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Abstract

Cardiovascular diseases are the main cause of death worldwide. The single biggest killer is

represented by ischemic heart disease. Myocardial infarction causes the formation of non-

conductive and non-contractile, scar-like tissue in the heart, which can hamper the heart’s

physiological function and cause pathologies ranging from arrhythmias to heart failure. The

heart can not recover the tissue lost due to myocardial infarction due to the myocardium’s

limited ability to regenerate. The only available treatment is heart transpalant, which is lim-

ited by the number of donors and can elicit an adverse response from the recipients immune

system. Recently, regenerative medicine has been proposed as an alternative approach to help

post-myocardial infarction hearts recover their functionality. Among the various techniques,

the application of cardiac patches of engineered heart tissue in combination with electroactive

materials constitutes a promising technology. However, many challenges need to be faced in

the development of this treatment. One of the main concerns is represented by the immature

phenotype of the stem cells-derived cardiomyocytes used to fabricate the engineered heart tis-

sue. Their electrophysiological differences with respect to the host myocardium may contribute

to an increased arrhythmia risk. A large number of animal experiments are needed to optimize

the patches’ characteristics and to better understand the implications of the electrical interac-

tion between patches and host myocardium. In this Thesis we leveraged cardiac computational

modelling to simulate in silico electrical propagation in scarred heart tissue in the presence of

a patch of engineered heart tissue and conductive polymer engrafted at the epicardium. This

work is composed by two studies. In the first study we designed a tissue model with simpli-

fied geometry and used machine learning and global sensitivity analysis techniques to identify

engineered heart tissue patch design variables that are important for restoring physiological

electrophysiology in the host myocardium. Additionally, we showed how engineered heart tis-

sue properties could be tuned to restore physiological activation while reducing arrhythmic risk.

In the second study we moved to more realistic geometries and we devised a way to manipulate

ventricle meshes obtained from magnetic resonance images to apply in silico engineered heart

tissue epicardial patches. We then investigated how patches with different conduction velocity

and action potential duration influence the host ventricle electrophysiology. Specifically, we

showed that appropriately located patches can reduce the predisposition to anatomical isth-

mus mediated re-entry and that patches with a physiological action potential duration and

higher conduction velocity were most effective in reducing this risk. We also demonstrated
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that patches with conduction velocity and action potential duration typical of immature stem

cells-derived cardiomyocytes were associated with the onset of sustained functional re-entry in

an ischemic cardiomyopathy model with a large transmural scar. Finally, we demonstrated that

patches electrically coupled to host myocardium reduce the likelihood of propagation of focal

ectopic impulses. This Thesis demonstrates how computational modelling can be successfully

applied to the field of regenerative medicine and constitutes the first step towards the creation

of patient-specific models for developing and testing patches for cardiac regeneration.
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Chapter 1

Clinical Background

In this thesis we investigate the use of engineered heart tissue patches. These patches find

use in hearts in pathological conditions, namely infarcted hearts, which are characterized by

the presence of scar tissue and are subject to arrhythmias. In this first Chapter, we provide

the reader with the general (but nevertheless necessary) background knowledge on topics like

heart anatomy and physiology, myocardial infarction and cardiac arrhythmias. These topics

are propaedeutic to the last three sections of the Chapter, in which we introduce regenera-

tive medicine and we describe the state-of-the-art, as well as the open challenges and main

bottlenecks, that the field of cardiac tissue engineering is currently facing.

1.1 Cardiac anatomy and physiology

1.1.1 Anatomy

The heart weighs approximately 350g and is roughly the size of an adult’s clenched fist [1]. The

whole heart is externally enclosed within the pericardium, which is attached to the diaphragm

and to the sternum, anchoring the heart inside the thorax. The heart is composed of four

chambers. The right atrium (RA) receives the blood rich in carbon dioxide from the rest of

the body through the superior and inferior venae cavae. The blood is then passed to the right

29
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ventricle (RV), through the tricuspid valve. The blood is then pumped to the lungs through

the pulmonary artery. The blood, now rich in oxygen, flows back into the heart and into the

left atrium (LA). From the LA the blood flows into the left ventricle (LV) across the mitral

valve and is pumped to the rest of the body. The blood then flows back to the RA, where the

loop starts again. A schematic representation of the heart anatomy and the blood circulation

in the heart is reported in Figure 1.1

The heart tissue, named myocardium, is constituted of billions of hierarchically organised car-

diac cells, termed cardiomyocytes (CMs). Collagen connects CMs into sheets, and binds the

sheets together to make the myocardium. This multi-scale organization facilitates contraction

allowing the heart to both shorten and twist as it pumps, and to efficiently and effectively

pump blood out of the LV and around the body.

Figure 1.1: Schematic representation of the heart anatomy and the blood circulation in the
heart.

1.1.2 Cell structure

The myocardium is a highly organized tissue, composed of several cell types, including smooth

muscle cells, fibroblasts, and CMs. The fundamental contractile cell of the myocardium is the
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CMs. Moving from the extracellular space to the intracellular space, the first structure en-

countered is the basement membrane. The basement membrane binds the cell to the collagen

of the extracellular matrix, providing continuity between the myocyte and the extracellular

space. After the basement membrane there is the sarcolemma, the structure normally referred

to as the cell membrane. The sarcolemma is a lipid bilayer, containing hydrophilic heads and

hydrophobic tales. Thanks to this organization, the sarcolemma can interact with both intracel-

lular and extracellular spaces while being impermeable to charged molecules [2]. Molecules can

move across the sarcolemma through membrane proteins such as pumps and channels. There

are two main, specialized regions of the sarcolemma, the intercalated disks and the transverse

tubular system. The intercalated disks consist in cell-to-cell junctions, linking adjacent CMs

and providing a path of low resistance for rapid flow of ions. The transverse tubular system,

or T-tubules, are invaginations of the sarcolemma which bring together in close proximity spe-

cific calcium ion channels and the sarcoplasmic reticulum, making the T-tubules an essential

component in excitation-contraction coupling (see section 1.1.5). The sarcoplasmic reticulum

is a CMs organelle, specialized in the regulation of calcium concentration in the cytoplasm.

Specifically, it is the source of Ca2+ ions during excitation-contraction coupling. In CMs, the

contractile apparatus is represented by the sarcomere. The sarcomere is composed of thin and

thick intertwined filaments of proteins such as myosin, actin and tropomyosin. In order for the

contraction to happen successfully, CMs require abundant quantities of ATP, which is produced

in the mitochondria. Mitochondria occupy 40% of the cell volume, and are also known to play

a role in handling Ca2+, protecting CMs from Ca2+ overload [3].

