlusion, causing a lack of oxygenated
blood supply to a specific myocardial region. This absence of oxygen results in cardiac cell
death. The inflammatory response induced by the cardiac cell death initiates collagen
production that gradually replaces the contractile tissue. In the long term, the cardiomyocyte
death is followed by a scar formation, causing excessive load to the heart, creating dysfunctions
and can lead to heart attacks. To date, there is no effective and controlled treatment for MI.
However, temporary solutions have been developed, and many others are still under

investigation.

Current treatments include reperfusion (drugs administration or surgery), mechanical device
assistance (e.g. left ventricle assist device) and heart transplantation. The main objective of
these treatments is to help arteries for dilatation, assist the left ventricle in pumping blood, or

replace the damaged heart. New therapies based on polymer or biomaterial injections and
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therapeutic cell delivery are emerging in research as alternatives for current treatments. Clinical
studies showed promising results with the use of alginate-based biomaterial. Several studies
have shown the mechanical beneficial effects of biomaterial injectates (particularly hydrogels)
on the adverse ventricular remodelling that follows the post-MI inflammatory response

(Christman et al. 2004a, Fan et al. 2019, Johnson and Christman 2013, Silveira-Filho et al.

2021). Other studies proposed the implantation of cardiac or stem cells to the impaired heart.
More importantly, several investigations revealed the multipotent abilities of stem cells,

including the differentiation into cardiac-like cells (Beltrami et al. 2003, Guo et al. 2011,

Robinton and Daley 2012). Enhanced neovascularisation and angiogenesis were observed with

reduced myocardiocyte deaths following intravenously or intramyocardially injected stem cells

through paracrine or autocrine signalling (Kocher et al. 2001, Shudo et al. 2013).

Despite the advances and the considerable number of studies dedicated to cellular and
biomaterial therapies, many questions remain unanswered. The mechanisms underlining the

cardioprotective impact of injectates and cell-based therapies remain unclear.

1.2 Biomaterial therapies for myocardial infarction

1.2.1 Biomaterial injection: pre-clinical research studies

Biomaterials have gained increasing attention in research as an alternative for traditional
treatments for myocardial infarction over the past two decades. The employed biomaterials are

polymer-based gels that are biocompatible and can be loaded with drugs or therapeutic cells.

Christman et al. (2004a) introduced the possible use of biomaterial as a treatment for MI to
attenuate the infarct expansion due to the adverse remodelling. A fibrin-based biomaterial was
developed to prevent infarct wall thinning and improve cardiac functions after MI. Several
studies followed and used various biomaterials, including synthetic and natural gels (see Table

1 and Table 2).
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Natural biomaterial

Natural biomaterials present advantages because they are biocompatible, highly reactive with
resident cells or eventual therapeutic cells, and biodegradable. Moreover, natural biomaterials
can react effectively with cell membrane receptors, promoting cell activity (e.g. collagen or
gelatine polymers have strong interaction with membrane proteins for adhesion). These
characteristics are essential for resident and delivered cells involved in MI therapies. Many
extracellular matrix components can be used in the composition of natural biomaterials,
including collagen, fibrin, gelatin, keratin, fibroin and sericin (Gasperini et al. 2014, Saludas

etal. 2017, Toh and Loh 2014).

Biomaterials can also be loaded with additional regenerative growth factors to promote

vascularisation or angiogenesis (Blatchley and Gerecht 2015). Despite the advantageous

characteristics of natural biomaterials, they present some drawbacks, such as the complexity in
manufacturing. This complexity represents a limitation in large scale production. Furthermore,
the use of naturally-based components limits the ability to tune the mechanical properties of

the biomaterial (Sepantafar et al. 2016).

Synthetic biomaterials

Synthetic biomaterials are developed from artificial proteins, and their cardioprotective
capabilities have been demonstrated in several studies. They have a higher production potential
compared to natural biomaterials. Their mechanical properties are well controlled compared to

natural biomaterials (Sepantafar et al. 2016). Due to their chemical composition, synthetic

biomaterials have less bioactivity and biocompatibility compared to natural biomaterials.
Dobner et al. (2009) injected a synthetic non-degradable polyethylene glycol (PEG) hydrogel
intramyocardially in a rat heart infarcted region. They reported a left ventricle post-infarct
dilation for the first time. Synthetic biomaterials have been shown to improve LV wall
properties (i.e. alter the wall thinning and reduce the stress) and showed their importance in

heart tissue structural repairing (Christman et al. 2004a).
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Table 1. Mechanical properties of cardiac tissue and injectable biomaterials (Sepantafar et al. 2016).

Material Stiffness (Pa) References

Normal human cardiac muscle | 50,000 (Omens 1998)

Failed human cardiac muscle 200,000 -300,000 | (Omens 1998)

Fibrin 50 (Semler et al. 2000, Urech et al. 2005)
Matrigel 30-120 (Semler et al. 2000)

Collagen (type I) 20-80 (Barocas et al. 1995)

PNIPAmM 100-400 (Kim and Healy 2003)

Alginate 100-6,000 (Stokke et al. 2000)

PEG 1,000-3,000 (Rizzi et al. 2006)

PNIPAm: poly(N-isopropyl acryl amide); PEG: poly(ethylene glycol).

The biomaterial mechanical and biochemical properties are essential for optimising MI
therapy. Therefore, synthetic polymers are often added to the naturally-based biomaterials to
increase the ability to tune the mechanical properties while keeping all the biochemical

characteristics of the natural biomaterial (Ravichandran et al. 2012, Sepantafar et al. 2016).

Several studies used biomaterials that combine synthetic polymers with well-tunable
mechanical properties and components based on extracellular matrix (ECM) with biological

and physiological advantages (Krupnick et al. 2002, Ravichandran et al. 2011, Stankus et al.

2004). Stankus et al. (2004) reported enhancement in smooth muscle cell adhesion and
mechanical properties when injecting polyester-urethane-urea (PEUU) polymer combined with
collagen I compared to injecting collagen I only. A hydrogel-based scaffold consisting of
polytetrafluoroethylene, polylactide mesh, and collagen (type I and IV) was successfully
transplanted in a myocardial-damaged (congenital heart) rat heart left ventricle (Krupnick et
al. 2002). The authors demonstrated that this biomaterial increased end-systolic and end-

diastolic volume compared to animals without scaffold implantation.
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Biomaterial injections are known to alter the adverse ventricular remodelling and prevent
infarct expansion. A decrease in wall stress and a significant slowdown in the LV wall thinning
have mainly been observed following biomaterial injection. Several biomaterials have been
developed in pre-clinical studies and shown beneficial effects and promising results for

therapeutic applications.

Alginate hydrogels serving as scaffolds contribute to wall stress reduction and prevent further

LV expansion (Di Franco et al. 2018, Leor et al. 2009). Eleven patients were enrolled in a

study with advanced heart failure (New York heart association class 3, 4 criteria) to investigate
the feasibility and the safety of administrating alginate-based biomaterial (Algisyl-LVR) (Lee
et al. 2015). The feasibility and safety were demonstrated for LV augmentation through open-
heart surgery. Another alginate-based biomaterial was tested in the AUGMENT-HF clinical
trial to compare the Algisyl-LVR therapy and optimal evidence-based medical devices (Anker
et al. 2015, Mann et al. 2016). The use of Algisyl-LVR on 78 patients with advanced heart

failure demonstrated continuous long-term beneficial effects on LV augmentation (Mann et al.

2016).

Singelyn et al. (2009) developed an ECM biomaterial derived from porcine tissue. This
naturally derived biomaterial has demonstrated L'V remodelling mitigation and reduced (EF)
in a rodent model. The results of pre-clinical studies on animals encouraged clinical trials on
humans. The safety and feasibility of an ECM-based biomaterial (VentriGel) were evaluated

with patients with LVEF between 25% and 45% (Traverse et al. 2019).
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Table 2. Summary of biomaterial injectates and the outcomes (Sepantafar ez al. 2016)

Biomaterial injectate Outcomes

Fibrin Better results in FS and wall thickness (Christman et al. 2004b), tissue regeneration and enhanced neo-vascularisation (Ryu et
al. 2005), reduced myocardial scar formation and increased angiogenesis (Atluri ez al. 2014), improved cell viability, cardiac
differentiation (Guo et al. 2011)

Matrigel Enhance result in FS and wall thickness, better G/I ratio and wall thinning (Kofidis ez al. 2004, Kofidis et al. 2005)

Chitosan Better results in G/I ratio, FS, EF, wall thickness, infarct size and angiogenesis (Lu et al. 2008), improvement in the viability
and engrafted cells, reduced infarct size and improved heart functions, wall thickness and angiogenesis (Liu et al. 2012),
enhancement in the survival and engrafted ADSCs, decrease infarct size and fibrotic area, improved heart functions, wall
thickness and angiogenesis (Wang et al. 2014)

SIS-Extracellular matrix Non-significant difference between SIS-only and cell-SIS injections was reported (Toeg et al. 2013)

OPF Better G/1 ratio, reduced infarct size and collagen deposition, improved heart functions, and decreased MMP-2 and MMP-9
expression (Wang et al. 2012)

PEG-PCL-PEG LV remodelling and dilation prevention, improvement in local diastolic and systolic functions (Chen et al. 2014a)

Self-assembling peptides nanofibers Reduced scar formation and improvement in cell retention, angiogenesis and cardiac function (Lin ef al. 2010)

RGD modified self-assembling peptide | Reduced fibrosis ratio and improved cell engraftment, EF and FS (Ban et al. 2014)

Col-SH and OAC-PEG-OAC Improved wall thickness, EF, vessel density and less infarct size (Xu et al. 2015)

Collagen-alginate A perceptibly improved cardiac function (Zhang et al. 2006)

FS: fractional shortening; G/I: graft/infarct; EF: ejection fraction; LV: left ventricle; SIS: small intestinal submucosa; OPF: oligo[poly(ethylene glycol) fumarate]; PEG-PCL—-
PEG: poly(ethylene glycol)—poly(caprolactone)—poly(ethylene glycol); Col-SH: thiolated collagen; OAC: oligo(acryloyl carbonate)
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1.2.2 Computational modelling of biomaterial mechanics for myocardial

infarction treatment

The beneficial effects of biomaterials for the treatment of MI have been demonstrated in many

studies (Christman et al. 2004b, Dobner et al. 2009, Kadner et al. 2012, Leor et al. 2009,

Plotkin et al. 2014, Sabbah et al. 2013). Many studies addressing the mechanical, biological,

or biochemical mechanisms involved in biomaterial therapies for MI are experimentally based.
One of the common blockages in experiments is the cost of resources and the invasive aspect
of the experimental protocols. Computational modelling appeared as an alternative or a
supplementary tool to investigate aspects that are not easily accessible in experimental and in
vivo studies. Therefore, the mechanical impact of therapeutic biomaterial injections in infarcted
hearts has been investigated considerably with computational models (Kortsmit et al. 2013a,

Wall et al. 2006, Wang et al. 2017, Wenk et al. 2011, Wenk et al. 2009, Wise et al. 2016).

Finite element-based methods for large non-linear elastic deformations were used to study the
impact of biomaterial injections for the treatment of MI. Many parameters were tested,
including the material stiffness, the biomaterial delivery location, the injection volume, and the
injection pattern (Cai et al. 2017, Kadner et al. 2012, Kortsmit et al. 2013b, Wall et al. 2006,
Wenk et al. 2009).

Wall et al. (2006) reported a reduction in the wall stress, affecting the ESPVR, EDPVR and
EF using a FE model where a non-contractile injected biomaterial was implemented in the LV
wall of an ovine heart geometry by modifying a few nodes in the mesh. The results obtained

were dependant on the volume, the location, and the material stiffness.

The pattern of the injectate is not always controlled -mainly for post solidified materials-
following the injection (morphology and dispersion). Wang et al. (2017) have shown the
impact of injectate stiffness and volume on myofiber stress and LV wall thickness. Their
findings suggest that a stiffer material with a higher volume contributes to the LV myofibre
stress reduction and wall thickness increase, essential to alter the remodelling. Computational

models can help optimise the pattern of injections (Wenk et al. 2009). Wise et al. (2016)
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identified a threshold volume of injected biomaterial from which the treatment efficacy is

reduced.

1.3 Cellular therapies for myocardial infarction

1.3.1 Potential of cells and stem cells in regenerative therapies

Cell-based therapies have gained increasing interest during the last decades. In general, cell
therapy can be considered as a strategy, using autologous or allogeneic cells to replace, repair

or enhance biological functions in damaged tissues or organs (Bordignon et al. 1999). The

development of treatments based on stem cell delivery is motivated by their capability to
differentiate into several cell types and induce regenerative signalling (Beltrami et al. 2003,

Eschenhagen ef al. 2017, Ferndndez-Avilés et al. 2017, Kikuchi and Poss 2012). |Stem cells

represent additional therapeutic potential through their ability to inhibit inflammation or cell

death, improve angiogenesis, and differentiate (Mousaei Ghasroldasht et al. 2022).

The potential of stem cells for use in MI has been demonstrated in numerous studies with

different cell types (Atluri et al. 2014, Beltrami et al. 2003, Chen et al. 2014b, Nishikawa et

al. 2008). Despite the advanced methods developed, the implementation of cells in MI therapy
in clinical studies results in several challenges, including cell delivery, retention, or

proliferation (Strauer and Steinhoff 2011). For example, Atluri et al. (2014) proposed a

hydrogel-based approach consisting of endothelial progenitor cell-mediated therapy to enhance
cell delivery, cell retention, vasculogenesis, and preservation of ischemic myocardial structure
and function. This approach may provide tools to prevent issues related to cell dispersion and

engraftment observed in previous cell-based clinical trials.

1.3.2 Cell delivery for myocardial infarction therapy

The transplantation of stem cells to the myocardium with injectable biomaterials has gained
substantial interest in MI therapy. It is a recent promising approach in which the delivered cells
are expected to promote beneficial regenerative reactions in the impaired tissue. Stem cells

have gained considerable attention because they can differentiate into several cell types,
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including cardiac-like cells and endothelial cells (EC), necessary for a new vascularisation and
heart function recovery. Stem cell therapies have been considerably investigated in the early
2000s as a treatment for MI and have shown promising results. Several animal studies support
the hypothesis of the beneficial effect observed in cell therapies driven by paracrine effects
(Duran et al. 2013, Gao et al. 2015, Nguyen et al. 2016, Strauer and Steinhoff 2011, Tomita et
al. 1999, Wang et al. 2018).

Mesenchymal stem cells can differentiate into adipocytes, chondrocytes and osteogenic cells

in favourable conditions (Pittenger et al. 1999).

The main parameters that need to be considered for cell therapy for an infarcted heart include:

e The delivery route: Infusion or direct injection to the heart. The choice of a suitable
mode of delivery of therapeutic cells is determinant for cell retention post-treatment

(Davies et al. 2016).

e The source of stem cells: the reactivity of the cells depends on the region where they
have been harvested.

e The environment in which the delivered cells will reside: For example, a material
serving as a scaffold for transplanted cells into the myocardium or the biomaterial for
injection constitute the direct environment with which the cell interacts and needs to
have the optimised properties for cell retention and survival.

e The bio-reactivity of the therapeutic cells: This is essential for cell signalling and cell

biocompatibilities.