1.1.3 Electrical activation

The heart works as a electromechanical pump, providing thousands of litres of oxygenated

blood daily. A series of organized electrical events coordinates the contraction of the heart with

each beat. The electrical pulse that initiates contraction is generated by the sinoatrial node,

situated at the junction between the RA and the superior vena cava. This pulse excites the RA,

travels through aligned myocardial strands connecting the RA and LA walls (the Bachmann’s
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bundle) and excites the LA. The impulse travels through internodal pathways in the RA, in

order to reach the atrioventricular node, located in the lower back section of the interatrial

septum, the wall of tissue separating the atria. There is no direct electrical connection between

the atrial and ventricular chambers other than through the atrioventricular node, as fibrous,

non-conducting tissue surrounds the tricuspid and mitral valves [4]. From the atrioventricular

node, the impulse then travels through the bundle of His and down the bundle branches, fibers

specialized for rapid transmission of electrical impulses, on either side of the interventricular

septum. The right bundle branch depolarizes the RV, while the left bundle branch depolarizes

the LV. Both bundle branches terminate in Purkinje fibers, millions of small fibers projecting

throughout the myocardium. After the bundle of His, the impulse first activates the papillary

muscle (responsible for closing the mitral and tricuspid valves, separating the LA and LV and

RA and RV respectively) prior to activating the ventricles, thereby preventing regurgitation

of blood flow through the atrioventricular valves. A schematic representation of the heart’s

electrical pathways is reported in Figure 1.2

Figure 1.2: Schematic representation of the heart’s electrical pathways
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1.1.4 Action potential

At a cellular level, the propagation of the electric pulse initiates the propagation of the action

potential (AP). The AP is an electrical stimulation created by a sequence of ion fluxes through

specialized channels in the membrane of CMs, that leads to cardiac contraction. Two main

forces drive ions across cell membranes: the chemical potential, i.e., an ion will move down

its concentration gradient, and the electrical field created by net charge imbalance, which will

drive ions away from regions with a similar net ion charge. The combination of these forces is

named the electrochemical gradient. The net ionic gradient across the membrane gives rise to a

potential, referred to as the transmembrane potential. When the electrical field exactly balances

the diffusion, an equilibrium is reached. The potential difference across the cell membrane at

equilibrium is termed reversal potential, which is different for each ion species. Ions can move

across the cell membrane through channels, exchangers or pumps. Ion channels and exchanger

are powered by one ion moving down its electrochemical gradient and are thus responsible for

what is termed passive transport. Pumps use up energy from ATP molecules to move ions

against their ionic concentrations gradients (active transport) maintaining charge differentials

between the inside and outside of the CMs. The movement of ions across the cell membrane

gives rise to the membrane currents, which can modify the transmembrane potential and trigger

an AP. In a typical cardiomyocyte, an AP is composed of 5 phases (0-4), beginning and ending

with phase 4. A sample shape of a human ventricular AP and its 4 phases are depicted in

Figure 1.3.

Phase 4: Resting phase. The cell resting potential is maintained at approximately at -85 mV, close

to the potassium reversal potential, because the cell membrane is relatively permeable to

K+ ions. The intracellular concentration of potassium greatly exceeds the extracellular

concentration. The high resting membrane potassium conductance means that potassium

ions can diffuse out of the cell down their concentration gradient. However, as each

potassium ion leaves the cell it causes the cell membrane potential to decrease. The

resulting negative membrane potential attracts the positive potassium ions back into the

cell. Eventually, the electric potential and diffusion forces driving potassium are balanced,
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Figure 1.3: Sample shape of a human ventricular cardiomyocyte action potential, color-coded
according to each of the 4 phases of the action potential. Below, a schematic representation of
the main ionic currents and pumps is reported.

reaching the potassium reversal potential. The cell membrane resting potential is slightly

more positive than the potassium reversal potential, due to the diffusion of positive sodium

ions inside the cell, down their concentration gradient. The concentration gradient is

maintained by the sodium-potassium pump, which consumes ATP molecules to extrude

3 Na+ ions in exchange for 2 K+ ions.

Phase 0: Depolarisation. After an electrical stimulus, the cell fast sodium channels open, allowing

the rapid influx of Na+ into the cell (the fast sodium current INa), depolarising the cell

approximately to 35 mV.

Phase 1: Early repolarisation. After the AP upstroke, a short current termed transient outward

current (Ito) creates a K+ efflux from the cell. This causes the cell membrane potential

to partially repolarise towards ≈0-10 mV and results in a spike at the start of the AP.

However, Ito is not present in all species.

Phase 2: Plateau phase. During this phase the L-type calcium current (ICaL) opens, causing an
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influx of Ca2+ ions. The sodium-calcium exchanger (INaCa) transfers three sodium ions

into the cell in exchange for one calcium ion flowing out, thus producing a net inward

positive current. The transmembrane voltage is kept constant by the balance of (INaCa)

and the efflux of K+ through the slow-delayed rectifier potassium current (IKs).

Phase 3: Repolarisation. In this phase the L-type calcium channels close and additional potassium

channel are opened, creating the delayed rectifier potassium current (IKr). The net efflux

of positively charged potassium ions causes the cell to repolarise to its resting potential.

Normal transmembrane ionic concentrations are restored by the Na+-Ca2+ exchanger and

the Na+-K+ pump, which return Na+ and Ca2+ ions to the extracellular environment,

and K+ ions to the cell interior.

1.1.5 Excitation-contraction coupling

Contraction is triggered in the cell through a process described as excitation-contraction cou-

pling, where the electrical AP is first transmitted to a chemical signal, that in turn activates

the contractile proteins to generate a contraction. Calcium is the mediator that couples elec-

trical activation to physical contraction. During each AP, Ca2+ ions cycle in and out the cell’s

cytosol. The initial influx of Ca2+ into the cell through the L-type calcium channels during

phase 2 of the AP is insufficient to trigger contraction of the myofilaments. The CMs cell

membrane contains invaginations (T-tubules) that bring L-type Ca2+ channels into close con-

tact with ryanodine receptors, specialized Ca2+ release receptors in the sarcoplasmic reticulum,

an intra-cellular Ca2+ store. When Ca2+ enters the cells through L-type channels, ryanodine

receptors change conformation and induce a larger release of Ca2+ from the sarcoplasmic reticu-

lum. This mechanism is called calcium-induced calcium release. Following release of Ca2+ from

the sarcoplasmic reticulum through the ryanodine receptors,the Ca2+ then binds to molecules

of Troponin-C, one of the contractile proteins of the sarcomere, causing active sites between

myosin heads and actin filaments to be exposed, in turn resulting in the activation of the my-

ofilaments. Myofilaments are responsible for the generation of force and for the contraction of

the cell. As the contraction ends, calcium ions unbind from the Troponin-C molecules and are
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returned to the sarcoplasmic reticulum via the SERCA pump, while the Na+-Ca2+ exchanger

extrudes calcium ions back into the extra-cellular space [5].

1.1.6 Action potential transmission

The heart’s synchronous contraction is possible thanks to the gap junctions, essentially pores in

the myocytes cell membrane that directly connect the cytoplasm of neighbouring cells. They are

formed by six membrane proteins called connexins, of which Connexin-43 is the predominant

isoform in the ventricle. Gap junctions enable the CMs’ electrical coupling, by providing

a low resistance pathway for the passage of molecules and ions between adjacent cells [6].