Several studies have been conducted in animal models using allogeneic or autologous stem

cells (Strauer et al. 2003, Strauer and Steinhoff 2011, Thavapalachandran et al. 2021, Wollert

et al. 2004, Wu et al. 2021). The allogeneic stem cells are collected from a different

subject/patient and include umbilical cord-derived stem cells, foetal cardiomyocytes, and
embryonic mesenchymal stem cells. They come from donors and have poor outcomes for tissue
engineering-based therapies because of their reduced compatibility or immune responses and
high rejections rate. Autologous stem cells are harvested from the subject to be treated and
include skeletal myoblast, adipose-derived stem cells, resident cardiac stem cells and bone

marrow-derived stem cells. Numerous studies demonstrated the beneficial effects of adult stem
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cells on MI and the possibility to export these results to a clinical trial. Chen et al. (2014a)
demonstrated the feasibility of using bone marrow mesenchymal stem cells incorporated in a
hydrogel on rabbit models following MI. A study on rats by Wang et al. (2018) revealed an
increase in the expression of endothelial related proteins, improved ejection fraction, reduced
infarct size and a high vessel density by using a biochemically and genetically activated
hydrogel loaded with adipose-derived stem cells. Intramyocardial transplantation of bone
marrow-derived stem cells in infarcted rat heart has shown improved angiogenesis and
myocardial functions and successful differentiation into cardiac-like cells (in vitro and in vivo)

within the infarcted region of the myocardium (Tomita et al. 1999). More importantly, the

myocyte-like phenotypes were only observed for bone marrow-derived stem cells cultured in
a 5-azacytidine medium. The success of research works on stem cells as a potential therapy for

myocardial infarction has encouraged the development of stem cell-based clinical trials.

Several clinical trials employed autologous or allogeneic stem cells for MI treatment. The
therapeutic cells were delivered intramyocardially, intravenously or intracoronary to the
impaired heart. In most of the trials, bone marrow-derived stem cells were used to determine
the safety and feasibility (Hare et al. 2012, Hare et al. 2009, Strauer et al. 2003, Strauer and
Steinhoff 2011).

The collection of stem cells from the bone marrow or selected MSCs were used in cell therapy.
Strauer and Steinhoff (2011) tested the efficacy and safety of human mesenchymal stem cells
in patients with myocardial infarction. They observed improvements in the heart functions after

six months of follow-up.

A comparative study by Hare et al. (2012) assessed the viability of allogeneic and autologous
bone-marrow-derived MSC in patients with ischemic cardiomyopathy. The injection of MSC,
either autologous or allogeneic, showed positive effects on ventricular remodelling, the

functional capacity of the heart, and patients life's quality.

Despite the successfully confirmed viability, safety, and efficacy of stem cell use for MI
treatments, some studies reported different or poor outcomes compared to pre-clinical studies

(Strauer and Steinhoff 2011). The possible reasons for these unexpected results may be (i) from

the stem cells (e.g. cell preparation, non-standardised method for cell delivery) or (i)
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dependent on the methods for evaluating the heart functions. Moreover, the underlying
mechanisms governing the action of therapeutic stem cells in the infarcted heart are still

unclear.

1.3.3 Cell signalling and cardioprotective effects in cellular biomaterial

injectates for myocardial infarction therapy

Biological systems respond to the environment with induced biochemical processes, including
cellular and molecular signalling through chemical reactions. Signalling is a set of reactions
activated by biochemical or biophysical cues in a biological system, leading to significant
changes at a macroscopic scale. Cells are sensitive to external factors such as mechanical
changes (e.g. mechanical strain) or chemical concentrations gradients (calcium, iron, glucose,
cytokines). The cellular responses to external cues are differentiation, mitosis, proliferation,
migration, gene expression, gene regulation and apoptosis. Stem cells are the most used in
tissue engineering and cell therapies due to their multipotent capabilities. The cellular

responses to mechanical or biochemical inputs have been widely investigated.

Cell-cell communication is crucial in the cardioprotective effect of therapeutic stem cells for
MI treatment. During cellular communication, proteins are released in the medium by one cell
and get attached to receptors on the membrane of the same or neighbouring cell, respectively,
through autocrine or paracrine effect. Various studies reported angiogenesis and neo-

vascularisation responses (Duran et al. 2013, Zhao et al. 2016, Zheng et al. 2001).

Numerous studies in the earlier 2000s focused on the role of growth factors and several other
cytokines in the cardioprotective effects observed in cell therapies for myocardial infarction,

both in pre-clinical and clinical trials (Cassino et al. 2012, Zhao et al. 2016, Zheng et al. 2001).

Hepatocyte growth factor (HGF), vascular endothelial growth factor (VEGF), transforming
growth factor-beta (TGF-p), and basic fibroblast growth factor (bFGF) are examples of growth
factors involved in angiogenesis. Combining HGF and umbilical cord mesenchymal stem cells
(UC-MSC) enhanced angiogenesis, increased cell proliferation and reduced cardiac cell death

(Zhao et al. 2016). TGF- is known for regulating VEGF expression, which is a crucial growth

factor for angiogenesis activation and new vessel formation. Many studies reported that
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mechanical stimuli are essential in growth factors production and other proteins responsible for
angiogenic phenotypes. For example, it is well established that in vitro cyclic stretching on
stem cells results in increased growth factor production and improved cardiac activities (Bhang

et al. 2010, Tian et al. 2016).

Mechanical stimuli in biological processes such as tissue growth or morphogenesis are well
known. Once delivered, the therapeutic cells are subjected to mechanical stimuli from the
deformations of the injectate generated by the heart activities. In response, the cells initiate
biochemical reactions, which lead to paracrine or autocrine signalling. Zheng et al. (2001)
reported a VEGF mRNA and protein concentration increase in cardiac cells with applied cyclic
stretch. Additionally, they observed a 2.5-fold increase of TGF-f3 one hour post-stretching.
More importantly, the neutralisation of TGF-f inhibited the stretch-induced production of
VEGF, confirming the mediation role played by TGF-p in VEGF production. Several studies
further demonstrated the link between the growth factor secretion and the beneficial effects on
the infarcted heart, including fractional shortening, fractional area change (Cassino et al. 2012,

Rashid et al. 2021, Zhao et al. 2016).

By applying 18% cyclic stretch at 0.42 Hz to in vitro cultured ECs, Tian et al. (2016) observed
increased cell permeability mediated by VEGF receptor-2 (VEGFR2). The mechanism
whereby VEGFR?2 activation mediates the pathologically induced ECs permeability was also
demonstrated. Cassino et al. (2012) reported increasing VEGF secretion in vivo by applying
10% equibiaxial stretch to MSC. Furthermore, they reported improving systolic cardiac

function (fractional shortening, fractional area change) and reduced scar tissue area.
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Figure 1. Cell signalling induced by mechanical stimuli. The growth factor released by cell 1 is attached
to the receptor in cell 2 and vice versa (paracrine). Additionally, cell 1 releases a growth factor that
binds to another of its receptors (autocrine). A cascade of reactions is initiated from the membrane
through the cytoplasm to the nucleus, where gene expression is triggered, resulting in different cellular

responses (cell proliferation, differentiation, mitosis, apoptosis, initiation of angiogenesis, growth factor
production, or new vessel formation).

1.4 Computational modelling of cardiac tissue mechanics

Cardiac tissue mechanics can be assessed through experimental testing or theoretical
predictions. The mechanical characterisation of materials uses experiments that apply
displacement loads on a sample and record the material response. The standard way to represent
material behaviour from this experiment is the strain-stress graph, which allows for
determining the material mechanical properties. The theoretical approach for material
characterisation uses a mathematical framework to predict the myocardium’s responses to
mechanical stimuli. The mathematical implementation can be based on analytical or numerical
models. The development of computational models for cardiac tissue mechanics includes the

consideration of heart geometry, constitutive equations and finite element analysis.
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1.4.1 Geometries development

The first step in developing a finite element (FE) model is to define the domain. In a 3D
problem, the domain consists of a spatial region delimited by boundary surfaces. In cardiac
modelling, the domain can be defined using a mathematical representation of the boundary
surfaces or reconstructed from images data (e.g. MRI or DT-MRI, uCT, ultrasounds, confocal

images).

The first attempts to implement heart functions in a computational model used analytical
representations, consisting of a mathematical formulation of the heart surfaces. The simplest
geometry of the LV is two parallels parametric surfaces (endocardial and epicardial surfaces).
The to spheroid approach was used to represent the endocardial or epicardial surfaces in the

LV model for simplified geometries, see Eqn. (1.1) (Dicudonné 1969).

x? y?  z? (1.1)
2 it

where a, b and ¢ are parameters governing the morphology of the surface.

Nielsen et al. (1991) proposed a truncated biventricular geometry for the first time based on a
mathematical formulation. The model described the two ventricles and included the myocardial

fibre orientation.

The current increasing capacity of computers allows the reconstruction of 3D geometries from
imaging data. Advances in imaging technologies also permit reconstructing a whole heart
geometry, including right and left ventricle, in a subject-specific heart model, primarily based
on magnetic resonance imaging (MRI) and ultrasound. Many tools are designed to transform
the raw image data into 3D geometries. The 3D reconstructed geometries are used to create a
domain representing the heart where the FE models and the heart tissue mechanics will be
implemented. Several models are developed from MRI, CT scan images in porcine, human or
rat models (Cai et al. 2017, Kortsmit et al. 2013b, Sack et al. 2018, Sack et al. 2016, Wall et
al. 2006).
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1.4.2 Constitutive modelling of cardiac tissue in the context of an infarcted

treated heart

Biological tissues can respond to external loads and mechanical changes like any other
material. However, the internal energy-driven activities in living cells, the main constituent of
tissues, add complexity to constructing computational or mathematical models for predictions.
Constitutive modelling is a mathematical formulation based on continuum mechanics theories
that describe the material properties and predicts stresses and deformations within the material.
These techniques help the theoretical representation and understanding of organ functions and,
more importantly, quantifying parameters that cannot be assessed experimentally. Finite
element methods are used for implementing the constitutive equations into a discretised

numerical problem.

Materials can be described with viscous, elastic (linear or non-linear) or viscoelastic
mechanical properties depending on the characteristics of their responses to mechanical inputs.
The material response depends on the material’s chemical or molecular composition.
Biological tissues consist of cells aligned in many configurations, including layers (e.g.
connective tissues) and a mixture of ECM (rich in collagen). The mechanics at a cellular level
1s mainly driven by microtubules and actin filaments and by myofibers in connective tissues,

including the myocardium (Chagnon et al. 2015).

Advanced theoretical tools were developed in continuum mechanics and applied to biological

tissues, including the myocardium (Humphrey 2003, Humphrey and Yin 1987, Pinto and Fung

1973). The deformations in the material are assessed through left and right Cauchy stress tensor

B and C, respectively see Eqn. (1.2) and a deformation gradient variable F.

The relationship between deformations and stress describing the material behaviour is
represented with a simple linear equation for pure elastic materials (e.g. Hooke’s laws). For
more complex materials, different approaches are introduced, including the strain energy
density function (SEDF). The Cauchy stress tensor (which contains the stress values in
different directions) depends on the strain energy density function and the deformation gradient

variable (see Eqn. (1.3)).
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C = FTF, B = FFT, (1.2)
oW (1.3)
] o = F ﬁl

where W is the strain energy density function, ¢ is the Cauchy stress tensor and

J = detF, (1.4)

Several functions have been proposed for the strain energy density to describe different types
of materials. Exponential and polynomial functions are commonly used to describe the
hyperelastic responses in biological tissues, defining isotropic or anisotropic properties of

biological soft tissues (Holzapfel and Ogden 2009, Humphrey 2003). Each function has a set

of parameters determined through calibration using a tissue sample from uniaxial or biaxial

experiments.

Due to their complexity, most biological tissues, including the myocardium, have a non-linear
response to loads and are treated as hyperelastic material using a strain energy density

approach.

Passive mechanical behaviour of the myocardium

The passive response in the myocardium is described with hyperelastic laws due to the non-
linear responses to different loads. Additionally, the layered structure of myofibers within the

myocardium introduces anisotropic behaviours.

Several constitutive models were developed for cardiac tissue. Two main types of strain energy
density functions were usually utilised. Firstly, the isotropic non-linear material laws were
adopted by Janz and Waldron (1978) in a simplified LV model developed to predict the LV
stresses due to uniaxial stretches. Secondly, the exponential-based formulation was introduced

later, considering the heart tissue’s complexity and non-linearity.

Mechanical anisotropy, which is fundamental in the myocardium, was introduced to represent

the myofibre and consider the ECM collagen structure (Holzapfel and Ogden 2009, Humphrey

2003, Yin et al. 1987). Several orthotropic and transversely isotropic models were used for the
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myocardium based on exponential strain energy forms (Humphrey 2003, Humphrey and Yin

1987, Pinto and Fung 1973). Humphrey and Yin (1987) proposed a transversely isotropic strain

energy function based on uniaxial and biaxial data and the heart’s tissue structural composition.
The strain energy density function is a combination of matrix and fibre contribution

representing the two terms:

W = C(ePl=3 — 1) + A(er(@3* — 1), (1.5)

Similarly, orthotropic models were proposed for soft tissue modelling, including the
myocardium. One of the proposed models suitable for cardiac tissue was the Fung type. Costa

et al. (2001) proposed a model based on biaxial tests:

W= %C(eQ -1, (1.6)

with

Q = blEfzf + bZ(Egc + EIZ'I‘ + 2EcrErc) + 2b3 (Echcf + EfrErf) ’ (1-7)

where b;i (I =1, 2, 3) define the stiffness in the directions (fibre, sheet and sheet-normal), Ej; (1,

1=1,2,3)

Holzapfel and Ogden (2009) described a general strain energy density function considering

three invariants in three different directions:

a _ dj (T . 112 afg 2 (18)
W= —eP(1-3) Z_l bi(l4i-1* _ 1 — febrsUsrs)” — 1}
2b° NPT te b+ 2bge te J

i=fs

with the coefficients and parameters as defined in Table 3.

Experimental tests are performed to describe passive cardiac tissue responses and identify the
shape and parameters in the strain energy density function. These tests consist of uniaxial,

biaxial and shear loads (Omens et al. 1993, Sacks 2000, Sommer et al. 2015). In the passive

response of the material, the experimental stress-strain data are fitted with the predicted

relationship from the strain energy density function. In addition, the quadratic terms in the
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exponents of the strain energy function (e.g. Fung-type function) in Eqs (1.5) - (1.8) must be

positive definite to ensure the convexity necessary for FE simulations (Federico et al. 2008).

Active contraction of the myocardium

Current models use the sarcomere length, free calcium concentration measures during signal
activation, and the active tension law to implement the active contraction in the heart. Guccione
and Mcculloch (1993) developed the more efficient approach, where the previously cited

parameters were considered, and the active tension is applied in the fibre direction.

The overall response of the myocardium during contraction is modelled by coupling the active

tension with the passive response:

T=T® 4 7@, (1.9)

where the active tension is proportional to:

Ca? (1.10)

To = Tmax ————— Ct,
T CaZ + ECa?,

Mechanical behaviour of infarcted myocardium

The contraction in cardiac tissue is driven by the activity of cardiomyocytes, aligned into fibre
layers. When MI occurs, many cardiac cells in the infarct region die and are replaced by fibrotic
cells that produce collagen. The resulting infarcted myocardium is a non-contractile material
whose mechanical properties depend on the injury stage (ischemia, necrosis, fibrosis or

remodelling, and heart failure) (Baig et al. 1998, Costa et al. 2001, Holmes et al. 2005).

The mechanics of infarcted myocardium is driven by several parameters, including collagen
content, collagen fibre alignment and cross-linking, and the number of remaining cardiac cells

(Connelly et al. 1985, Fomovsky and Holmes 2010, Holmes et al. 2005). Computational

modelling can significantly contribute to investigating mechanical changes in infarcted
myocardium and the impact of an infarct on cardiac function. The mechanical properties of

infarcted tissue change with the scar evolution and during the healing process (Fomovsky and

Holmes 2010, Holmes et al. 2005). The non-contractile characteristics and the change in fibre




1.5 Experimental and computational cellular mechanics 19

structure are key factors modifying the mechanical properties in the scar tissue (stiffness,

contraction abilities).

The infarcted tissue is treated as a passive material with modifications in the anisotropic
response (modifications in the fibre orientation) and increased stiffness (due to abnormal
collagen level). A similar approach to healthy cardiac tissue modelling is used to model the
infarcted tissue with modified parameters for stiffness (Guccione et al. 1993, Sun et al. 2009,

Wenk et al. 2011).