This means that an AP in one cell will cause neighbouring cells to depolarize, causing the

activation to propagate and activate the whole heart. This allows the heart chambers to act

as a syncytium. That is the reason why the cell in the sinoatrial node, which have inherent

pacemaker activity, are responsible for the setting the heart rate. When a cardiomyocyte is

depolarised and its transmembrane potential is close to 0 mV, the potential difference between

cells causes a flow of ions to enter the neighbouring cells through the gap junctions, starting

in turn their depolarisation. The flow of ions causes the formation of a largely homogeneous

propagation wavefront. Gap junctions are distributed through the sarcolemma, but are more

dense at each end of myocytes. More dense gap junctions permit a stronger flow of ions, and

that is why the CV of the propagation is faster along the direction in which CMs are aligned,

i.e. the fibres direction, rather than in the direction transversal to the fibres. In other words,

the distribution of the gap junctions is responsible for the myocardium anisotropy.

The flow of ions between neighbouring cells through the gap junctions is called electrotonic

current. The electrotonic current is crucial for AP propagation, and concepts such as source

and sink can explain a successful or failed propagation. The source is the flow of ions passing

into a myocyte, i.e. the current that initiates the depolarisation. During AP propagation, an

excited cell serves as a source of electrical charge for depolarizing adjacent unexcited cells [7].

The larger the current, or the volume of depolarised cells generating it, the more effective and

faster the electrical propagation will be. The requirements of neighbouring resting cells to reach
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the threshold to trigger an AP constitute an electrical sink (or load) for the excited cell [7].

In other words, the sink is the portion of tissue ready to be depolarised. For propagation to

succeed, the excited cell must provide sufficient charge to bring the transmembrane potential

of a cell in the sink from its resting value to the threshold. Once threshold is reached and

an AP is triggered, the newly excited cell switches from being a sink to being a source for the

downstream tissue, thus perpetuating AP propagation. The smaller the sink, the safer is for the

electrical signal to propagate. On the other hand, a larger sink will cause a slower propagation

and possible the termination of the wave [8].

1.1.7 Cardiac cells refractoriness

Once a CM has activated, there is a period of time where the CMs can not be activated

again, referred to as refractory period. The refractory period of a myocyte is defined as the

time from phase 0 (depolarisation) until the next possible depolarization. CMs have a longer

refractory period than other muscle cells given the long plateau (phase 2). This is a physiological

mechanism allowing sufficient time for the ventricles to empty and refill prior to the next

contraction. The action potential duration (APD) is usually quantified as the time interval

between the depolarisation (AP upstroke) and 90% repolarisation (Figure 1.4). During an AP,

different degrees of refractoriness are encountered.

• Absolute refractory period : The CMs is completely unexcitable by a new stimulus.

• Effective refractory period : It is composed by the absolute refractory period and a short

segment of phase 3, during which a stimulus may cause the CMs to depolarize mini-

mally but will not result in a propagated action potential, i.e neighbouring cells will not

depolarize.

• Relative refractory period : A greater than normal stimulus will depolarize the CMs and

cause an action potential.

• Supranormal period : A period during which a weaker than normal stimulus will depolarize
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Figure 1.4: Definition of activation time (AT), repolarisation time (RT) and action potential
duration (APD) for a sample action potential shape. The AT corresponds to the depolarisation,
i.e. to the action potential upstroke, while the RT corresponds to the time at which the action
potential reaches 90% repolarisation. The APD is defined as the interval between AT and RT.

the cells and cause an action potential. Cells in this phase are particularly susceptible to

arrhythmias when exposed to an inappropriately timed stimulus.

In Figure 1.5 a sample AP shape with the different refractory periods is reported.

The concept of CMs being in an excitable or refractory state is considered crucial for the

studies of abnormal heart rhythms (arrhythmias), as such areas of refractory cells could block

the propagation of the electrical wavefront.

1.2 Cardiac arrhythmias

Cardiac arrhythmias happen when the electrical activation in the heart ceases to be synchronous

and starts being rapid and/or chaotic. Rather than a compact and uniform wavefront, in the

case of arrhythmia, the electrical propagation in the heart is characterised by the presence
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Figure 1.5: Different types of refractory periods in a sample of action potential shape

of disorganised, turbulent activation patterns. As the regular electrical activity is disrupted,

coordinated cardiac contraction is also interrupted. The presence of small, out of synch areas

of localised contractions can hamper the heart’s ability to pump blood, thus representing a

life-threatening hazard.

Arrhythmias can affect both atria and ventricles. Atrial arrhytmias are considered to be less

dangerous, as the blood can still pass to the ventricles and be pumped around the body. Nev-

ertheless, disruption in atrial synchronous contraction can cause blood pooling, which increases

the probability of blood clots formations, in turn increasing the likelihood of strokes. Ventricu-

lar arrhythmias are considered life-threatening, as the ventricles pump blood to all of the other

organs in the human body. During a ventricular arrhythmia pump function deteriorates or

stops with severe consequences for the patient.

The are two types of ventricular arrhythmias: ventricular tachycardia (VT) and ventricular

fibrillation (VF). During VT, rapid, non-physiological pattern of electrical propagation are

present in the ventricle, but excitation is still fairly coordinated. As a result, contraction is

impaired and the heart’s pumping efficiency decreases. During VF, the electrical wave usually

breaks up, resulting in multiple propagation wavefronts which cause small, isolated regions of

the ventricle to activate and contract. In this case, the ventricle is not able to contract as a
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whole. The cardiac output decreases to zero, rendering defibrillation via application of a strong

electrical shock the only way to avoid death.

1.2.1 Causes of arrhythmia

Cardiac arrhythmia can have different causes. Irregular rhythms can be started by spurious,

out of synch beats, that spontaneously occur in the myocardium. These ectopic beats can in

turn arise from phenomena such as early or delayed-afterdepolarisations, where the CMs are

depolarised following anomalous ion currents behaviour. Abnormal ion channel functioning

can be caused by inherited genetic disorders or by the interaction with certain drugs. In ad-

dition, spurious beats can be due to diseased cells acquiring automaticity, i.e. the ability to

self-stimulate, and thus generating additional activation waves, besides the physiological one

from the sinoatrial node. However, most arrhythmias are due to the presence of regions of

myocardium whose properties are different from the rest of tissue. These areas can include

differences at the anatomical level (named structural differences) or at the electrophysiolog-

ical level (named functional differences). When the propagating electrical wavefront comes

in contact with these areas, it can be subject to break-up or can rotate around the obstacle,

creating circuits or vortices-like waves, which lead to arrhythmias. The presence of areas of

myocardium with different properties is often due to cardiovascular-related diseases such as

myocardial infarction (MI).

1.3 Myocardial infarction

MI is defined as a tissue death (necrosis) as a result of prolonged ischemia, i.e. insufficient

supply of oxygen and nutrition to an area of tissue due to a disruption in blood supply. The

blood vessel supplying the affected area of tissue may be blocked due to an obstruction in the

vessel, compression from structures outside the vessel or an external trauma could cause rupture

of the vessel with consequent loss of blood pressure downstream of the rupture. Worldwide, in

2019, 197.2 milion people were estimated living with ischemic heart disease resulting from MI,
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making MI one of the most expensive and prevalent conditions during inpatient hospitalizations

[9].

1.3.1 General Pathophysiology

MI, commonly known as a heart attack, occurs when blood flow decreases or stops to a part

of the heart for a prolonged period of time, causing damage to the myocardium. This is most

commonly due to a blood clot that blocks one of the coronary arteries. Less frequently, a

coronary artery blockage can also be due to a spasm or a tightening of the aforementioned

artery. The coronary arteries are the blood vessels which supply oxygen-rich blood to the cells

of the myocardium. In coronary artery diseases, the inside of a coronary artery is narrow and

hardened, because of the build up of a fatty material, called plaque, decreasing the supply of

blood to the heart. If the plaque brakes open, a blood clot can form on the surface of the

plaque. The blood clot becomes a thrombus and can completely block the blood flow in the

artery. Once the blood flow is blocked, this tissue becomes ischemic, leading to tissue damage,

which will eventually form an infarct. After blood supply is interrupted, if the blockage is not

treated and removed within a few hours, the damaged heart muscle will begin to die, and it will

be replaced by fibrous scar tissue. The consequences of this can be severe: tissue death and

myocardial scarring alter the normal conduction pathways of the heart and weaken affected

areas. This creates a local risk of arrhythmia while globally decreasing the ability of the heart

to pump blood. Depending on the size and location of the injury, a series of complications

can arise. They may occur immediately following the infarction or may take time to develop.

Disturbances of heart rhythms, including atria fibrillation (AF), VT, VF and heart block can

arise as a result of ischemia and cardiac scarring. Stroke is also a risk, either as a result of clots

or of disturbances in the heart’s ability to pump effectively as a result of the infarction. If the

infarction causes dysfunction of the papillary muscle, regurgitation of blood through the mitral

valve may occur. The inability of the infarcted heart to pump blood in the correct way may

also lead to rupture of the ventricular dividing wall or to cardiogenic shock. Heart failure (HF)

may also develop as a long-term consequence, with an impaired ability of heart muscle to pump,
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scarring, and increase in size of the existing muscle.

1.3.2 Infarct scar formation

The formation of fibrotic tissue is part of the heart’s healing process after ischemia and sub-

sequent necrosis of cardiac tissue. Fibroblasts and endothelial cells produce excess connective

tissue, to provide structural support and to prevent further damage. However, the fibrotic

tissue is profoundly different from the healthy myocardium. While in the acute stage fibrob-

lasts have been shown to couple with surviving CMs and support (slow) electrical conduction

[10], the chronic scar is not excitable (nor contractile) and thus can not conduct the electri-

cal wave of activation. Around the fibrotic region (the core of the scar), a peripheral area of

tissue is usually affected by less dramatic remodelling. This area is called the infarct border

zone (BZ). Although the BZ remains excitable, it is affected by both structural and funtional

remodelling. There can be dispersed fibrosis, with loss of the original fibers orientation, due

to fibers re-arrengement. In addition, gap junctions protein can be altered during the initial

ischemic event, resulting in loss or repositioning of gap junctions in the infarct BZ, causing a

reduction in CV, since current can flow less efficiently between cells. Moreover, protein subunits

of ion channels can also be modified, often resulting in decreased ionic currents. Most notably, a

reduction in the fast sodium current INa can lead to a slowing of the AP upstroke, which in turn

delays the activation of the L-type calcium current (ICaL), resulting in a prolonged AP. Further

remodelling can decrease the density of ion channels responsible for potassium handling, which

also contributes to APD increment. A lengthening of the APD implies a delayed repolarisation

and causes the tissue to be more refractory. These changes render the BZ heterogeneus, as it

displays different properties with respect to the normal, healthy tissue.

Studies have shown that post-MI VT is often caused by the electrical wave exiting a circuitous

pathway connecting two or more zones of surviving myocardium [11]. Presence of surviving

myocardium are typically found at the endocardium, a phenomenon called endocardial spar-

ing. More extensive areas of endocardial sparing have been linked with a higher likelihood of

developing post-MI VT [12]. However, VT has been shown to arise also from the patchy spared
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subepicardium over the infarct as well as intramurally [13].

All things considered, the scar resulting after a MI can be located anywhere in the heart

and can have endless conformations. Moreover, the scar can be not completely fibrotic, as it

happens when fibrotic regions are interspaced between bundles of surviving CMs. For these

reasons, the resulting electrical propagation in a post-MI heart can be disrupted or follow

unconventional paths or circuits that are created because of the presence of the scar. Under

certain circumstances, this altered propagation con result in the onset of arrhythmias.

1.3.3 Arrhythmias post-MI

When the electrical activation wavefront interacts with scarred areas of the heart, it can break-

up, travel around the scar, travel inside fibrotic tissue through bundles of surviving CMs, or

travel through BZ areas with altered electrophysiology. The interaction of the electrical propa-

gation waves with scarred regions often generates reentrant arrhythmias. Reentrant arrhythmias

(or re-entry), indicate tortuous propagation, in which the electrical wave follows circling-like

pathways, periodically re-exciting areas of myocardium. Reentries cause VT, because the reen-

trant frequency overcomes the normal heart rate imposed by the sinoatrial node. In case of

wave fragmentation, VT can aggravate into life-threatening VF.

A necessary requisite for the onset of reentrant arrhythmias is a conduction block, meaning

that the wave of electrical propagation is stopped. This can be caused by regions of non-

conducting, fibrotic tissue, or by BZ areas. In the BZ, the APD is lengthened, thus the tissue

will repolarise later. The following electrical wave could reach (depending on the stimulus

rate) the BZ area still in its refractory period, thus being forced to bifurcate or to travel

around the obstacle. Depending on the dimensions of the scar, by the time the wave travels

around it, the BZ area that had caused the block can be fully repolarised and thus ready to

be excited again, producing a reentrant circuit. An example of a reentrant circuit is reported

in Figure 1.6. In certain circumstances, the reentrant wave can be self-sustained, meaning

that it keeps looping through the reentrant circuit, without the need for pacemaking activity.

The activation wavelength indicates the length of depolarised tissue at each time. The more
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myocytes are active simultaneously, the greater the wavelength will be. The wavelength is

defined by: λ = APD × CV, where APD is the action potential duration and CV is the

conduction velocity. Waves with low wavelength (i.e. low CV and short APD) are associated

with self-sustained reentrant arryhthmias, because the excitable gap between wave head and

tail is large (see Figure 1.6-A). Accordingly, higher values of wavelength area associated with

non-sustained arrhythmias, because the excitable gap is reduced and the wave is more likely to

terminate due to head-tale collision (see Figure 1.6-B).

Figure 1.6: Schematic representation of an ideal re-entrant circuit. In panel A, a re-entrant
wave with a small wavelength and a big excitable gap is reported, while in panel B is depicted
a re-entrant wave with a large wavelength and a small excitable gap, less likely to represent a
self-sustained re-entrant pattern.

Repolarisation dispersion is also known as a factor affecting conduction block [14], and it has

thus been linked with promoting VT [15]. Repolarisation dispersion happen when regions of

CMs repolarise at different time intervals, i.e. regional differences in CMs APD are present.