In a model developed by Sack ef al. (2018), a pathological scaling factor was introduced with
a modification of the passive strain energy density function Eqn (1.8) to describe the
pathological state of the damaged myocardium. New parameters were introduced considering

the volume fraction of tissue health, and the active tension was turned to zero:

a _ Ai [ b(Lio1)? ars 2 (1.12)
W= - ebli;-3) Z_l billsi=D? _ 1} 4 f5 febrs(er)? _ 1
20 °¢ * 2. 7b; te b+ by, te J

i=fs

where 3, ai with i = (f, s) and ars govern healthy and pathological tissue homogenisation. A

scalar parameter h defines the volume fraction of healthy tissue (Sack et al. 2018):

a, = aj(h+ (1 -h)p) (1.12)

where h € [0, 1] define the pathological degree of the tissue and p scales the passive response

according to pathology.

1.5 Experimental and computational cellular mechanics

1.5.1 Structural and mechanical properties of cells

Cell mechanical properties and their mechanical responses depend on their constituents.
Understanding cellular mechanics at a single cell level is essential to predict and explain the

tissue response to mechanical stimuli.
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Cells are composed of three major parts that mainly contribute to cellular mechanics. The
membrane is the envelope serving as a container to the internal part of the cell and plays an
essential role in the communication with other cells and the surrounding environment (e.g.
ECM). The nucleus is the central part of the cell (containing DNA) where gene expression and
gene regulation occur. The cytoplasm is the intermediate region in the cell between the nucleus
and the membrane and is made of different organelles and filamentous networks. Although the
nucleus and membrane participate in cell mechanotransduction, the mechanical and structural

contribution of the cytoplasm is considerably higher.

The cytoplasm comprises organelles (e.g. mitochondria, Golgi apparatus, endocardium
reticulum, vacuoles, lysosomes), filamentous polymers (microtubules, actin filaments and
intermediate filaments). The actin filament is a network of actins that is the primary structural
component of the cytoskeleton. Intermediate filaments are intermediate structures between
microtubules and actin filaments in size, stiffness, persistent length and flexibility (Rodriguez

etal 2013).

Cells have transmembrane proteins ensuring the adhesion and the junction between cells and
ECM or other cells. These proteins allow the cell to establish tight junctions (mostly non-
permeable junctions between cells), gap junctions (porous junctions which allow small proteins
transportation) or anchoring junctions (plays structural functions by linking cells) (Rodriguez
etal 2013).

Cell mechanical properties are essential in building a computational model capable of
predicting cell deformations or stress. There are generally two experimentally-based
techniques to determine cell mechanical properties of cells, including force application

techniques and force sensing techniques (Rodriguez et al. 2013).

Force application techniques measure cell responses to an external force and deduce a force-
deformation relationship. The force application techniques include micropipette aspiration,
atomic force microscopy, microneedle tools, optical tweezers, magnetic tweezers, cell

compression, and cell stretching.
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Several studies have used micropipettes aspiration in the earlier works dedicated to
experimental investigations of cell mechanics. It is mainly used to determine elastic or

viscoelastic mechanical properties in cells (Baaijens et al. 2005, Evans and Yeung 1989,

Hochmuth 1993, Mitchison and Swann 1954, Trickey et al. 2006). The technique uses a force

applied in a glass pipette to aspire part of the cell into the pipette. The mechanical property is
then determined from the length of the part inside the pipette and the applied force.

AFM has gained considerable attention due to the simplicity and the high resolution achieved

in the sample dimension and the force to be applied.

Cell stretching offers a possibility to assess mechanotransduction processes in cells (stretch-
induced signalling, gene activities, ECM proteins recruitment) and help characterise the

mechanical property simultaneously.

The force sensing technique includes traction force microscopy or cantilever sensing.

1.5.2 Constitutive and finite element modelling of cell

Cells shapes depend on the physical properties of their environment (Tee et al. 2011). In a 3D
environment, most cells adopt a bulky configuration (example of a cell embedded in a
therapeutic biomaterial injectate), whereas they tend to spread in a 2D environment with a flat

shape.

The cell geometry can be simplified using idealised shapes, including spheres, half-sphere,
disks or spheroids, depending on the topology or mechanical properties of the environment and

the targeted cell function (Slomka and Gefen 2010, Slomka et al. 2009). More complex and

realistic cell geometries can be developed from imaging techniques, including atomic force

microscopy (AFM) (Darling et al. 2006), electronic microscopy, confocal microscopy or

phase-contrast microscopy (Abdalrahman et al. 2017, Kohn et al. 2018, Saeed et al. 2016,
Yamada et al. 2009).

The choice of imaging method depends on the purpose of the study and the cell size. For
instance, atomic force microscopy plays a double role in (i) determining the mechanical

properties of cells and (ii) revealing the cellular geometry. However, the technique is limited
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to a global identification of the cell geometry and its mechanical properties without considering
the cell components. In contrast, confocal microscopy highlights any region/component of

interest in the cell (e.g. cytoplasm or nucleus).

Experimental techniques permit determining material properties necessary to implement a
computational or mathematical study of cell mechanics. Cells mechanical responses are often
complexes because of the internal active energy-driven reactions. Depending on the regime,
the process, and the modelling scale, the viscoelastic, linear elastic, or hyperelastic descriptions

are potential candidates to describe cell responses.

The hyperelastic description is commonly used in the context of large deformations and passive
responses at the cellular scale. Jean ef al. (2005) developed a finite element-based model to
describe mechanotransduction pathways during endothelial cell rounding. Kohn et al. (2019)
investigated a cellular focal adhesion by modelling a cell stretching experiment. The single-

cell was treated as a hyperelastic isotropic material with a Neo-Hookean material law.

Depending on the time scale of the considered process, the active polymerisation and

depolymerisation taking place within the cell can be considered.

Cell motility is modelled using different approaches, including the viscous or viscoelastic
mechanical properties to represent polymerisation and depolymerisation in the cytoskeleton.
Darling et al. (2006) used AFM to determine the elastic and viscoelastic property of
chondrocytes, osteoblasts and adipocytes cells. They further showed that the primary

differentiated cells have different mechanical properties than adult stem cells.

Based on the time scale and magnitude of deformations, cells and the different components are
treated as pure viscous, viscoelastic or pure elastic materials. In the context of MI therapy, the
cell is mainly treated as a 3D hyperelastic material with isotropic elastic Neo-Hookean

responses (Gladilin ef al. 2007) despite the heterogeneity provided by the different components

(cytoplasm, nucleus or membrane). Saeed et al. (2016) developed a FE model of cell
mechanics, which provide information on a single MSC mechanical behaviour. Furthermore,

they showed the feasibility of using simple optical microscopy to construct a 3D cell geometry.
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Despite extensive research dedicated to the impact of cell-based injection treatments, no
computational study has investigated in detail the underlining mechanism from a molecular

point of view or a macroscale level.

1.6 Limitations

The beneficial effects of biomaterial in the treatment of MI have been demonstrated in many
studies. Over the last two decades, the knowledge about the impact of biomaterial injection on
an impaired heart has gained considerable advancement, either computationally or
experimentally. However, despite these advances, many questions remain open for future
investigations. To date, few studies have examined the biological or biochemical aspect of the
biomaterial injections therapy for MI coupled with computational modelling. Moreover, no
computational research has related the deformations of the therapeutic stem cells carried in a

biomaterial to the signalling of injected stem cells.

Stem cell delivery in a biomaterial to the myocardium for MI therapy has gained substantial
interest. Most of these studies focused more on the biochemical processes and tried to identify
different signalling pathways involved. Many cell mechanics studies have been conducted in
2D environments (focusing on cell migration or adhesion) or a 3D environment (cells
embedded in tissue, ECM, and fluids). Stem cells, known as the best candidates for cell
therapies, have recently gained considerable attention in investigating mechanotransduction
induced by cyclic mechanical stimuli. Very few studies were dedicated to the cell

mechanobiology in infarcted heart, either for resident cells or therapeutically delivered cells.

The responses of stem cells to a mechanical input have been widely investigated in vitro and
are well understood. These cell responses are driven by biochemical reactions. However, the
mechanisms underlying these processes have been poorly elucidated. According to the current
data and experimental tools, there is potential to address these problems and gain new
knowledge using computational approaches. Thus, it is essential to consider computational
studies that combine mechanical changes in the myocardial injectates and the signalling of

embedded and resident cells.
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1.7 Aims and objectives

Based on the limitations of current knowledge described above, the aims of this research were:

Aim 1: To develop computational models for predicting the mechanics and associated
signalling of cells delivered in a carrier biomaterial intramyocardially for the treatment of

myocardial infarction, and

Aim 2: To demonstrate the feasibility of the developed models to investigate and optimise

therapeutic cell therapies for myocardial infarction.
Several objectives were defined to achieve these aims:

Objective 1: To develop a 3D subject-specific biventricular geometry of a rat heart with left

ventricular infarct and biomaterial injectate.

e Geometrical models will be obtained from ex vivo nCT image data. Particular emphasis
will be placed on the microscopic injectate morphology (dispersion) in the myocardium
that depends on the delivery time after the MI occurrence.

e Finite element simulations will investigate the ventricular and wall mechanics,
including the deformations of the biomaterial injectate at the organ and tissue level

(macroscopic and mesoscopic scale).

Objective 2: To develop a small mid-wall volume of myocardium in the infarcted LV region
(sub-model) with microstructural details of the infarcted tissue and interlaced biomaterial

injectate that serves as a microenvironment for the delivered cells (microscopic scale).

e The 3D deformations of the associated mid-wall region will be recorded in the

biventricular model and used as loading boundary conditions for this sub-model.

Objective 3: To develop a finite element model of a single cell with an idealised spherical
geometry and three cellular components, i.e. membrane, cytoplasm and nucleus, with different

material properties (elastic modulus).
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¢ One or more cell models will be incorporated in the biomaterial injectate domain of the

sub-model to investigate deformations of the delivered cells.

Objective 4: To assess the relationship between computationally predicted deformation and
related biochemical responses of the cells, e.g. VEGF/TGF- production, based on existing

experimental data on GF production in stretched cells.

Objective 5: To employ the developed methods and models to investigate the effect of injectate

treatment parameters on cellular signalling and therapeutic benefit.

e Stiffness of the biomaterial injectate and the injection timing after infarction (i.e.

coronary artery occlusion) are possible targets for these studies.



Chapter 2 Materials and methods

In the current study, cell mechanics were investigated in the context of a treatment for
myocardial infarction. The therapy consists of intramyocardially delivering stem cells within a
biomaterial into the impaired heart, especially around the infarct region. Several studies have
reported biomaterial injection to alter the remodelling following the infarction. Further,
introducing stem cells in the biomaterial activates biochemical reactions that lead to tissue
regeneration and neo-vascularisation through paracrine signalling. The FE model developed in
the study was designed to predict the mechanical responses of the injected cells in the context

of cell-embedded biomaterial.

Due to the heart activities, the deformations produced at the heart tissue level are translated
from the cardiac tissue to the biomaterial injectate, which deforms the embedded therapeutic

cells. Therefore, the current study was conducted by considering three scales:

e The organ: the rat heart
e The tissue: a small block of heart tissue extracted from the LV free wall

e The cell: the injected cells located in the biomaterial

This chapter presents the methodology to develop models to predict the mechanics and
associated signalling of cells delivered in an intramyocardially injected biomaterial to treat

myocardial infarction.
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2.1 Geometry development

2.1.1 Reconstruction of a biventricular geometry of a rat heart with biomaterial

injectate

Data acquisition

Ex vivo microcomputed tomography (uCT) image data of infarcted rat hearts with polymeric
injectates from an unrelated study (unpublished data) were used for geometric reconstruction.
(Disclosure: The data acquisition describe here including in vivo experiments and ex vivo
imaging was conducted prior to this thesis without involvement of the author but by

collaborators of and under the supervision of Profs N Davies and T Franz.)

In brief, male Wistar rats (body mass: 180-220 g) were anaesthetised, and the heart was
exposed via left thoracotomy along the 4™ intercostal space. Myocardial infarction was induced
by permanent ligation of the left anterior descending coronary artery 3 mm distal to the
auricular appendix. The discolouration of the anterior ventricular wall and reduced contractility
were hallmarks of a successful occlusion of the artery. The animals were divided into two
groups based on the injection timing after the coronary occlusion: immediate and delayed
injection groups. The first group of animals (immediate injection, n = 8) received 100 ul of
radiopaque silicone rubber containing lead chromate (Microfil® MV-120 Flow-Tech, Carver,
MA, USA) diluted 1.5:1 with MV-diluent via injection into the infarcted area of the
myocardium immediately after infarct induction. In the second group of animals (delayed
injection, n = 7), the chest was stepwise closed following infarct induction and buprenorphine
was administered for pain management. Seven days later, the heart was accessed via the 4™
intercostal space and 100 pl Microfil® radiopaque material was injected into the infarct area.
For both groups, dispersion and in situ polymerisation of the Microfil® material were allowed
for 30 min after the injection. The animals were then humanely killed and the hearts carefully
harvested, thoroughly rinsed with saline, fixed in a 4% paraformaldehyde solution and
transferred to saline for microcomputed tomography (LCT) scanning. All animal experiments

were authorised by the Institutional Review Board of the University of Cape Town and
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performed according to the National Institutes of Health (NIH, Bethesda, MD, USA)

guidelines.

The pCT scans were performed with a custom-made scanner with a Feinfocus X-ray tube and
a Varian 2520V Paxscan a-Si flat panel detector (Csl screen, 1920 x 1536, 127 pm pixel size)
at the Centre for X-ray Tomography of Ghent University (UGCT) (Masschaele et al. 2007).

For each scan, 1801 projections were captured with an exposure time of 0.8 s. The resulting
scan images had a voxel pitch of 10 pm. Reconstruction was performed using the UGCT

software package Octopus (Vlassenbroeck et al. 2007) (distributed by XRE, Ghent, Belgium,

www.xre.be).

Sample selection

The selection of a sample for this study was based on several criteria. The first criterion was
the time of injection. Several studies reported the impact of injection time on the outcomes of
biomaterial therapies. Kadner et al. (2012) demonstrated that the injection of PEG hydrogel
one week following the infarction (i.e. delayed injection) led to significant improvements in
infarct heart’s function and scar tissue mechanics. Additionally, depending on the injection
time, different distribution patterns of the injectate were observed. The immediately delivered
injectates have a fibrillar-like structure, whereas the delayed injectates exhibited a bulky

morphology.

Similar observations were made on the data examined for the current study. The delayed
injection group was chosen for the FE model based on the above information. The selection
among the six data sets was based on the additional criteria of the image quality for
segmentation. In practice, the images with a good intensity level and a high contrast between
the biomaterial injectate (high intensity) and the cardiac tissue (low intensity) (see Figure 2)

were privileged.


https://info.tescan.com/micro-ct
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Figure 2. Cross-section image of an injected rat heart. The injectate has a higher intensity level
compared to the cardiac tissue.

The atria were excluded in the selected sample data, and only the two ventricles were
considered for the FE model development. The resulting geometry was a biventricular
geometry truncated at the base. The truncation plane was chosen perpendicular to the
longitudinal axis of the heart. In the initial data imported in Simpleware, the long axis (the
apex-base axis) was not aligned with the long axis of the heart (red axis in Figure 3a). It was
essential to implement a correct images orientation to obtain a precise fibre orientation
direction. The proper orientation will result in a realistic fibre structure and a correct

implementation of the myocardium mechanics (see Figure 3b).

Figure 3. Re-orientation of heart geometry. (a) a non-oriented heart, the red axis (z-axis) is not aligned
with the longitudinal axis (apex-base). (b) a representation of a truncated geometry at the base. The red
axis is well aligned with the long axis.
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Segmentation

Simpleware was used for segmentation with several features, including region-growing, level-
set threshold and manual segmentation. Due to noise and the complexity of the images, manual
and automatic (level-set threshold) segmentation techniques were combined. Two masks were
created during the segmentation featuring the cardiac tissue and the injectate. The lack of
histological data and the quality (capability to detect healthy from infarcted tissue) of the image
data did not allow identifying the region of the cardiac infarct. Hence, the infarcted region was
estimated and implemented manually in the FE model. The resulting geometry was meshed
and used as a discretised domain for the FE model in Abaqus/CAE (Abaqus 6.14-3, Dassault
Systémes, Providence, RI, USA).

2.1.2 The extracted left ventricular mid-wall block

A small block was extracted from the biventricular model described in section 2.1.1. A
resampling operation was performed in Simpleware on the entire heart geometry to obtain a
748 pm x 748 pm x 722 pm block (Figure 4). The resulting geometry referred to as sub-model
comprised cardiac tissue (infarcted) and dispersed injectate. The x, y and z spacing were
modified from 0.03, 0.03, and 0.03 mm in the biventricular (BV) model to 0.0078, 0.0078, and
0.0078 mm in the sub-model to accommodate the microscopic dimensions of the main cellular

components (membrane, cytoplasm and nucleus) to be implemented later.

/ Biomaterial

Myocardium

Biventricular geometry

Submodel

Figure 4. Sub-model geometry developed from the BV model.
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2.1.3 Cell geometry and numerical cell seeding

Cells have been widely imaged and represented for mechanical investigations (Alihemmati et

al. 2017, Caille et al. 2002, Saeed et al. 2016, Slomka et al. 2009, Yamada et al. 2009). In a

3D environment, cells can be represented either with a realistic shape from image
reconstruction or an idealised geometry with specific characteristics close to the in-vivo

geometry.

In the current study, the cell was represented by an ideal sphere. A three-component model was
adopted to describe the membrane, cytoplasm and nucleus. Three spheres were created in
Simpleware, sharing the same centre. The smallest sphere represents the nucleus. The region
between the middle sphere and the nucleus represents the cytoplasm. The membrane was
defined by a difference between the middle and the largest sphere. The final cellular geometry

results in a different thicknesses for each component.

A Python script was created and implemented in Simpleware to seed cells at random locations
in the injectate region of the sub-model. The process consisted of creating concentric spherical
surfaces with a diameter of 60, 55 and 20 pm for the membrane, cytoplasm, and nucleus,
respectively, at an arbitrary location in the biomaterial injectate. The developed cells were
incorporated randomly in the injectate region of the sub-model geometry described in section

2.1.2. The developed Python script is available as supplementary data.

2.2 Myofibre structure in the cardiac model

The heart anatomy reveals a specific alignment of cardiac cells in myofibers that form bundles.
The configuration of myofibers in layers plays an essential role in myocardial mechanics. This
configuration introduces an anisotropic structure in the myocardium, responsible for different
mechanical responses in various directions. This microstructure results in a preferred direction
for the contraction in the cardiac tissue. It is, therefore, essential to consider the orientation of

myofibers in computational modelling to obtain a complete and accurate FE model.
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A rule-based algorithm developed by Sack ef al. (2018) was implemented in the BV model.
The principle consists of generating the projection of the fibre in a 3D coordinate system. The

projected values of the fibre vector were obtained with two principal angles:

- The helix angle an = (fp1, uc) formed by the projection of the fibre on the plan made of
the circumferential-longitudinal unit vector (uc, ur) and the circumferential unit vector
uc (Figure 5),

- The transverse angle o, = (fp2, uc) between the projection of the fibre on the plane formed

by the radial-circumferential unit vector (f,1) and the circumferential unit vector (Figure
5).

uj

U,

Endocardium Epicardium

e

Figure 5. Myocardial fibre orientation in a unit volume element. The fibre direction is defined by two
projections f,; (with angle o, relative to the unit vector u.) and f,, (with angle o relative to the unit
vector uy).
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2.3 Constitutive laws

A constitutive model is a mathematical representation of material response to external
mechanical input. These mathematical equations describe the responses of biological tissue to

mechanical changes induced by loads and displacements.

In the heart, the deformations are originated from the active contractile cardiac cells or passive

pressure during the filling of the ventricles.

The healthy and infarcted tissue was treated as hyperelastic anisotropic material during the
passive filling stage of the cardiac cycle. The biomaterial injectate was assigned with a non-
linear isotropic material law for the entire cycle. An additional constitutive model was used to

represent the behaviour of healthy tissue during the active contraction phase.

2.3.1 Constitutive model of cardiac tissue

The mechanical properties of the infarcted region of the damaged myocardium depend on the
stage of the infarct. It has been demonstrated that the pathological state of the heart plays an
essential role in the mechanics of cardiac tissue (Holmes et al. 2005, Holmes et al. 1997,

Tyberg et al. 1974, Villarreal et al. 1991). The finite element model (FEM) developed in this

study needs to capture the complete mechanical behaviour of both infarcted and healthy tissue
at different stages of the cardiac cycle (the passive filling and the active contraction). In
addition, the model must reproduce the impact of the infarcted tissue on the mechanical
response of the heart. The infarct reduces the capability of the myocardium to contract. As a
result, the impaired tissue behaves as a passive material with increased material stiffness

(Holmes et al. 2005). Finally, the mechanical properties of the injectate and cardiac tissue

(healthy and infarcted) were incorporated in a FEM for simulations.

Passive filling

The healthy myocardium was treated as a hyperelastic anisotropic material during the passive
filling. The mathematical formulation was adopted from the model proposed by Holzapfel and

Ogden (2009). The strain energy density function in this formulation is given by:
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where the parameters used are provided in Table 3.

A similar formulation was used to describe the infarcted heart tissue with modifications in
myofiber stiffness (increased stiffness in fibre, circumferential and longitudinal directions).
The infarct response is illustrated in Eqn. (2.2) and obtained by adjusting the material stiffness.
This approach was adopted from the model developed and validated by Sack ef al. (2018). The

mathematical formulation is given by:

5 _ 5 i _1\2 5fs 2 (22)
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The parameters in Eqn. (2.2) are described in Table 3. These parameters were adopted from

the literature (Duong et al. 2018, Sack et al. 2018). The parameters a, ai (i = f, s) and af, in

Eqn. (2.2), govern the isotropic response of the infarcted myocardium and define the
proportion of healthy and pathological tissue present in the myocardium. The scalar parameter

h governs the health of the material point (Sack et al. 2018). The scaling parameter p adjusts

the passive response according to the stage of the infarct.
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Table 3. Constitutive parameters for passive mechanical behaviour of myocardium (Sack et al. 2018)

Parameter | Value Description

a 0.2065 kPa Governs the isotropic response

b 7.61 Governs the isotropic response

ar 0.68 kPa Governs additional stiffness in the fibre direction

b 14.61 Governs additional stiffness in the fibre direction

as 0.945 kPa Governs additional stiffness in the sheet direction

bs 12.67 Governs additional stiffness in the sheet direction

afs 5.55x 10 kPa | Governs coupling stiffness in the fibre and sheet direction

bfs 3.12 Governs coupling stiffness in the fibre and sheet direction

11, Lai, Isss - Strain invariants

D 0.2 x 102 kPa! | Defines material incompressibility. Inversely proportional to
the bulk modulus (K=2/D) defining the material’s resistance to
compression.

J - Third deformation gradient invariant

Active contraction

The active contraction during the cardiac systole was implemented with a time-varying
elastance approach and described the active tension responsible for muscle contraction. An
additional term was added to keep the passive response during the contraction (Guccione and

Mcculloch 1993, Guccione et al. 1993, Walker ef al. 2005). The merit of this model resides in

the fact that it predicts the active tension developed by the myocardium by including the
deactivation of calcium channels, the time of onset of contraction and the sarcomere length
history (Guccione et al. 1993). The mathematical formulation of the active tension model is

(Guccione et al. 1993, Sack et al. 2018, Walker et al. 2005):

2
Tmax Ca0

2 Cad+EC,%,(Eg)

(2.4)

T,(t, E¢) = (1 — cos(w(t, Eff)))

The description of the parameters used is given in Table 4. The functions ECas, w, t and 1 are

provided by the equations below:
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Table 4. Constitutive parameters for active contraction in myocardium (Guccione et al. 1993, Sack

et al. 2018)

Parameter | Value & unit Description

Tmax 60 kPa Constitutive law scaling factor

Cao 4.35 pmol/l Peak intercellular calcium concentration

Caomax 4.35 pmol/l Maximum intercellular calcium concentration

B 4,750 mm’! Governs the shape of the peak isometric tension-
sarcomere length relation

lo 1.58 x 107 mm The sarcomere length below which no active force
develops

to 0.15s Time to reach peak tension

m 1,048.9 s/mm Govern the shape of the linear relaxation duration and
sarcomere relaxation

b 1.5s Govern the shape of the linear relaxation duration and
sarcomere relaxation

Eff - Lagrangian strain tensor component aligned with the
local muscle fibre direction

Ir 2.03 x 107 mm Initial sarcomere length
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2.3.2 Injectable biomaterials

Mechanical support devices, including left ventricular assist devices (LVAD), are widely used
for patients with end-stage heart failure and have demonstrated considerable advancement

(Birks et al. 2006, Burkhoff et al. 2006). However, they can become very invasive and

uncomfortable for use. Thus, non-degradable polymers have gained substantial attention in
research in the last two decades and have been investigated considerably as an alternative and
non-invasive solution. Injectable polymer hydrogels have demonstrated beneficial effects on
the impaired heart by retarding the ventricular remodelling followed by a decrease in the wall

stress (Christman et al. 2004a, Dobner et al. 2009, Wall et al. 2006, Wang et al. 2012).

Furthermore, biomaterial injectates were developed as scaffolds for cells in cellular-based

therapies (Hoeeg et al. 2021, Ke et al. 2020, Zhao et al. 2016).

In the current study, the injectable biomaterial (e.g. PEG hydrogel) was described as
hyperelastic isotropic incompressible material. The mechanical responses were predicted using

the Neo-Hookean material model with the following strain energy density function:

W = Cy(l; — 3) (2.9)

where Cjo characterises the material stiffness obtained from elastic modulus E and the Poisson
ratio v (Eqn. (2.10)), I; is the first deviatoric strain invariant defined in terms of deviatoric or

principal stretch (see Eqn. (2.13)).

In the current study, the injectate biomaterial was treated as incompressible material. Thus, the
Poisson’s ratio was 0.5, and the elastic modulus varied from 4.1 kPa to 405,900 kPa (parametric
study to investigate the impact of the biomaterial stiffness on biventricular deformation and

subsequently on the cell mechanics and signalling).

E (2.10)

“o= a7y
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Table 5. Material parameters for biomaterial injectate

Parameter Values

Elastic modulus E (kPa) | 4.1, 7.4, 40.6, 73.8, 405.9, 738.0, 4,059.0, 7,380.0, 40,590.0, 73,800.0,
405,900.0

Poisson’s ratio v 0.5

2.3.3 Cell mechanical properties

The cell is structurally composed of microfilament and microtubules that participate in the
mechanical responses. These microstructures are compartmentalised into three main
components (membrane, cytoplasm and nucleus). The average mechanical property in each
compartment is different, where the cell membrane exhibits softer stiffness than the cytoplasm
and nucleus. For this reason, the elastic modulus describing cell mechanical property was
assigned by compartment. The complexity of cellular mechanics resides in the fact that they
can respond to external forces by reinforcing their composition through active processes such

as polymerisation or depolymerisation.

The dynamics of the cytoskeletal actin network, which governs the primary active response in
living cells, has been modelled with a viscoelastic approach in several studies (Bausch et al.

1998, Evans 1989, Karcher et al. 2003, Yamada et al. 2000). In the current study, a hyperelastic

approach was used to describe the mechanics of the cellular components.

A three-component model was used to represent the cell, as described in section 2.1.3. Each
component is treated as hyperelastic isotropic compressible material described with a Neo-
Hookean material law. The mathematical formulation of the strain energy density function (W)
is given by:

] 1 211
W= Coll=3) + 5= (1) (211)
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where Cio and D; depend on the elastic modulus and the material compressibility. The
parameter C1o is given by Eqn. (2.10), and D is provided by Eqn. (2.12). I is the first deviatoric

strain invariant defined in terms of deviatoric or principal stretches.

2E (2.12)

b1 = 30 =2)

2 (2.13)
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Different material parameters are used for each component of the cell. A summary is given in

the table below:

Table 6. Values of mechanical properties of cell components (membrane, cytoplasm and nucleus)
(Caille et al. 2002, Jean et al. 2005).

Elastic modulus E (kPa)

Poisson ratio (v)

Membrane 1.7 04
Cytoplasm 8 0.3
Nucleus 5 04

2.4 Finite element model development

The meshed BV geometry was imported in Abaqus/CAE (Abaqus 6.14-3, Dassault Systémes,
Providence, RI, USA). At the tissue level, the deformations were examined to determine
cardiac tissue response during an entire cardiac cycle. Particular attention was given to the
mechanics of the injectate. Furthermore, a sub-modelling technique was developed to study the
micromechanics of the region extracted from the LV mid-wall and subsequently investigate

the impact of the injectate deformations on the signalling of cells delivered in the biomaterial.



2.4 Finite element model development 41

2.4.1 Biventricular finite element model of a rat heart

The BV geometry developed (section 2.1.1) was incorporated in Abaqus/CAE (Abaqus 6.14-
3, Dassault Systeémes, Providence, RI, USA) to implement the different mechanical properties
and investigate cardiac tissue mechanics based on the finite element modelling approach. A

10-node tetrahedral element type was used to obtain a discretised FE problem.

Boundary conditions

It is essential to consider realistic boundary conditions that reproduce the biological

environment and the different loads applied to the domain's boundaries.

A zero displacement was applied to the nodes at the base in the longitudinal direction to prevent
the rigid body motion of the geometry, see Figure 6. The passive filing was implemented by a
linearly increasing pressure load on both LV and RV cavity surfaces. Several studies reported
a higher pressure in the LV cavity (LV cavity pressure is four times the RV pressure). The
measured systolic pressure is 30-40 mmHg and 100-140 mmHg in normal human hearts,

respectively, in the RV and LV cavity (Mininni et al. 1996, Reichek and Devereux 1982).

Pacher et al. (2004) measured left ventricle end-diastolic and left ventricular end-systolic
pressure in rats and found 3.8 £ 0.9 mmHg and 133.8 + 8.1 mmHg, respectively. In the current
study, the cavity pressure was taken from 0 to 3.0 mmHg and 0 to 0.75 mmHg, respectively,
for LV and RV cavities. This choice agrees with the range of the experimental end-diastolic

pressure findings.
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LV cavity

RV cavity

Base nodes

Figure 6. Heart geometry with a highlight on the base nodes and cavities. Base nodes are highlighted
with red points where zero displacement boundary condition is applied. Linearly increasing pressure is
applied to the LV and RV cavities.

Determination of computation time for end-systole and end-diastole

The end-diastolic time point was determined by applying a linearly increasing pressure on the
LV and RV endocardial surfaces until the LV cavity volume matched a target experimental ED
volume by Pacher et al. (2004). This step was performed on the BV model with injectate elastic
modulus Ein; = 73.8 kPa.

A second simulation was performed to determine the end-systolic time point. The obtained
time corresponded to the contraction and was determined from the ED time point defined
previously until the active tension declined. The LV volume was calculated at this time point

and compared with end-systolic volume values in the literature (Pacher ef al. 2004).

2.4.2 Sub-model with embedded cells

The sub-modelling technique was used to investigate the micromechanics of the extracted
block described in section 2.1.2. The nodal displacements in the sub-model region of the BV

model were recorded for a complete cardiac cycle and applied to the sub-model.
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active environment

The parametric simulation was achieved with several elastic moduli of injectate, Ei, between
4.1 and 405,900 kPa. The volume-averaged strain was recorded in the cardiac tissue and the

injectate and analysed with the deformations observed in the embedded cells.