Repolarisation dispersion can cause unidirectional block because a wavefront can not travel

through late repolarising tissue, given its inexcitability, potentially also leading to the onset of

re-entry. Additionally, an electrotonic current establishing from the tissue with late repolari-

sation to the tissue with early repolarisation can depolarise the latter, potentially initiating a

premature beat if the threshold for activation is reached [15]. Besides being established that

repolarisation gradients (i.e. alteration of repolarisation times along a specific axes) play an

important role in VT arrhythmogenesis, a study from Chauhan et al [16] has also found more

pronounced repolarisation heterogeneity in infarcted hearts of patients exhibiting VT with re-

spect to those who did not exhibit VT, specifically linking repolarisation gradients to post-MI
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VT. The Purkinje has also been linked to to ventricular arrhythmias, whether as an initiator or

maintainer [17]. 50% of deaths in patients with ischemic heart disease are attributed to lethal

forms of VT or VF [18], with the currently available treatment options still far from optimal

and a recent stagnation in the development of novel therapeutics for post-MI arrhythmias [19].

1.3.4 Current treatment options

At present, drug refractory recurrent VT is treated with catheter ablation. Although notable

improvements have been made, patients who undertake catheter ablation still experience re-

currence in 30% of cases [20]. A range of emergency therapies are instead available for the

treatment of blood supply blockage to the myocardial tissue, to tackle MI in the early stages.

The most frequent techniques adopted are angioplasty and coronary artery bypass graft. An

angioplasty is a minimally invasive and endovascular surgical procedure to widen narrowed or

obstructed blood vessels. Typically, a deflated balloon attached to a catheter is passed over a

guide-wire into the narrowed vessel and then inflated to a fixed size. The balloon forces expan-

sion of the blood vessel and the surrounding muscular wall, allowing an improved blood flow.

A stent may be inserted at the time of ballooning to ensure the vessel remains open, and the

balloon is then deflated and withdrawn. Angioplasty is a lower-risk option relative to surgery,

but there still are risks and complications associated with it. For example, embolization, i.e.

the launching of debris into the bloodstream, arterial rupture from over-inflation of a balloon

catheter or the presence of a calcified target vessel or the formation of hematoma at the access

site. Moreover, angioplasty may also provide a less durable treatment, as it can be more prone

to restenosis, i.e. the recurrence of the blood vessel narrowing after the stent insertion, which

can reach more than 50% of the original stenosis [21]. A different approach with respect to

angioplasty is represented by the coronary artery bypass graft, which still aims to restore nor-

mal blood flow. This surgical procedure can be performed throughout two main approaches.

In one, the left internal thoracic artery is diverted to the left anterior descending branch of the

left coronary artery. In the other, a great saphenous vein is removed from a leg. One end of

the vein is attached to the aorta or one of its major branches, and the other end is attached to
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the obstructed artery immediately after the obstruction. Coronary artery bypass graft is also

subject to complications, such as releases of debris during surgery, resulting in further blood

flow blockages. Loss of mental function, particularly in elderly people, is also a complication of

bypass surgery, however a neurocognitive decline over time has been associated with coronary

artery disease regardless of the treatment.

Angioplasty and coronary artery bypass are emergency treatments, addressed to salvage threat-

ened ischaemic myocardium, since patient survival after MI is largely dependent on infarct

extent and residual cardiac function [21]. After the first emergency state, MI is treated with

medications, including blood thinners, to improve blood flow, nitroglycerin to widen blood

vessels and β-blockers to lower blood pressure and decrease heart activity. However, these

measures do not free the patient from the risk of heart failure.

1.4 Regenerative medicine

Regenerative medicine is an umbrella term that indicates a branch of translational research

and clinical applications focused on the repair, replacement or regeneration of cells, tissues or

organs, to restore their normal function. Commonly used approaches in regenerative medicine

include gene therapy, stem cells transplantation, tissue engineering and the reprogramming of

cell and tissue types. This combination of several technological approaches moves regenerative

medicine beyond traditional transplantation and replacement therapies. These regenerative

medicine approaches can be focused on repairing or regeneration. While repairing an organ is

associated with adaptation to loss of organ mass and restoration of the interrupted continuity

by synthesis of scar tissue, regeneration indicates the process where lost specialized tissue is

replaced by proliferation of undamaged, specialized cells. In other words, regeneration aims for

both anatomical and functional restoration of tissue/organs at the anatomical site, while repair

does not. This kind of process is already present in humans, but it is limited to a few organs,

among which the heart is not present.



1.4. Regenerative medicine 47

1.4.1 Cardiac regenerative medicine

MI causes irreversible damage to the myocardium because the adult human heart has minimal

intrinsic ability to regenerate lost CMs. There are currently no treatment options to recover

this lost tissue [22]. After the initial insult, fibroblasts and endothelial cells form a dense

collagenous scar that maintains wall structure. However, the scar is stiff, non-contractile and

non-conductive, thus it no longer contributes to myocardial contraction, potentially causing a

critical loss in cardiac function that can lead to HF [23]. The most effective current therapy to

restore heart function, cardiac transplantation, is limited by insufficient availability of donor

organs and the requirement for lifelong immunosuppression. Electronic ventricular assist devices

require invasive surgery and long-term anticoagulation therapy [24]. Recently regenerative

medicine has been proposed as a promising approach to replace or augment the function of

tissue lost to cardiac infarcts [25]. In addition to the potential of partially or fully restore

cardiac function, cardiac tissue engineering can serve as surrogate human cardiac tissue for

drug toxicity screening and personalized medicine, further enhancing the potential of this field.

1.4.2 Stem cells in regenerative medicine

The restoration of lost cardiac tissue is pursued through the transplantation of healthy CMs

into the injured heart. This strategy entails many challenges, starting with the cell source to

be utilized. Many potential cell sources have been investigated, such as bone marrow, stem

cells, endothelial progenitor cells, skeletal myocytes, adult cardiac stem cells, and embryonic

stem cells [26]. In the decade 1990-2000 bone marrow mesenchymal stem cells have been

central to the development of cardiac regenerative medicine, because they were the first to

be reported capable of differentiating into cardiac myocytes [27]. However, the results of the

clinical trials performed using these kinds of cells have been unsatisfactory mostly because of the

poor efficiency of differentiation into CMs [28]. Currently, the interest has changed and it is now

focusing on human-induced pluripotent stem cells. They have the same properties of human

embryonic stem cells, such as self-renewal and potency, but they bring some new advantages

[29]. First, they do not raise ethical issues, since no human embryos are used. Second, they
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allow the creation of a patient-specific stem cell culture, since they can be easily obtained from

a patient, for example through a skin biopsy. This enables the creation of autologous tissues,

which reduces the risk of rejection in case of transplant.

1.4.3 Use of hiPSC-CMs in cardiac tissue engineering

The first clinical experiments involved human-induced pluripotent stem cells derived cardiomy-

ocytes (hiPSC-CMs) suspended in a liquid solution, directly injected into the infarcted area.