At the cellular level, the volume-averaged strain and the strain distribution in the cells were
reported from the sub-model. The strain distribution was evaluated across the different injectate

stiffness to optimise the impact of the biomaterial stiffness on the cell deformation.

2.5 Cell deformation and paracrine signalling: Production of

TGF-P in a mechanically active environment

Therapeutical cells within an injected biomaterial are influenced by the mechanical changes in
their surrounding environment. Biochemical signalling is a well-known response to these
mechanical inputs. In the current study, the mechanical inputs sensed by cells were assumed to

originate from the deformation of the biomaterial injectate due to cardiac activities.

A mathematical model was developed to predict the amount of TGF-f produced by therapeutic
mesenchymal stem cells due to the deformations induced by heart activities. The model
involves the calculation of TGF-$ concentration using a linear interpolation function derived
from experimental data. The TGF-B concentration was determined from the cellular averaged
strain computed from the FE simulations in the sub-model. The function was obtained from
data from the cell stretching experiments by Hirakata et al. (1997) and its replication with a FE
model. Firstly, a relationship was established between TGF-B3 concentration and tensile strain
of the substrate from experimental data. Secondly, a FE model that mimics the experiment by
Hirakata et al. (1997) was developed to express the intracellular strain as a function of substrate

strain. A more detailed description of the FE model is provided in the next section.
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2.5.1 Computational modelling of the mechanics of a single cell on an elastic

stretched substrate using a finite element modelling

A finite element model of a single-cell attached to an elastic substrate through focal adhesions
was developed (Figure 7). The substrate was subjected to biaxial displacements (see Figure
7a). A spherical cap with small disks attached to its flat surface represented the cell and focal
adhesions, respectively, as shown in Figure 7b. The attachment of the cell to the substrate was
modelled with a tie constraint to ensure permanent adhesion and prevent sliding. The same

contact conditions were applied between the cell body and the focal adhesions.

2um 2pm/

Figure 7. Single-cell stretching finite element model. Single-cell geometry attached to a substrate
displaced with 5, 10, 15, and 20% strain (a, d). The cellular geometry consists of a spherical cup attached
to disks representing the cell body (b) and the focal adhesions (b,c and e).

Biaxial displacements generating substrate tensile strains of 5%, 10%, 15%, and 20% were
applied to the substrate edges to reproduce the conditions of Hirakata et al. (1997) experiments.
The averaged strain was recorded in the cell and the focal adhesions for each applied substrate
strain. A linear fit was then used to express the cellular deformation as a function of the

substrate strain (see Eqn. (2.15)).
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active environment

2.5.2 Modelling TGF-B production in cells exposed to substrate stretch

Several experimental studies have permitted quantifying the mechanically-induced cellular
signalling of growth factor release. Hirakata ef al. (1997) measured mRNA expression for
TGF-B induced by cyclic mechanical stretch. In the study, cells were cultured and attached to
an elastic substrate subjected to mechanical strain with different amplitudes (5%, 10%, 15%
and 20%). They reported a relationship between the concentration of TGF-B mRNA expression

and the substrate strain amplitude (Figure 8).
1.4 .
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Figure 8. The relative amount of TGF-f mRNA for various mechanical tensile strain amplitudes, image
adapted with permission from Hirakata ef al. (1997).

The results were utilised in the current study to develop a linear fit of TGF-f expression as a

function of the substrate strain with the following equation:
TGF'B = ao Ssub + bo, (214)
where ag and bo were calibrated from a linear fit and Esu is the substrate strain.

A second linear relationship (Eqn. (2.15)) was developed from the FE model described in

section 2.5.1, between the computed averaged strain in the cell and the substrate strain.
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€cen = a1&syp + by, (2.15)

where a; and b; were calibrated from a linear fit.

Finally, Egs. (2.14) and (2.15) were combined to determine the amount of TGF-f mRNA

expressed in terms of intracellular strain.

TGF'B = azgcen + b2 ) (216)

where a> and b, were determined by elimination of Esyp in Eqns. (2.14 and (2.15).
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Figure 9. Secretion of TGF-B due to mechanical stretch. Analysis of the amount of TGF-f1 and TGF-
B3 mRNA produced after exposure of cells to mechanical stretch for 6, 12, 24 and 36 hours. The figure
was adopted from Hirakata et al. (1997).
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2.6 FE simulations and data analysis

A parametric study was conducted with various biomaterial injectate elastic modulus ranging
from Eiyj = 4.1 to 405,900 kPa (the complete list of values used is provided in Table 5). The
parametric study was designed to investigate the impact of injectate stiffness on the

deformation of the myocardium, the biomaterial injectate and the therapeutic stem cells.

The myofibre and cross-fibre strain were analysed in the BV model (healthy and infarcted
tissue). The deformations of the injectate region in the BV model were assessed by analysing

the minimum principal and maximum principal strains.

In the BV model (i.e. myocardium and injectate), the median strain was calculated for each
value of injectate elastic modulus. Furthermore, the strain distribution was also analysed and
presented in boxplots showing the distribution of mesh element strain around the median strain

value.
In the sub-model, a similar analysis was performed in the different regions:

e The biomaterial injectate
e The myocardium (infarcted tissue)

e Each cell (membrane, cytoplasm, and nucleus)

The following cellular strain computations were determined for all nine cells for each injectate

stiffness.

The mean values of the maximum principal strain and the minimum principal strain at the
integration points were determined for each tetrahedral element in the meshed geometry. These
mean values are referred to as element strain (see Eqn. (2.17)). The element strains were
recorded for each cellular component, i.e. membrane, cytoplasm and nucleus, at end-diastole
and end-systole for each of the eleven values of injectate elastic modulus (elastic modulus

values used can be found in Table 5). Nine cells were considered in the analysis.

The cellular strain data were presented in boxplots, showing the distribution of the volume-

averaged strain of nine cells locations for eleven injectate stiffnesses. Histograms are also
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reported to show the distribution of element strain within the geometries (the histograms are

not presented in the results section but are available as supplementary data).

For each element in the cell meshes, the mean element strain €element Was obtained from the

strain values at the integration points, i.e.

(2.17)

where & i is the strain at i integration point in the element (the models were defined with four

integration points).

The volume-averaged strain for each cell component was calculated from the previously

defined mean element strain as:

1 N (2.18)
8comp = v z Vigelementi )
i=1

where V is the total volume of the region considered, N is the total number of elements in the
considered cell component, vi is the volume of a single element 1, and €clement i 1S the mean

element strain from the integration points (i=1, 2, ..., N) calculated from Eqn. (2.17).

The mean strain of each cell component was calculated for each of the eleven injectate

stiffnesses as:

_ 1 v (2.19)
Scomp = H chomp:

i=1
Here, &comp 1s the volume-averaged in a cell component (comp = membrane, cytoplasm or
nucleus), n is the number of cells used in the sub-model (n =9 in the current study). The mean
strain in the whole cell, also referred to as group cell strain, was obtained from the mean strain

of the three cell components:
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1< (2.20)
c

Ecell = 8comp ’

i=1

where c is the number of cell components, i.e. three.

Descriptive statistical analysis was performed on the strain data to determine the normality

(Shapiro-Wilk normality test) and wvariability (SciPy, https:/scipy.org/ and NumPy,

https://numpy.org/). Data were presented using box and whisker plots (MatPlotLib, Python,

https://matplotlib.org/), indicating median and interquartile ranges..

Boxplots were used to assess the distribution of the numerical strain data and the skewness
with quartiles (or percentiles) and medians. For each region considered, a strain value
(maximum principle, minimum principle, myofibre or cross-fibre strain) was recorded per

element and ranked.
Five values were generally used to represent the data distribution:

e The lower quartile (Q1) is the limit where 25% of the data falls below

e The upper quartile (Q3) corresponds to a value in the data where 75% of fall on, thus
25% of values in the data are above

e The median is the mid-point of the ranked data. In the boxplot, the median is shown by
a line dividing the box into two parts. Hence, half of the strain data falls below or above
this value

e The minimum score is the lowest value excluding the outliers

e The maximum score is the highest value excluding the outliers

The upper and lower whiskers represent the scores outside the middle 50% (i.e. the lower 25%
and the upper 25% of the scores). The interquartile range (IQR) is the boxplot that shows the
middle 50% of scores (i.e. it ranges between the 25" and the 75" percentile). Boxplots are

compared using the IQR, medians, outliers and skewness.


https://scipy.org/
https://numpy.org/
https://matplotlib.org/
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Chapter 3 Results

The geometries, the developed FE and mathematical models, and the results from simulations
are presented in this chapter. The deformations in the myocardium (including the infarcted
tissue) are assessed for a range of injectate stiffness using the fibre and cross-fibre strain. The
maximum principal and minimum principal strains are reported for the injectate region in the
BV model and the sub-model. Additionally, the variability and distribution of strain within the

different models are presented using boxplots and histograms.

The impact of the injectate stiffness on the therapeutic cellular mechanics and signalling is

addressed.

3.1 Biventricular model of rat heart with LV infarct and

therapeutic injectate

3.1.1 Biventricular geometry and finite element model of the rat heart

A biventricular geometry was developed, comprising RV and LV cavities and capturing
essential details of the ventricular morphology (Figure 11). The biventricular model displayed
a detailed dispersion of the injectate within the LV free wall. The generated mesh comprised
206,142 quadratic tetrahedral elements (58,902 and 147,240 elements respectively for injectate
region and myocardium). The mesh density was heterogenous through the geometry. Along
the different regions, the mesh density varied from 3,852.3 to 302.8 elements/mm’,
respectively, from the injectate region to the myocardium. Thus, the mesh density increases

toward the injectate region in the biventricular model (see Figure 10).
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Coarse mesh

Fine mesh

Figure 10. Variation in mesh density within the myocardium region and from the myocardium to the
injectate. The mesh density increases toward the injectate geometry.

Left ventricle

Right ventricle

Biomaterial injectate

Figure 11. Biventricular geometry developed from pCT scan images in Simpleware. The LV, RV and
a detailed dispersion of injectate are shown.
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The alignment of the geometry with the long axis in the cardiac geometry is an essential
condition to get realistic results, particularly for truncated geometries considered in the current
study. The ventricular cavities (LV and RV) were not aligned with the long axis in the original
geometry (Figure 12a). A new orientation was obtained (Figure 12b), where the longitudinal
axis was aligned with the cavities. Compared with the original geometry, a difference in angle
of about 20° was observed. The myocardial wall thickness, the myocardial volume, and the
apex-base distance were compared for both geometries (see Table 7). The LV wall thickness
at the truncated base (measured radially to the wall surfaces) was smaller in the rotated

geometry compared to the original.

Figure 12. Rotation of the reconstructed rat heart geometry. The original geometry (a) and

oriented geometry were obtained by a rotation of 20°.

Table 7. Comparison between original and rotated biventricular heart geometry. Myocardial volume,
wall thickness and longitudinal length (distance base-apex).

Rotated geometry Original geometry
Myocardial volume (mm?) 1,451 2,534
LV wall thickness (mm) 4.69 -4.93 5.33-7.77
Septal Wall thickness (mm) 2.53-4.54 4.77 - 3.87
RV Free Wall thickness (mm) 1.74 -3.24 2.94-1.73
Apex-Base length (mm) 13.94 12.12
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3.1.2 Myocardial strain in the biventricular model and effect of injectate

stiffness

The typical distributions of myofibre and the cross-fibre strain in the BV model at end-diastolic
and end-systolic time points for an elastic modulus of the injectate of Ei,j = 73.8 kPa are
illustrated in Figure 13. The end-diastolic myofibre strain decreased from the endocardial to
the epicardial surface, as also reported in other studies (Costa et al. 1999, Takayama et al. 2002,
Waldman et al. 1988).

The deformation of the myocardium (healthy and infarcted tissue) was assessed through the

myofibre and cross-fibre strain.

The end-diastolic myofibre strain decreased from 3.5% to 1.0%, and the median cross-fibre
strain decreased in magnitude from -5.9% to -2.7% for increasing injectate stiffness (Figure
14). These changes in strain appear to be more pronounced in the low modulus region Eiyj =

4.1 to 738 kPa and only marginal for Ein; > 738 kPa.

At end-systole, the median myofibre strain decreased in magnitude from -20.4% to -11.8%,
with increasing elastic modulus. The median cross-fibre strain decreased from 6.5% to 4.6%
with an increasing elastic modulus with an intermittent marginal increase for Eiyj = 405.9 kPa

and 738.0 kPa (Figure 15).
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Figure 13. Short-axis and longitudinal contour plots showing myofibre strain (A-D) and cross-fibre
strain (E-H) in the BV model at end-diastolic (left column) and end-systolic time point (right column)

for Eiyj = 73.8 kPa. The strain in the injectate is not displayed (grey areas).
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Figure 14. End-diastolic myofibre (top) and cross-fibre (bottom) strain in the myocardium for different
injectate elastic modulus Eiyj = 4.1 kPa to 405,900.0 kPa.
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Figure 15. End-systolic myofibre (top) and cross-fibre (bottom) strain in the myocardium. The mesh-
elements strains values are reported for different injectate stiffness (Eiyj = 4.1 kPa to 405900.0 kPa).

3.1.3 Injectate deformation in the BV model and effect of the stiffness in a rat

heart biventricular model

The end-diastolic and end-systolic maximum and minimum principal strains were reported in

this section for the injectate region in the BV geometry. The median strains are presented to



58 Results

describe the averaged deformation in the injectate for different elastic moduli. Boxplots are

provided to analyse the variability in the mesh element strain data.

As a general observation, the magnitude (i.e. median), range (difference between the highest
and lowest element strain) and interquartile range of maximum and minimum principal strain
decreased considerably with increasing injectate stiffness for lower Eipj = 4.1 - 738 kPa.
However, it only decreased marginally for the higher Ei,j = 4,059 to 405,900 kPa, both at end-

diastolic and end-systolic time points.

At end-systole, the median maximum principal strain decreased from 38.5% to 0.06%, and the
median, minimum principal strain decreased in magnitude from -39.0% to -0.06% with

increasing injectate stiffness (Figure 16).

At end-diastole, the median maximum principal strain decreased from 5.4% to 0.001%, and
the median minimum principal strain decreased in magnitude from -5.4% to -0.001% for

increasing injectate stiffness (Figure 17).

The ratio of ES to ED value of median maximum principal strain ranged from 7.2 (for the
softest injectate) to 60 (for the stiffest injectate). The ES/ED ratio for the median, minimum

principal strain similarly ranged from 7.3 (for softest injectate) to 60 (for stiffest injectate).



3.1 Biventricular model of rat heart with LV infarct and therapeutic injectate

59

140

120

100

80

60

40

20

ES Maximum principal strain (%)

—-25

-50

-75

-100

-125

-150

ES Minimum principal strain (%)

-175

om

r—| 35.113
L]

21.359

6.247

=]
=]

o
i
= 4.397 j 1503

=

=]
=]
=]

11.018

o

jn.ns io.lu go.oso

— _ T §.326 L 4.547 - -1.555 __ -1.041 ___ -0.321 __ -0.197 - -0.062
; ;-15.109 _[ ! g
-19.873 o
[ | 38951 [} 34617 g 8 8
L - B
g8
Q
a
<]
[+]
41 74 40.6 73.8 405.9 7380  4050.0 7380.0 40590.0 73800.0 405900.0

Elastic modulus (kPa)

Figure 16. Box plot of end-systolic maximum and minimum principal strain in the injectate embedded

in the BV geometry.
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Figure 17. Box plot showing the end-diastolic maximum and minimum principal strain in the injectate
region within the BV geometry.
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3.2 Micromechanics of injectate and embedded cells in the

infarcted rat heart

The geometry and the deformations in the extracted block (sub-model) are reported in this
section. The micromechanics of the injectate and the embedded cells are investigated by

analysing the maximum principal and minimum principal strains.
3.2.1 Geometry of the developed sub-model and embedded cells

The sub-model block geometry developed in Simpleware comprised three domains, i.e.
myocardium, biomaterial injectate and idealised therapeutics cells. Nine cells were seeded in
the injectate region, each cell featuring the three main components of a cell (membrane,
cytoplasm, and nucleus, see Figure 18). The sub-model was meshed in Simpleware with
320,653 3D non-linear tetrahedral elements type. The dimensions of the sub-model block were
772 pm x 748 pm x 748 um. The outer cell diameter was 65 pum, membrane thickness was 5

um, and the nucleus diameter was 20 pm.
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Figure 18.(a) Sub-model geometry showing the biomaterial injectate (green), the myocardium (purple)
and (b) therapeutic cells (spherical shapes embedded within the injectate region). The cell geometry
shows membrane, cytoplasm, and nucleus. FE mesh of the microstructural geometry (sub-model)
showing (c) the maximum principle strain distribution in the block and (d) in a single cell.