However, this approach was hampered from the start by the poor retention rate of injected

cells (1-5%) [30]. To overcome this problem, scaffolds have been developed. Beside enhancing

cell retention, the presence of scaffolds can improve cell survival rate by creating a protective

environment, promote integration with the host tissue, as well as provide mechanical support

for the damaged tissue to prevent thinning and dilation of the infarct scar [31, 32, 33, 34].

The scaffolds are designed to recreate biomimetic micro-environments for cells to reach their

full maturation [35]. A cardiac patch usually consists of a biocompatible scaffolding structure

combined with hiPSC-CMs or other kinds of stem cells-derived CMs. The term graft is instead

used to indicate layers of hiPSC-CMs (without additional biomaterials) cultured as to form a

patch-like structure. A graft of cardiac tissue created form stem cells derived CMs is also called

engineered heart tissue (EHT).

Several experiments involving engraftment of patches of hiPSC-CMs have been performed, with

studies outcomes spanning a wide range of different results. Two experiments from Gao et al

showed that CV of hiPSC-CMs patches after 7 days of culturing are considerably lower than

the values reported in literature for healthy myocardium (14±0.1 and 18.8±0.8 cm/s compared

to 65 cm/s) [36, 37]. Some studies have found limited to no coupling between engrafted patch

and native myocardium. According to Jackman et al, despite the presence of vascularisation

and electromechanical junctions, their patch did not couple with the recipient heart, because

of the presence of a non-myocyte layer between the patch and the epicardium [38]. Another

study [39] has found that post-MI transmural CV in areas far from the scar (and the patch) is

higher in hearts with a hiPSC-CMs patch implanted, compared to hearts with a cell-free patch
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(32 cm/s vs 22 cm/s).

Before the use of hiPSC-CMs, neonatal rat cells, which also represent an immature cell phe-

notype, were used to create EHTs. A famous study conducted by Zimmermann et al [40] in

2006 showed that thick (1-4mm) patches display evidence of electrical coupling with native

myocardium. However, CV measurements were performed only on the host tissue, and re-

ported a 20% decrement in CV between non-infarcted myocardium (69±6 cm/s) and infarcted

myocardium after implantation (55±16 cm/s).

1.4.4 Conductive polymers in cardiac tissue engineering

Desirable features for a scaffold used in cardiac tissue engineering include: electrical conduc-

tivity, biocompatibility and elasticity similar to the native myocardium [41].

While many different kinds of scaffolds have been tested, we focus on the use of scaffolds man-

ufactured with electroactive materials. In fact, although injectable biomaterials benefit cardiac

function by preventing ventricular dilation [32], the contraction and relaxation of the heart

depends on the conduction of electric impulses through cardiac tissue, which is decreased after

MI [42]. Among the wide variety of electroactive materials, conductive polymers (CP) have

been extensively researched in recent years. CP are a class of π-conjugated polymers with

loosely held electrons in their backbones [43]. Within the unsaturated backbone, the delocal-

ized π-electrons can move freely to form an electrical pathway for mobile charge carriers. This

feature, which makes the polymers conductive, is obtained by oxidizing or reducing the polymer

through a process called doping [44]. Polyaniline(PANI), polypyrrole and polythiophene are

largely used CP in conductive scaffold construction [43]. CP have widely been used in tissue

engineering, trying to assist the recovery of the tissues which are responsive to electrical stim-

ulation [45]. CP have also been specifically experimented in combination with human-induced

stem cells. Findings by Borriello et al suggest that CP help human-induced pluripotent stem

cells during the differentiation process in CMs, while at the same time enhancing migration

and proliferation of hiPSC-CMs [46].

Although several studies seem to confirm the benefits derived from implantation or injection of
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CP from a histological point of view (preservation of cardiac function after MI), very few studies

actually investigated how the electrical propagation of the stimulus is affected by the presence

of the polymer. In a study from 2015, Mihic et al found that injection of chitosan conjugated

with polypyrrole in infarcted rat hearts resulted in faster transverse conduction velocities along

the border zone epicardial surface. This increment in CV could facilitate synchronous contrac-

tion and thus improve cardiac function [47]. The same combination of chitosan conjugated with

polypyrrole was tested in vitro by a team in the University of Toronto. The biomaterial was

used as a structure bridging two physically separated clusters of beating CMs and was found to

improve synchronous contraction between the two clusters. The biomaterial was also grafted

on ablation injury rat model, resulting in an increment in CV, although it is not clear how the

latter was computed. More recently, application of a mussel-inspired cryogel patch was proven

to reduce the infarct size and improve the cardiac function in MI rat models [48]. Bao et al con-

ducted two studies on soft CP, injecting them, along with adipose tissue-derived stromal cells,

into MI areas of rat hearts. Both studies resulted in an increase of the ejection fraction, reduced

fibrotic tissue, and in an increment of Connexin-43, which suggest a promotion in electrical sig-

nal transmission [49, 50]. A recent (2020) study [51] tried to combine the use of conductive

polymers and rat neonatal CMs, whose not-matured phenotype is similar to the hiPSC-CMs’

one. 4 weeks after implantation on infarcted hearts, optical mapping measurements showed a

CV of 55 cm/s in non-infarcted regions, and a CV of 40 cm/s on the infarcted regions, that are

covered by the conductive patch. Hearts engrafted with conductive patches exhibited higher

CV than the non-conductive ones (40 vs 20 cm/s). Interestingly, conductive patches with and

without nested CMs showed the same CV (40cm/s). Finally, two recent studies have shown

that constructs in polyaniline might synchronize the beating of isolated cardiomyocyte clusters

grown on aligned conductive nanofibers and improve CV across fibrotic tissue [52, 53].

1.5 Open challenges in cardiac tissue engineering

Despite the huge steps forward in the past decades in the field of cardiac tissue engineering,

creating a matured and fully functional tissue in vitro is still an open challenge. There are
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several benchmarks that remain to be met before engineered heart tissues break into clinical

application. The major requirements still to be met (relevant to electrophysiology) are: 1-

electromechanical coupling (both between the stem cells-derived CMs in the graft, and between

the graft and the host tissue); 2- avoid the development of arrhythmias; 3- stem cells-derived

CMs maturation [54].

As introduced in section 1.3.3, lethal post-MI arrhythmias can arise from the patchy spared

subepicardium over the infarct [13]. A treatment like EHT patches could significantly affect the

propagation of the electrical impulse in these areas. For example, if a re-entrant arrhythmia

is anchored to a fibrotic, non conducting-area, the presence of the patch could provide an

alternative conducting path and avoid the initiation of the re-entry. In a similar fashion, in

case of the presence of an isthmus, attachment of an EHT patch could short-circuit the re-

entrant, figure-of-eight pattern, by providing a different conduction pathway. On the other

hand, the introduction of an EHT patch could lead to the creation of new electrical pathways

between areas of surviving CMs that would otherwise be isolated, ultimately resulting in the

formation of new, pro-arrhythmic propagation circuits.