3.2.2 Deformation of injectate in the sub-model

The maximum principal and minimum principal strain were presented at end-diastolic and end-

systolic time points for the injectate region in the sub-model geometry.

At end-diastole, the median maximum principal strain decreased from 6.5% to 0.9%, and the
median minimum principal strain decreased in magnitude from -7.3% to -0.9% with increasing

injectate elastic modulus of Eiyj = 4.1 to 405,900 kPa (Figure 19).
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At end-systole, the median maximum principal strain decreased from 43.8% to 1.4%, and the
median minimum principal strain decreased in magnitude from -38.0% to -1.5% with

increasing injectate elastic modulus (Figure 20).

The ES/ED ratio of the median maximal principal strain varied from 6.7 (for the softest
injectate, Einj = 4.1 kPa) to 1.6 (for the stiffest injectate Ei,j = 405,900 kPa). A similar decline
was observed for the ES/ED ratio of the minimum principal strain from 5.2 for the softest

injectate to 1.6 for the stiffest injectate.
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Figure 20. End-systolic maximum principal strain (A) and minimum principal strain (B) in the injectate
within the sub-model for different values of the injectate elastic modulus from 4.1 to 405,900 kPa. The

orange line in the box indicates the median strain value.

3.2.3 Deformation of cells embedded in the injectate

The deformation in the cell components was investigated by assessing the maximum and

minimum principal strains at end-systole and end-diastole for eleven injectate elastic modulus
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values Einj = 4.1 kPa to 405,900 kPa. The strain data are reported for nine cells. For each cell
component (membrane, cytoplasm, and nucleus), the volume-averaged strain distribution (for
the nine cells) is presented with the median and interquartile range at end-systole and end-
diastole since the data were not normally distributed according to Shapiro-Wilk normality tests.
The ES-ED median range of maximum and minimum principal strain is also reported,

reflecting the deformation range the embedded cells are exposed to during a cardiac cycle.

The end-systolic and end-diastolic maximum principal strain in the cell components decreased
for increasing injectate elastic modulus Eiyj = 7.4 kPa to 405,900 kPa. The decrease was more
pronounced for the lower injectate elastic modulus Einj = 7.4 kPa to 738 kPa compared to the

upper range of the injectate elastic modulus of Ejyj > 738 kPa. (Figure 21a,b,c).

The membrane displayed the highest strain compared to the cytoplasm and nucleus, which

(nucleus and cytoplasm) have similar strains (see Figure 21).

The ES-ED range of the median maximum principal strains decreased for increasing injectate

elastic modulus Eiyj = 7.4 kPa to 405,900 kPa (Figure 21d).

Similar observations were found for the minimum principal strain, which exhibited negative
(compressive) strain values. Here, the magnitude of the strain and the ES-ED strain range
decreased for Einj = 7.4 kPa to 738 kPa and levelled off for Ei,j > 738 kPa as observed for the

maximum principal strain, see Figure 22.

An increase in maximum and minimum principal strains at the end-systolic time point and
consequently the associated ES-ED strain ranges were observed for the increase of injectate

elastic modulus from Ei,j = 4.1 kPa to 7.4kPa.
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3.3 Mechanically induced TGF- B production of therapeutic

cells in the injectate

A model of the mechanically-induced production of TGF-f is presented to predict TGF-
mRNA expression in response to cellular deformations. First, results are shown from the finite
element model of single-cell stretching (described in section 2.5.1) to mimic the experimental
cell stretching study by Hirakata ef al. (1997). The deformations in the cell induced by the
substrate deformation are reported as maximum principal strain in the cell body and the focal
adhesions. Secondly, a mathematical model describing the TGF-f expression induced by the
substrate deformation is developed. Finally, a relationship is derived to express TGF-B

expression as a function of cell deformation.
3.3.1 Finite element modelling of single-cell stretching on an elastic substrate

An optimised finite element mesh with 7,697, 1,186, and 122,694 elements in the cell body,
focal adhesion and substrate, respectively, was selected following a mesh sensitivity study with

a maximum of 15% biaxial strain in the substrate (see Figure 23 and Figure 24).



3.3 Mechanically induced TGF- B production of therapeutic cells in the injectate 69

-11.94
—— Cell
-11.96
14.00
-11.98
-12.00
13.90
-12.02 —— cell
g g
£ —— FAs | £
E 9.60 E 7.40
0 ]
gg.fm '—:{ 7.60
7] ‘G
£ 9.20 £ 7.80
& [
9.00
E E 8.00
% 8.80 E
g 8%
14.20
14.20 21.95
14.20
-27.95
14.20
14.19
-27.96
200 200
Number of elements (x103) Number of elements (x103)
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Figure 24. Contour plots of maximum principal strain in the focal adhesions (a), cell body (b), and
substrate-cell assembly (c) from substrate biaxial strain of 15% for optimised mesh densities.
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The mean volume-averaged maximum principal strain in the cell body and focal adhesions
increased linearly with increasing substrate strain esu» = 5% to 20%, see Figure 25. The
relationship of the maximum principal strain in the cell with the substrate strain was

expressed as a linear function:

SCell = 0.84 SSub + 037, (31)

where €sub 1S the substrate strain ranging from 5% to 20%, and &cen is the mean volume-

averaged maximum principal strain in the cell body and the focal adhesions.
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Figure 25. Mean volume-averaged maximum principal strain in a single cell stretched on an elastic
substrate. The finite element model computed volume-averaged strain (red squares) is shown with the
strain predicted in the cell for increasing substrate strain with Eqn. (3.1) (solid line).

3.3.2 Mathematical modelling of mechanically-induced TGF-f expression

A linear fit of the relationship of the cell deformation with TGF-f3 expression was obtained
using experimental data by Hirakata et al. (1997) and the finite element results (from section

3.3.1).

Quantitative data of the TGF-f3 expression as a function of substrate strain were extracted from

Hirakata et al. (1997), Figure 3. Four data pairs were obtained, each corresponding to the
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substrate strain and the expression of TGF-B, see Figure 26. The linear function of TGF-$3

expression with substrate strain is given by:

[TGF-B] = 0.06 Eg,y, + 0.08, (3.2)
A TGF-B expression = ===== Linear (TGF-B expression)
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Figure 26. Linear fit of TGF-p mRNA expression in a stretched cell on an elastic substrate. The
experimental data of TGF-f mRNA expression (black triangles) and the linear fit (red dashed line) are
shown for increasing substrate strain gsu, = 5% to 20%.

The results from the finite element model and the mathematical model were used by combining
Eqgns. (3.1) and (3.2) to obtain TGF-p mRNA expression as a function of cell strain as shown
in Eqn. (3.3) and Figure 27:

[TGF-B] = 0.07 Ecey + 0.11, (3.3)
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Figure 27. Expression of mechanically-induced TGF-f mRNA versus mean volume-averaged

maximum principal strain in the cell.

3.3.3 Prediction of TGF- expression in cells embedded in the intramyocardial

injectate

The TGF-B mRNA expression of the cells embedded in the biomaterial injectate decreased
with increasing injectate stiffness. The expression of TGF-B in the injected cells was
determined using Eqn. (3.3) and the ES-ED ranges of maximum principal strain in the cells
(Figure 21d). However, considerable extrapolation beyond the strain range considered by
Hirakata et al. (1997) was required, and it was assumed that the linear relationship is valid in

the ES-ED strain range domain.
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TGF-B expression
N

=
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Figure 28. TGF-B mRNA expression in embedded cells versus injectate elastic modulus Ei,; = 4.1 kPa
to 405,900 kPa.
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Understanding the cellular signalling mechanism involved in the cardioprotective effect
following the intramyocardial injection of the therapeutic cells embedded in a carrier
biomaterial for MI treatments is critical for optimising the cell-based therapy. The present
computational study involved the development of computational models for cardiac mechanics
at different scales. The effect of the stiffness of the biomaterial injectate on the mechanics and
TGF-B expression of the injected cells during a cardiac cycle was shown using the developed
models. The findings demonstrate that variation of the injectate stiffness can be used to guide
deformation and associated biochemical signalling of cells embedded in the injectate. In
particular, the injectate with the low stiffness values investigated promise beneficial effects as
cell deformation is more sensitive to a change in stiffness compared to the higher stiffness

values.

4.1 Computational model of an infarcted rat heart with

biomaterial injectate

4.1.1 Biventricular geometry and finite element model of the rat heart with in

situ biomaterial injectate

Many cardiac computational modelling studies involving animal species used simplified

geometries to reduce the computation time and the data size (Dieudonné 1969, Wall e al. 2006,

Wenk et al. 2009). The current study was the first to reconstruct a subject-specific biventricular

geometry of a rat heart with a realistic dispersed biomaterial injectate for finite element
analysis. The model highlights details in the rat heart morphology and the micro-structural

injectate dispersion in the LV wall. This achievement was possible with advanced tools in
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computational and image processing. The details achieved in reconstructing the accurate

geometry resulted in a considerably higher and heterogeneous mesh density in the model.

The reconstruction of the biventricular geometry and the development of FE mesh adopted a
validated method developed in our research group, see Sack et al. (2018). Hence, a mesh

sensitivity study was not deemed necessary.

The high-performance computing (HPC) facility at the University of Cape Town was essential
to run simulations and, more importantly, for the feasibility of the parametric studies where

eleven different injectate stiffnesses were used.

4.1.2 Constitutive models of a rat myocardium and embedded injectate

Different strain energy density functions were used for the myocardial and injectate regions in
the model, contrary to studies that used the homogenisation approach to represent the

biomaterial injectate (Wall et al. 2006, Wenk et al. 2011). The meshed geometries

distinguished the myocardium and the injectate regions, treated separately with different
material properties. This approach considered the mechanical anisotropy in the myocardium,

which is not present in the injectate.

The passive myocardial material parameters used in the current study were adopted from
Duong et al. (2018), where the same animal model (rat) was used and, the parameters were
validated by comparing stress-strain curves with experimental data by Sirry ef al. (2016). The
active contraction in the healthy region of the BV myocardium was modelled with a validated

time-varying elastance model (Guccione et al. 1993). The parameters estimated by Guccione

et al. (1993) for the canine model have been used in several studies involving rats (Wise et al.

2016) and porcine (Sack et al. 2018) models.

4.1.3 Mechanics of infarcted rat heart

Therapeutic intramyocardial biomaterial injectates with different mechanical properties may
result in different biomechanical responses and cardiac functions of the infarcted heart. The
current study showed that an increasing elastic modulus (i.e. stiffness) of the biomaterial

injectate reduces the ES and ED strains in the myofibre and cross-fibre directions within the
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biventricular wall, including the healthy and infarcted regions.

In several studies that investigate the impact of injectates on the infarcted heart, a reduction in

the wall stress from non-treated to treated infarct was observed and identified as a critical factor

for ventricular biomechanical and function improvement (Kichula et al. 2014, Kortsmit et al.

2013a, Miller et al. 2013, Sirry 2015).

Additionally, increasing the injectate stiffness reduced cardiac ventricular wall stress (Kichula

etal. 2014, Sirry 2015). In the current study investigating the strain in the entire BV geometry,

the increase of the injectate elastic modulus led to reduced myofibre and cross-fibre strain in
the healthy region of the BV geometry. This finding may suggest that increasing the elastic
modulus of injectate for MI treatment may result in a mechanical beneficial effect by reducing

the myofibre and cross-fibre strains in the healthy region of the BV geometry.

4.1.4 Mechanical responses of the injectate

The biomaterial injectate is the environment of therapeutically delivered cells for MI treatment.
Thus, the mechanical response of the injectate is crucial for the mechanics and the associated

signalling of the embedded cells.

The current study showed that the response of the injectate depends on its stiffness. For

increasing injectate elastic modulus, the maximum and minimum principal strain decreased.

The upper range of the elastic modulus (Einj > 738 kPa) used in the study is unrealistic for PEG

hydrogels or other injectable biomaterials (Rizzi et al. 2006, Singelyn et al. 2012). However,

the current study aimed to explore the wide range of injectate stiffness and predict the injectate
response. It was shown that the deformations induced in the injectate are negligible from a

particular threshold of the injectate elastic modulus.
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4.2 Mechanics and mechanotransduction of cells in biomaterial

injectate delivered to the infarct region

One of the promising approaches to promoting regenerative processes in a damaged heart
following myocardial infarction is stem cell therapies. The goal is to produce cardiac-like cells,
initiate growth factor expression necessary for neo-vascularisation and angiogenesis or inhibit

cardiomyocyte death through paracrine signalling (Kocher et al. 2001, Shudo et al. 2013).

Despite the advances and the increasing number of studies dedicated to cellular and biomaterial
therapies, the mechanisms underlining the cardioprotective impact of injectates and cell-based

therapies remain unclear.

It is well established that cyclic mechanical loads in vivo and in vitro induce biochemical

responses in cells (Seko ef al. 1999, Shradhanjali ef al. 2017, Tian et al. 2016, Zheng et al.

2001). Bhang et al. (2010) showed that cyclic mechanical strain (i) promotes the expression of
cardiomyogenic markers in bone marrow-derived mesenchymal stem cells (BMMSCs) and (ii)

in combination with TGF- leads to enhanced expression of cardiac-specific genes.

The current study aimed to determine (i) the mechanics and associated TGF-} expression of
cells delivered with the biomaterial injectate and (ii) the effect of the mechanical injectate

properties on cellular signalling to guide the treatment and optimise the therapeutic benefit.

The study showed that delivered cells mechanics and associated signalling, e.g., TGF-$
expression, are more sensitive to stiffness changes in soft injectates than stiff injectates. These
findings suggest that the stiffness of soft injectates may be employed to guide the
cardioprotective effects in the infarcted heart in the context of treatment with deliverable

biomaterial.

4.2.1 Microstructural finite element modelling

The sub-modelling approach used in the current study connected the BV model (at the tissue
level) to a microscale structural model (sub-model at the cellular scale) and allowed a transition
from BV mechanics to cellular micromechanics. The sub-modelling method was adopted from

Sirry (2015), who extended 2D mask of histological images to obtain the 3D geometry of the
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the infarct region

myocardium and injectate sub-model composite. The current study used a similar approach to
derive the microstructural sub-model geometry. However, the 3D geometry was obtained from
resampling the BV model, offering a more realistic microstructure representation. Furthermore,
the resolution of the original uCT scan images provided sufficient details in the microstructure

to consider cellular dimensions in the injectate region.

The microstructural block model was obtained by resampling the biventricular geometry, and
it captured fine morphological details of the injected biomaterial, infarcted tissue, and cells
embedded in the injectate. The resampling consists of downscaling the spacing parameters in
X, Yy, and z-directions in the image set. Correct spacing in x, y and z was required to obtain
realistic geometry and preserve the original morphologies. More importantly, the spacing must
be small enough to generate cell geometries and meshes representing the cellular component
with several mesh layers. This precaution was specifically important for the cell membrane that

is the thinnest structure (thickness 3 to 5 pm).