The considerations above take for granted a successful electromechanical coupling between

the EHT patch and the host myocardium. However, little investigation has been performed

on the communication between the EHT’s and the host epicardium’s gap junctions. Some

studies have found electrical activity in the EHT to be synchronous with the pacing cycle

length imposed on the myocardium, suggesting successful patch integration and gap junctions

communications [39]. On the other hand, other studies have reported failed EHT-host electrical

coupling following the presence of a fibrotic layer between the patch and the epicardium. More

studies are needed to understand the implications of these phenomena, and to investigate the

consequences of hybrid cases, such as incomplete/partial coupling. Moreover, little is known

about the possible interaction (depending on the placement site) of EHT patches with layers

of fat or with coronary arteries.

While animal studies have showed improvements in ventricular morphology and function, un-

derstanding how cardiac patches electrically interact with host tissues represents a crucial
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bottleneck towards successful clinical application [55].

The first human clinical trial involving cardiac patches was performed by Menasche et al [56].

In this trial, fibrin patches with human embryonic stem cells-derived cardiovascular progenitors

have been engrafted on infarcted left ventricles. Only a mild improvement in conditions was

registered among patients, however, the safety profile was satisfactory, with no occurrence of

arrhythmia and no detection of teratomas from residual pluripotency of the engrafted cells. The

first clinical study (BioVAT-HF NCT04396899) involving transplantation of EHT containing

hiPSC-CMs (embedded in bovine collagen) in patients with severe HF is reported, as of 2022,

to be still in the recruiting phase [55].

1.5.1 Stem cells derived cardiomyocytes immaturity

From an electrophysiological point of view, one of the major challenges associated with human-

induced pluripotent stem cells is the immaturity of the CMs derived from them. After dif-

ferentiation in CMs, hiPSC-CMs are more similar to fetal CMs rather than adult CMs [57].

Adult CMs present a highly organised structure, optimized for contraction [58]. Specifically,

adult CMs possess aligned sarcomeres, a vast network of T-Tubules, a longitudinal sarcoplas-

mic reticulum with terminal calcium reservoirs positioned near T-tubules to optimize calcium

kinetics and a high density of mitochondria to improve ATP consumption from the contrac-

tile apparatus [59, 60]. hiPSC-CMs do not possess this level of complexity [61]. They can

not equal the metabolic demand of adult CMs, necessary for generating the proper contractile

force [62]. Moreover, hiPSC-CMs lacks of calcium handling, which is a key regulator of the

electromechanical coupling. Specifically, hiPSC-CMs present an underdeveloped sarcoplasmic

reticulum, a minor presence of proteins associated with calcium handling, such as the SERCA

pump and the ryanodine receptor-2, as well as a lack of T-tubules, which co-localize L-type

calcium channels and ryanodine receptors [63, 64].

hiPSC-CMs present different ion channels density with respect to adult CMs [65], and thus

they display a distinct AP profile Figure 1.7. Unlikely adult CMs, which are usually quiescent,

hiPSC-CMs can self-excite, thus they possess a spontaneous beating rate [66]. hiPSC-CMs
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AP profile also present a slower upstroke velocity, a longer APD and a less negative resting

membrane potential [67, 68, 69]. These immature characteristics, combined with the lack of

organized gap junctions, are responsible for a slowing in AP propagation.

Figure 1.7: Difference between AP shape of a adult human ventricular myocardium and a
immature stem cell derived cardiomyocyte.

Given the above listed differences in electrophysiology between hiPSC-CMs and adult CMs, the

eventual electrical coupling between EHT with hiPSC-CMs and host myocardium intrinsically

raises questions about safety, as introduction of electrical heterogeneities in the heart is generally

regarded as pro-arrhythmic [70]. Recently, a considerable amount of effort has been put to

investigate new maturation techniques for hiPSC-CMs.

1.5.2 Stem cell derived cardiomyocytes maturation techniques

Maturation is the process of cardiac development that turns fetal heart cells to adult CMs, capa-

ble to carry out their life-long pumping function [71]. The first approach to achieve hiPSC-CMs

maturation consisted in prolonging culture time (up to several months). Despite helping mat-

uration, hiPSC-CMs still showed fetal phenotype features [72]. This is possibly due to the fact

that human CMs fully mature only years after birth [73]. However, early stages hiPSC-CMs

transplantated in animal hearts have developed adult phenotype characteristics, proving that
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hiPSC-CMs are able to mature, when the right environment is provided.

Several environmental factors contribute to cardiac development in humans [74]. Excitability

and contractility are chief features in adult CMs. Thus, exogenous electrical and mechani-

cal stimulation have been used to promote maturation. Experiments on neonatal rat CMs

have shown that electrical stimulation at physiological frequency resulted in cell alignment and

increment in connexin-43 and gap junctions [75]. Stimulation of hiPSC-CMs at frequencies

higher than physiological (> 1Hz) also promoted cell alignment, and improved sarcoplasmic

reticulum function and the overall electrophysiological profile [76]. Mechanical stress proto-

cols also encouraged hiPSC-CMs maturation, by improving sarcomeric organization and force

development [77]. Since cardiac function is highly dependent on the myocardium anisotropic

architecture, attempts to assemble hiPSC-CMs in 3D scaffolds have been proposed to promote

maturation. 3D constructs with different architectures have been tested, such as cell sheets,

spheroids and patches [78, 79, 80]. Growing hiPSC-CMs on 3D structures has been found

to increase hiPSC-CMs contractile force and enhance general maturation [78]. Electrical and

mechanical stimulation and structural support are often combined with other techniques such

as biological factors and genetic regulation, to further enhance maturation. For instance, bi-

ological factors such as fatty acid can be used in hiPSC-CMs culturing to advance metabolic

maturation, by supporting hiPSC-CMs metabolic shift from glycolysis to fatty acid oxidation

[81]. Genetic manipulation is usually performed during the differentiation of pluripotent stem

cells into CMs. With this approach, genes like KCNJ2 and CSQ2 can be overexpressed to,

respectively, hyperpolarize the resting membrane potential [82] and improve calcium kinetics

[83].

Despite the advances in hiPSC-CMs maturation techniques, a complete maturation has yet to

be achieved [54], thus the possible effects of using not fully matured CMs for cardiac tissue

engineering should be investigated.
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1.6 Motivation and Objectives

The use of cardiac patches to alleviate the condition of post-MI hearts is currently still being

tested on animal models. There are still several bottlenecks (see section 1.5) preventing this

technology from making the leap to clinical trial and eventually to clinical application. The

purpose of this Thesis is to leverage computational model of cardiac electrophysiology to try to

address these limitations and, more generally, to investigate the impact of EHT patches on the

recipient heart. To achieve this goal, we perform numerical simulation using state-of-the-art

models representing ion channels kinetics at a tissue level and AP propagation at a tissue/organ

level. We use in silico experiments to evaluate a range of different scenarios whose testing in

laboratory experiments would otherwise be too expensive and time consuming. Moreover, we

use computational models to explore the application of EHT patches in human hearts, which

has yet to become reality.

Specifically, throughout this Thesis, we aim to:

• Create a geometrically simple model representing a scarred slab of tissue with an epicardial

layer of hiPSC-CMs placed on top of the scar (representing the EHT patch), bridging the

healthy tissue at the two ends of the scar.