4.2.2 Micromechanics of the injectate

The mechanical properties of the deliverable biomaterial are a crucial factor for successful cell
therapy because the delivered cells reside in the injectate. The injectate provides mechanical
support to the impaired tissue to inhibit the adverse remodelling. The biomaterial injectate
further serves as a physical environment for the therapeutic cells and prevents them from
flowing out of the region of interest. The sub-model study showed the impact of injectate
stiffness on its deformation at a microscopic length scale, namely the decrease in strain in the
injectate for increasing Eiy;. Similar observations were reported by Sirry et al. (2015), where
stiffer injectate resulted in less deformation within an acellular injectate region of the sub-
model. The agreement of these findings confirms the appropriateness of the size and location

of the representative volume element as a sub-model.

4.2.3 Cell mechanics in the biomaterial injectate

To the author's knowledge, this study is the first to use a computational approach to investigate

therapeutically injected cell mechanics and the associated signalling for MI treatment. It was
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found that the cells’ ES and ED strain, respectively, and the associated ES-ED strain range
decreased for increasing injectate stiffness. Moreover, it was observed that the cell mechanics
was considerably more sensitive to environmental stiffness changes for soft injectates (with

Einj < 738 kPa) than stiff injectates (with Eiyj > 738 kPa).

During a cardiac cycle and the related myocardial deformations, the cells embedded in the
injectate are exposed to the strain range between end-systole and end-diastole. The deformation

in the injectate is transferred to the embedded cells and controls their mechanical responses.

In contrast to the decrease in cellular deformation observed for an increase of the injectate
modulus of Eiyj > 7.4 kPa, an increase in cell strain was observed for the increase of injectate
stiffness from Einj = 4.1 kPa to 7.4 kPa. This contrasting cell behaviour may reveal a threshold
of the injectate stiffness at which the mechanical response of the cells changes. This change
may be explained when considering the elastic modulus of the cell, i.e. the cellular components,
namely E=1.7, 8 and 5 kPa for the membrane, cytoplasm and nucleus, respectively. The softest
injectate with Einj = 4.1 kPa used in the study has, as such, a lower elastic modulus than the
bulk of the cellular structure (i.e. cytoplasm and nucleus). The softest injectate will transfer a
smaller deformation to the cells than the injectate with the next higher elastic modulus of

Einj = 7.4 kPa closer to the elastic modulus of cytoplasm and nucleus.

The strain distribution in the cellular components exhibited a near-uniform distribution,
providing little information about the variability in cellular deformation depending on the

location of the cells in the injectate.

4.2.4 Single-cell model for TGF-p expression induced by biaxial stretching

Several computational studies investigated cell mechanics in stretching experiments, focusing

on the role of focal adhesion or the effect of substrate stiffness (Abdalrahman et al. 2017, Kohn

et al. 2019). The experimental cell stretching study performed by Hirakata et al. (1997) and its
implementation in the finite element model in the current study revealed a linear increase in
cell strain for increasing substrate strain. Similar results were reported by Abdalrahman et al.
(2017), where the global deformation of a single cell increased linearly for an increasing

substrate strain.
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the infarct region

A FE model allows predicting the deformation within a cell from a measurable substrate
displacement, which is difficult to measure and was not provided by the experiments done by
Hirakata et al. (1997). This FE approach can be transferred to the cellular and intracellular
deformation induced by the injectate deformation as a three-dimensional cellular environment

(discussed in the previous section).

In the current study, the mathematical model developed from the experimental work by
Hirakata et al. (1997) showed a linear increase of TGF-B with an increase in biaxial substrate
strain (5 to 20% biaxial strain). The results of the finite element model associated with the
mathematical model demonstrated a linear relationship between the cell strain and the

expression of TGF-p.

4.2.5 Mechanically-induced TGF-p expression of cells embedded in the

intramyocardial biomaterial injectate

The developed mathematical model for strain-induced TGF-f expression in cells allowed to
determine the cellular TGF-f expression in response to the deformation underwent by
therapeutic cells in an intramyocardial injectate during a cardiac cycle (i.e. ES-ED strain

range).

A study by Bhang et al. (2010) confirmed the expression of TGF- based on cellular
mechanics. The current study revealed a higher sensitivity of TGF- expression to a change in
the environmental stiffness for low injectate stiffnesses (Einj < 738 kPa) compared to high
injectate stiffnesses (Einj > 738 kPa). These observations agreed with several studies that report

the effect of cyclic mechanical stimuli on growth factor expression (Bhang et a/l. 2010, Kichula

etal 2014).

The developed model allowed to identify a range of injectate stiffness susceptible to optimise
the cellular mechanics and the production of TGF-f necessary for regenerative signals and neo-

vascularisation in the damaged tissue.
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The injectate stiffness affects the injectate deformations, which guide the deformations in the
injected cells. Based on these results, injectate stiffness plays an essential role in the cellular
growth factor expression in therapeutic intramyocardial injectates and cardioprotective

signalling in the infarcted heart.
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5.1

Conclusions and novel aspects

This study aimed to (i) develop computational models for predicting the mechanics and

associated signalling of cells delivered in a carrier biomaterial intramyocardially for the

treatment of myocardial infarction, and (i1) demonstrate the feasibility of the developed models

to investigate and optimise therapeutic cell therapies for myocardial infarction. The following

objectives were defined to achieve these aims:

1)

2)

3)

4)

S)

To develop a 3D subject-specific biventricular geometry of a rat heart with a left
ventricular infarct and biomaterial injectate.

To develop a small mid-wall volume of the infarcted LV region (sub-model) with
microstructural details of the infarcted tissue and interlaced biomaterial injectate,
representing a micro-environment for the delivered cells (microscopic scale).

To develop a finite element model of a single cell with an idealised spherical geometry.
The three-component cellular model will represent the cell membrane, the cytoplasm
and nucleus with different material properties.

To investigate the relationship between computationally predicted deformation and
related biochemical responses of the cells, e.g. VEGF or TGF-f production, based on
existing experimental data on GF production in stretched cells.

To employ the developed methods and models to investigate the effect of treatment

parameters on cellular signalling and therapeutic benefit.

All objectives were achieved, and the previous chapter presented the outcomes. The sections

below summarise the study's findings and novel aspects for the objectives. The relevant results

are emphasised, and recommendations are made based on limitations in the methods and

models developed.
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5.1.1 Biventricular model of rat heart with infarct and biomaterial injectate

(objective 1)

A 3D biventricular geometry of an infarcted rat heart with infarct and biomaterial injectate in
the left ventricular free wall was reconstructed from ex vivo pCT data. The developed model
featured a realistic representation of the biomaterial delivered one week after infarct induction
into the infarct region. The reconstructed geometry was used to develop a subject-specific finite
element model of an infarcted rat heart with biomaterial injectate and investigate the effect of

the injectate stiffness on ventricular and injectate mechanics.

The end-systolic and end-diastolic myofibre and cross-fibre strain in the ventricular walls and
maximum and minimum principal strain in the biomaterial injectate decreased in magnitude

with increasing injectate stiffness.
These findings fulfilled objective 1 and contributed to objective 5 of the current work.

Novelty: This is the first computational study that (a) generated and used a high-resolution
microstructurally detailed geometry of an in sifu biomaterial injectate in a biventricular
geometry, and (b) fundamentally assessed the effect of injectate stiffness with 11 values of the

biomaterial elastic modulus between 4.1 and 405,900 kPa.

5.1.2 Microstructural modelling of myocardium, injectate and cells (objective 2)

A microstructural finite element model with geometrical details of myocardium and
biomaterial injectate at cellular length scale was developed from the ex vivo nCT data to
investigate the tissue and injectate micromechanics and the role of cell mechanics in a therapy
that utilises stem cells delivered in a biomaterial for MI treatment. The geometry represented a
mid-wall region of 748 pm x 748 pm x 722 pum in the infarcted LV free wall with infarcted
myocardium and biomaterial injectate. Boundary displacements of the mid-wall region during
a cardiac cycle were obtained from the biventricular FE model and applied to the
microstructural model, connecting organ/tissue scale to tissue/cellular length scale. The

developed model predicted a reduction in ES and ED maximum and minimum principal strain
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in the injectate with an increase in the injectate stiffness. This reduction was most pronounced

for soft injectates with Eiyj up to 405.9 kPa.

This approach provided the framework to investigate the mechanics of cells delivered within a
therapeutic biomaterial for MI treatment. The results are essential for predicting and
understanding the mechanical responses underwent by stem cells carried in the therapeutic

biomaterial.
These outcomes fulfilled objective 2 of the current study.

Novelty: The ex vivo pCT of the infarcted rat heart with biomaterial injectate provided a
detailed microstructural geometry, a finite element model of the infarcted myocardium, and a
dispersed biomaterial. In the only prior study of Sirry et al. (2015), the injectate geometry was
based on cryo-light microscopy imaging with a lower resolution, particularly along the

longitudinal direction.

5.1.3 Mechanics of cells embedded in intramyocardial injectates (objective 3)

Cell geometries were developed and incorporated at random locations in the injectate region
of the microstructural finite element model (described in the previous section). The model was
employed to investigate the mechanical response of intramyocardially injected cells in the
infarcted heart during a cardiac cycle. The biventricular and microstructural finite element

models were coupled to transfer deformation from organ and tissue to cellular scale.

The ES-ED strain range analysis revealed that the maximum cellular deformation was obtained
for Einj = 7.4 kPa. This elastic modulus was similar to that of cytoplasm and nucleus of the
stem cells in the injectate. The cellular strain decreased both for decreasing and increasing
injectate stiffness. The variation of cellular strain was considerably higher for soft injectates

with Eiyj up to 405.9 kPa than for stiff injectates with an elastic modulus of 738 kPa and above.

The model and findings provide input for investigating the deformation-induced biochemical

responses in therapeutic cells, i.e. cellular signalling induced by external mechanical forces.

This work fulfilled objective 3 and contributed to objective 5.
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Novelty: The current study is the first to quantify the cellular mechanical response in a
therapeutic biomaterial injectate environment for myocardial infarction treatment. The
developed models will help predict cellular mechanical responses for biomaterial-based

therapies for myocardial infarction.
5.1.4 Mechanically driven cell signalling (objective 4)

Mathematical formulations were developed by coupling a finite element model for single-cell
stretching and a cell stretching experimental data from the literature to investigate the
relationship between the deformation of the delivered stem cells and the mechanically induced

cellular signalling.

A mathematical formulation for cellular TGF- expression in response to substrate strain was

developed from experimental data from a study by Hirakata et al. (1997).

A single-cell finite element model on an elastic substrate was developed to link intracellular
deformation to substrate strain. Displacement boundary conditions were applied to the
substrate to generate biaxial strains up to 20%, mimicking Hirakata et al. (1997) experiments

on cellular TGF-B expression induced by substrate strain.

The coupling of the two mathematical relationships formulations linked cellular TGF-

expression to intracellular deformation during a cell stretching experiment.
This work fulfilled objective 4 of the study.

Novelty: The developed mathematical model for single-cell strain-induced TGF- expression
addresses the knowledge gap on the biochemical response of cells in response to external

forces.

5.1.5 Cellular signalling of stem cells in therapeutic biomaterial injectates

(Objective 5)

The combination of the methods and models developed, i.e. BV model, microstructural FE
model and mathematical model of mechanically-induced cellular TGF-f expression, provides

a computational platform to investigate and guide biomaterial and cell therapies for MI.
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Linking the mathematical relationship between intracellular deformation and TGF-
expression to the parametric study on the effect of injectate stiffness on mechanics of the stem
cells embedded in the injectate enables prediction of cellular signalling of therapeutically

delivered cells.

The effects of the delivered biomaterial (and cells) on the heart function need to be considered

in the computational platform to harness its full potential in guiding therapy development.

The platform offers a wider scope on therapeutic biomaterial and cell injections for MI and
other cardiac conditions, e.g. heart failure, e.g. timing of injection after infarction and cellular

expression of other biochemical factors.

Novelty: The platform offers for the first time an integrated computational method of assessing
the mechanobiological effects of biomaterial and cell therapies in the heart, i.e. the mechanical

support by the biomaterial injectate and the cardioprotective signalling of the delivered cells.

5.2 Limitations and recommendations

In the current study, the methods and models were developed with some assumptions for
simplicity or lack of data. The present section aims at (i) highlighting the main limitations of
the developed models and (ii) providing recommendations that can contribute to the
amelioration of the developed models’ outcomes and help to guide decisions in the design of

therapies based on biomaterial injectate and stem cells for M1 treatment.

5.2.1 Biventricular model development

The developed model exhibited fine details of the myocardium and the injectate morphologies.
However, the truncated geometry with the boundary conditions defined at the base can be
enhanced with a simplified circulatory system, including systemic arteries, systemic veins, and
a pulmonary circuit, as described by Sack et al. (2018). Furthermore, the heart upper chambers

and valves can also be incorporated.
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The implementation of fibre orientation in the current subject-specific biventricular geometry
used a rule-based approach consisting of a generalised mathematical formulation that was not
subject-specific. An experimentally based implementation of the subject-specific fibre
orientation with DT-MRI or a visualisation tool is recommended when data are available to

improve the fibre structure representation in the model.

The current study did not define contact properties or interaction between different interfaces,
i.e. myocardium-injectate and injectate-therapeutic cells. A continuous mesh was generated
from the myocardium to the injectate resulting in fixed contact properties between these two
regions. The contact definitions in the model may be revised to more realistically represent the
interface mechanics. However, experimental characterisation of these interactions will be
required to provide supplementary information to the description of contact properties between

the different regions in the models.

The developed biventricular model used a single cardiac cycle because the focus of the research
was on cellular mechanics. However, more than one cycle is recommended for future work to

ensure reasonable consistency in the deformations undergone by the myocardium.

Furthermore, the mechanical model was mainly based on the solid domain of the heart. It would
be more accurate to consider the fluid flow and the interaction with the myocardium in addition

to the solid deformations that the cardiac tissue undergoes.

5.2.2 Micromechanics and structure of cells embedded in intramyocardial

therapeutic biomaterial injectate

The described micromechanics of the therapeutically injected cells was based on assumptions
that introduced limitations in the model. The main assumptions were made on the cell

geometry, the membrane thickness and the cell mechanical properties.

The in silico representation of the embedded cells was considerably detailed due to the high
resolution of the original pCT images. However, morphological details can be lost with the
approach of idealised spheres to mimic the realistic behaviour of the therapeutically injected

stem cells.
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The membrane thickness used in the model (5 um) was based on the limitations in the
resolution of the software used to develop the cellular geometry(Simpleware). A possible way
to improve is to add the membrane structure separately to the cytoplasm-nucleus geometry,
exported from Simpleware (e.g. wrapping shell envelope around the cytoplasm using

Abaqus/CAE (Abaqus 6.14-3, Dassault Systémes, Providence, RI, USA).

Previous studies (Abdalrahman et al. 2017, Kohn et al. 2019) used shell elements to illustrate

the considerably small thickness of the membrane compared to the nucleus and the cytoplasm.
Even though the effect of mesh element type has not been investigated, it can be a source of
discrepancies in the final results. A further mesh sensitivity study is recommended to quantify

the effect of mesh type and decide the optimised element type.

The numerical cell seeding algorithm placed cells randomly in the entire volume of the
microstructural model (sub-model). Of the 15 cells seeded, six were not used for the
mechanical analysis due to their location in the tissue domain and vicinity of model boundaries
and interfaces. Expanding the seeding algorithm to monitor the location of the cells can give
more control over the seeding process and the number of cells available for analysis. Moreover,
the number of cells used in the injectate region did not represent a realistic cell density in cell-
based therapies for impaired cardiac tissue. An expansion to a larger cell number will improve

the representation of in vivo conditions.

A further extension of the cell seeding can be directed, rather than random, cell placement to
determine the impact of cell locations on their mechanics and therapeutic signalling. One can
then consider cells grouped far from or dispersed and closed to the injectate-myocardium
interfaces. Such an extended study can help design cell patterns within the injectate at the

culture stage and when targeted spatial delivery into the heart becomes available.

The cellular components were treated as isotropic and compressible materials with Neo-
Hookean strain energy density functions. The constitutive equations did not consider the active
processes involved in the cell (actin polymerisation and depolymerisation). Including these
dynamic cytoskeletal processes will allow assessing the medium- and long-term structural

responses of cells.
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5.2.3 Mechanically-driven cell signalling and the application at the organ level

The data of mechanically-induced growth factors production available in the literature are

commonly from experiments performed for several hours (Zheng et al. 2001). Thus, the

kinetics of TGF-f expression was not considered in the current model because the time scale
was beyond that of biochemical reactions involved in signalling pathways (order of
microseconds). A quantitatively accurate model will require information on the entire

biochemical pathway of TGF-f in mesenchymal stem cells.

More growth factors and other biochemical factors can be included to extend the application
of the current work, such as VEGF, known for its role in the neovascularization of the damaged

tissue and responsible for new vessel formations in the infarcted tissue.

The sub-model predicted deformations of therapeutic cells embedded in the injectate beyond
the strain range obtained from the experiment by Hirakata et al. (1997). Employing the
developed relationship of the deformation-induced cellular TGF-3 expression was based on the
assumption that the relationship is valid beyond the experimental strain range. Further
investigations or experiments are needed to confirm the validity of the linear increase in TGF-3

expression in the ES-ED strain range covered in the cell deformation at the cellular scale.

The predicted variations in TGF-f3 expression were based on experiments with non-cardiac
cells and as a function of stretch. However, several cardiac cells express and are regulated by
TGF-B, which in turn is not only regulated by strain but also by stiffness and composition of
the ECM and signalling ligands like angiotensin II. Therefore, multiple sources of TGF- 3

regulation need to be considered to improve the model further.

5.2.4 Optimisation of biomaterial and cell injection treatment

The effect of the biomaterial injectate on the ventricular function of the infarcted heart has not
been considered in the current study. However, functional improvement is important for
optimising biomaterial and stem cell-based therapy for MI. The current work should be
extended to investigating and optimising biomaterial and cell injectates to enhance

mechanically-induced signalling and ventricular functions.
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Publication plan for this PhD research

Two manuscripts are in preparation for publication:

e The first manuscript on “Mechanics of a biomaterial injectate in a computational model
of a rat ventricular geometry” (Sections 3.1 and 3.2).
e The second manuscript on “Cell mechanically-induced signalling in the context of a

treatment for myocardial infarction” (Sections 3.3, 3.4 and 3.5).
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Data availability

The data supporting this thesis can be accessed on the University of Cape Town’s institutional

data repository (ZivaHub) under the doi https://doi.org/10.25375/uct.17430287 from 1 March

2023 or upon request.
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Appendix A Strain distribution-descriptive statistics

values

ES myofibre and cross-fibre strain in biventricular model

App Table 1. Statistical values of the ES myofibre strain distribution in the healthy and infarcted

myocardium
MYOFIBRE STRAINS
Eing Mean Median Q1 Q3
4.059 -18.56 -20.37 -23.49 11.27
7.38 -18.40 -20.10 -23.29 10.98
40.59 -17.37 -18.64 -22.18 10.45
73.8 -16.86 -17.94 -21.67 10.27
405.9 -15.26 -16.11 -20.39 9.94
738 -14.63 -15.53 -20.06 9.87
4059 -12.91 -13.94 -19.28 9.78
7380 -12.40 -13.47 -19.04 9.80
40590 -11.42 -12.49 -18.57 9.93
73800 -11.04 -12.00 -18.32 9.99
405900 -10.89 -11.76 -18.59 10.42
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Strain distribution-descriptive statistics values

App Table 2. Statistical values of the ES cross-fibre strain distribution in the healthy and infarcted

myocardium
CROSS-FIBRE STRAINS
Eing Mean Median Q1 Q3
4.059 5.01 6.47 | -0.62 12.26
7.38 4.70 6.06 -0.88 11.80
40.59 4.08 5.53 -1.72 11.04
73.8 4.18 5.46 -1.67 11.17
405.9 5.00 5.73 -1.05 12.21
738 5.21 5.79 -0.86 12.51
4059 5.40 5.58 -0.84 12.96
7380 5.37 5.47 -0.91 13.01
40590 5.03 5.00 -1.33 12.82
73800 5.01 4.97 -1.41 12.86
405900 4.57 4.58 -1.86 12.36
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ED myofibre and cross-fibre strain in biventricular model

App Table 3. Statistical values of the ED myofibre strain distribution in the healthy and infarcted

myocardium
MYOFIBRE STRAIN
Eing Mean Median Q1 Q3
4.059 3.85 3.55 1.31 6.25
7.38 3.81 3.44 1.22 6.32
40.59 3.40 2.69 0.79 5.88
73.8 3.21 2.39 0.63 5.60
405.9 2.72 1.68 0.25 4.94
738 2.59 1.48 0.15 4.77
4059 2.35 1.14 -0.03 4.40
7380 2.30 1.10 -0.05 4.33
40590 2.20 1.02 -0.08 4.19
73800 2.16 1.00 -0.12 4.13
405900 2.18 1.12 -0.18 4.21
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Strain distribution-descriptive statistics values

App Table 4. Statistical values of the ED cross-fibre strain distribution in the healthy and infarcted

myocardium
CROSS-FIBRE STRAINS
Eing Mean Median Q1 Q3
4.059 -7.46 -5.96 -11.00 -2.99
7.38 -7.32 -5.71 -11.00 -2.72
40.59 -6.62 -4.78 -10.02 -1.90
73.8 -6.34 -4.45 -9.60 -1.62
405.9 -5.68 -3.60 -8.64 -0.98
738 -5.53 -3.37 -8.45 -0.79
4059 -5.23 -2.95 -8.12 -0.44
7380 -5.16 -2.87 -8.06 -0.37
40590 -5.01 -2.75 -7.92 -0.25
73800 -5.00 -2.68 -7.93 -0.21
405900 -4.81 -2.89 -7.49 -0.12
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ES maximum and minimum principal strain in injectate of

biventricular model

App Table 5. Statistical values of the ES maximum strain distribution in the injectate in the BV model

MAX PRINCIPAL STRAIN

Eing Mean Median Q1 Q3

4.059 38.527 38.527 30.665 49.836
7.38 35.113 35.113 27.969 45.331
40.59 21.359 21.359 16.176 27.217
73.8 16.173 16.173 12.101 20.750
405.9 6.247 6.247 4.626 8.497
738 4.397 4.397 3.174 6.151
4059 1.503 1.503 0.996 2.283
7380 1.018 1.018 0.653 1.583
40590 0.316 0.316 0.188 0.545
73800 0.194 0.194 0.114 0.351
405900 0.060 0.060 0.033 0.117
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Strain distribution-descriptive statistics values

App Table 6. Statistical values of the ES minimum strain distribution in the injectate

MIN PRINCIPAL STRAIN

Eing Mean Median Q1 Q3
4.059 -38.951 -38.951 -54.549 -28.447
7.38 -34.617 -34.617 -48.272 -25.651
40.59 -19.873 -19.873 -27.509 -14.752
73.8 -15.109 -15.109 -20.536 -11.296
405.9 -6.326 -6.326 -8.983 -4.620
738 -4.547 -4.547 -6.583 -3.232
4059 -1.555 -1.555 -2.408 -1.036
7380 -1.041 -1.041 -1.658 -0.684
40590 -0.321 -0.321 -0.556 -0.192
73800 -0.197 -0.197 -0.356 -0.116
405900 -0.062 -0.062 -0.123 -0.03
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ED maximum and minimum principal strain in injectate of

biventricular model

App Table 7. Statistical values of the ED maximum principal strain distribution in the injectate of the
BV model

MAX PRINCIPAL STRAIN

Eing Mean Median Q1 Q3
4.059 5.360 5.360 2.962 8.037
7.38 4.024 4.024 2.149 6.210
40.59 1.484 1.484 0.782 2.576
73.8 0.995 0.995 0.527 1.811
405.9 0.312 0.312 0.162 0.643
738 0.215 0.215 0.108 0.452
4059 0.072 0.072 0.034 0.152
7380 0.047 0.047 0.022 0.099
40590 0.011 0.011 0.005 0.024
73800 0.007 0.007 0.003 0.014
405900 0.001 0.001 0.001 0.003
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Strain distribution-descriptive statistics values

App Table 8. Statistical values of the ED minimum strain distribution in the injectate

MIN PRINCIPAL STRAIN

Eing Mean Median Q1 Q3
4.059 -5.419 -5.419 -8.615 -2.994
7.38 -3.948 -3.948 -6.524 -2.122
40.59 -1.367 -1.367 -2.495 -0.731
73.8 -0.914 -0.914 -1.698 -0.476
405.9 -0.298 -0.298 -0.600 -0.156
738 -0.207 -0.207 -0.426 -0.106
4059 -0.072 -0.072 -0.145 -0.035
7380 -0.047 -0.047 -0.094 -0.023
40590 -0.011 -0.011 -0.023 -0.005
73800 -0.007 -0.007 -0.014 -0.003
405900 -0.001 -0.001 -0.003 -0.001
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Appendix B Box plots strain distribution in cells

(sub-model)

Description of data presentation

From section 0 to 0, the cell’s and its components (membrane, cytoplasm, and nucleus) volume-
averaged end-systolic and end-diastolic maximum and minimum principal strains are reported
in boxplots. Each boxplot presents the distribution of volume-averaged strains of nine cells and
the mean values. These plots are repeated for each of the 11 values of the injectate elastic

modulus.

Deformation in entire cell

At end-diastole, the group cell strain maximum principal strain decreased from 7.3% to 3.2%,
and the minimum principal strain decreased in magnitude from -7.6% to -2.6% (App Figure 1

B) for increasing injectate stiffness.
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App Figure 1. End-diastolic cell deformation: Volume average maximum principal strain (A) and
volume average minimum principal strain (B) in the cells for different injectate stiffnesses. Each

boxplot displays the distribution of nine cells volume-averaged strain values (mean of membrane,

cytoplasm, and nuclei volume averaged strain). The volume-averaged strain was calculated for each

cell component. The mean was then calculated over the three cell components and the nine cells (the
formula is provided in Eqn. (2.20)).
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At end-systole, the group cell strain maximum principal strain decreased from 50.2% to 3.3%
(App Figure 2 A), and the minimum principal strain decreased in magnitude from -40.2% to -

3.7% (App Figure 2 B) from the lowest to the highest injectate stiffness.
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App Figure 2. End-systolic cell deformation: maximum (A) and minimum (B) principal strain in the
cells for different injectate stiffnesses. Each boxplot displays the distribution of nine cells' volume-
averaged strain values (mean of membrane, cytoplasm, and nuclei volume averaged strain). The
volume-averaged strain was calculated for each cell component. The mean was then calculated over the
three cell components and the nine cells (the formula is provided in Eqn. (2.20)).
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Deformation in cytoplasm

The distribution of the volume-averaged strain in the cytoplasms is presented in boxplots with
the mean of the nine cytoplasms strain displayed with an orange line. The mean end-diastole
maximum principal strain value in the cytoplasms decreased from 4.3% to 2.0% for an
increasing injectate stiffness (App Figure 3 A). The mean end-diastolic minimum principal
strain increased from -4.6% to -1.6% for an increasing injectate stiffness (App Figure 3 B). The
end-systolic maximum and minimum principal strain decreased from 30.4% to 2.0% (App

Figure 4 A) and increased from -25.2% to -2.3% (App Figure 4 B), respectively.
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App Figure 3. End-diastolic cytoplasmic deformation: maximum (A) and minimum (B) principal strain
in the cytoplasm for different injectate stiffnesses (from 4.1 kPa to 405,900.0 kPa). For each value of
injectate stiffness, a boxplot is presented to display the distribution of averaged strain values from
different cells (nine cytoplasms volume-averaged strain in this graph). The orange line in the box
indicates the mean value overs all nine cells.
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App Figure 4. End-systole cytoplasmic deformation: maximum (A) and minimum (B) principal strain
in the cytoplasm for different injectate stiffnesses (from 4.1 kPa to 405,900.0 kPa). For each value of
injectate stiffness, a boxplot is presented to display the distribution of averaged strain values from
different cells (nine cytoplasms volume-averaged strain in this graph). The orange line in the box
indicates the mean value overs all nine cells.
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Deformation in cell membrane

The distribution of volume-averaged strain in all nine cells was shown in boxplots for eleven
injectate stiffness values in the membranes. The variation of the mean (the mean shown with
an orange line in the box) was reported. The end-diastole maximum and minimum principal
strain decreased from 11.9% to 4.7% (App Figure 5 A) and increased from -11.9% to -3.6%
(App Figure 5 B), respectively. The end-systole mean maximum and minimum principal strain
decreased from 81.8% to 4.8% (App Figure 6 A) and increased from -59.8% to -5.2% (App
Figure 6 B), respectively.
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App Figure 5. End-diastolic membrane deformation: maximum (A) and minimum (B) principal strain
in the cellular membrane for different injectate stiffnesses (from 4.1 kPa to 405,900.0 kPa). For each
value of injectate stiffness, a boxplot is presented to display the distribution of averaged strain values
from different cells (nine membranes volume-averaged strain in this graph). The orange line in the box

indicates the mean value overs all nine cells.
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App Figure 6. End-systole membrane deformation: maximum (A) and minimum (B) principal strain in
the cellular membrane for different injectate stiffnesses (from 4.1 kPa to 405,900.0 kPa). For each value
of injectate stiffness, a boxplot is presented to display the distribution of averaged strain values from
different cells (nine membranes volume-averaged strain in this graph). The orange line in the box

indicates the mean value overs all nine cells.
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Deformation in nucleus

The distribution of volume-averaged strain in nine cells was shown in boxplots for eleven
injectate stiffness values in the nucleus. The maximum and minimum principal strain values
decreased from 5.9% to 2.8% (App Figure 7 A) and increased from -6.8% to -2.5%,
respectively (App Figure 7 B). The end-systolic mean value of the maximum and minimum
principal strain in nuclei decreased from 38.5% to 3.0% (App Figure 8 A) and increased from

-35.4% to -3.5% (App Figure 8 B), respectively.
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App Figure 7. End-diastolic nuclear deformation: maximum (A) and minimum (B) principal strain in
the cell nucleus for different injectate stiffnesses (from 4..1 kPa to 405,900.0 kPa). For each value of
injectate stiffness, a boxplot is presented to display the distribution of averaged strain values from
different cells (nine nuclei volume-averaged strain in this graph). The orange line in the box indicates
the mean value overs all nine cells.
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App Figure 8. End-systole nuclear deformation: maximum (A) and minimum (B) principal strain in the

cell nucleus for different injectate stiffnesses (from 4.1 kPa to 405,900.0 kPa) in nuclei. For each value

of injectate stiffness, a boxplot is presented to display the distribution of averaged strain values from

different cells (nine nuclei volume-averaged strain in this graph). The orange line in the box indicates

the mean value overs all nine cells.
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App Table 9. Statistical analysis for cell components.

Parameters | ED maximum | ED minimum ES maximum | ES minimum
principal principal strain principal principal strain
strain strain

Cytoplasm

K 24.73 25.37 78.73 77.69

p 0.0059 0.0047 8.92x10°1? 1.42x10712
Membrane

K 27.38 29.11 79.17 78.51

p 0.0022 0.0012 7.28x107"3 9.81x10713

Nucleus
K 25.35 24.05 78.45 77.16
p 0.0047 0.0074 1.01x10712 1.85x107!2

K = chi-square value quantifying how different group of data are, p = p-value
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