• On the model outlined above, test how the presence of the EHT patch influences electrical

propagation from one end to the other of the tissue slab. In order to do that, we will

measure the time it took the electrical wave to reach the corner of the slab opposite to the

stimulation area, after crossing the scar-EHT complex. This will give us an idea of whether

the changes in model parameters are slowing or accelerating electrical propagation and

enable the comparison of the activation time after the scar-EHT complex with the one of

a healthy slab, to use as a benchmark for propagation in absence of a scar. The activation

time in the corner opposite the stimulation area will also represent a scalar model output

for our tissue model, which we will use as a target to train statistical emulators of our

model. The differences in pathway followed by the electrical wave when moving from

one side to the other of the tissue slab, through the scar-EHT complex, will also be
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investigated.

• Create a version of the above model and compare the obtained results for 3 different

species, namely rat, rabbit and human. This will be done to test whether/how much the

results obtained experimentally on small mammals are translatable to humans. We have

chosen rat and rabbit because they are the species most of the laboratory experiments

are conducted on. And humans because it is the target species we are ultimately aiming

to draw conclusions on.

• Create a more geometrically accurate model using left ventricle geometries reconstructed

from magnetic resonance images of ischemic cardiomyopathy patients. We will devise a

pipeline to simulate in silico the attachment of an epicardial EHT patch on infarcted left

ventricle models.

• We will then use these models to test how the application of an EHT patch influences

electrical propagation in more anatomically accurate scenarios. For example, we will test

which electrical features render a patch able to prevent the onset of re-entrant arrhythmia

in the presence of an isthmus-like scar pattern.

1.6.1 Thesis Outline

This Thesis is divided into 5 Chapters.

The first 2 Chapters provide the reader with the minimal background required to fully appre-

ciate the work reported in later Chapters.

Specifically, this Chapter has provided the clinical context, laying out essential notions of

cardiac anatomy and physiology and giving an overview on cardiac arrhythmias and myocardial

infarction, two of the issues that motivate the existence of this work. In this Chapter we have

also presented regenerative medicine as a possible solution to theses issues and explained what

are the open challenges that are hampering the progression to clinical applications.
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Chapter 2 provides an overview of the state-of-the-art computational techniques and computa-

tional models for cardiac electrophysiology, used in this research to simulate in silico biophysical

processes as the excitation of a cardiac cell and the propagation of the electrical stimulus in the

cardiac tissue. A section on cell ionic models of stem cells derived cardiomyocytes is also given.

Chapter 2 concludes with a brief overview of Gaussian Processes, a statistical model exploited

in this study to emulate the complex biophysical models and ease their computational burden.

Chapter 3 reports our first study, where we modelled the interaction between a patch of en-

gineered heart tissue and the host myocardium using a simple 3D model with an idealized

geometry. We used the statistical tools described in Chapter 2 to do an in-depth investigation

of the model behaviour, by performing a sensitivity analysis of the model. We then assessed

which designed of the engineered heart tissue restored physiological activation and we assessed

the related arrhythmic risk.

In Chapter 4 we built upon the work in Chapter 3, and moved to investigate the effects of

engineered heart tissue on more realistic geometries. In this Chapter we describe how we

manipulated left ventricle models from a cohort of heart failure patients to perform in silico

the application of an engineered heart tissue patch. We then illustrates the effects on the left

ventricle electrophysiology predicted by our simulations, based on the different engineered heart

tissue patches design.

Finally, in Chapter 5 we discuss the overall findings, the implications and the limitations of the

presented studies, we assess how the work presented in this Thesis fits in the literature and we

draw the conclusions, considering eventual next steps.



Chapter 2

Computational Methods

This thesis makes extensive use of physics-based computational models to study the engineered

heart tissues and its effects on the host myocardium electrophysiology. Computational models

are an essential tool in engineering and have applications in a wild range of fields, from physics

and chemistry to psychology and economics. In this work we use models applied to biology,

specifically models designed to replicate human biophysical processes in a computer simulation

(in silico). In this chapter we briefly present the models and computational techniques used

in this thesis. Starting with an overview of models used in cardiac electrophysiology, from

the cellular level to the tissue/organ level, we continue with a focus on models of hiPSC-CMs

electrophysiology. We conclude with an introduction to sensitivity analysis and emulators for

computational models, used in this thesis to investigate input-output model relations and tackle

time-expensive computer simulations.

2.1 Computational models of cardiac electrophysiology

Over the past few decades, computational models of cardiac biophysical processes (electrophys-

iology, mechanics and fluid dynamics) have been developed, utilised, verified and validated [84].

Computational models represent a powerful tool to integrate and interpret empirical data, to

gain quantitative insight on the mechanistic aspects behind biological processes. Computa-

58
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tional models allow focused experimental measurements to be quantitatively interpreted in the

context of wider physiological knowledge, encoded in a physics-based model, to identify un-

derlying mechanisms in emergent systems. In computational models of the heart, the cell and

tissue scale are routinely separated, both in terms of the modelling framework and in terms of

the experimental data used to constrain the model parameters. At the level of the single cardiac

myocyte, mathematical models made up of systems of ordinary differential equations (ODEs)

represent the electrochemical processes happening inside a cardiac cell, i.e. the ion channels

kinetics and the transmembrane potential. The parameters of these models are usually fitted

from single cell voltage clamp experiments, in which single ion channels can be isolated for

their behaviour to be studied. At the tissue level, the electrical excitation spreading across the

heart is modelled as a reaction-diffusion process, treating the myocardium as a syncytium. The

reaction part of these equations is represented by the processes happening within the single

cell, while the diffusion part models the cell-to-cell electrical propagation. Reaction-diffusion

mechanisms are modelled with partial differential equations (PDEs), which describe the propa-

gation of the cardiac AP in space. The parameters of these models are fitted from experiments

which record electrical propagation in cardiac tissue using techniques as micro-electrodes arrays

or optical mapping with voltage-sensitive dyes.

2.1.1 Cell scale: modelling ion channel kinetics and membrane po-

tential

The modelling of single cell electrophysiology lays its foundation on the work of Alan Hodgkin

and Andrew Huxley, who first published in 1952 the mathematical formulation of the cell

membrane [85]. The Hodgkin-Huxley model, initially designed to model the neuron AP, is also

used as a starting model to develop models of cardiac cell AP, and throughout the decades

has become on of the most successful mathematical models of a biological system. In the

Hodgkin-Huxley framework, the cell membrane is modelled as a capacitor in parallel with

a series of time-variant resistors and voltage generators, representing the ion channels. The

current flowing through the membrane is usually defined as the sum of a capacitive component
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(Im) and a resistive component (Iion). The resistive component is defined as the sum of the

transembrane ionic currents. We define the current across the cell membrane (I) as

I = Im + Iion. (2.1)

Expressing the capacitive current with the capacitor constitutive relation and the ionic currents

through the Ohm law, we obtain:

I = Cm
dVm

dt
+
∑

gion(Vm − Eion) (2.2)

where gion are channel conductances for channels carrying the ion spcies, Vm is the trans-

membrane potential and Eion is the Nernst or reversal potential for the ion species. The last

term is repeated for each ion channel considered. In cardiac cell models, the main ions that

are considered are sodium (Na+), responsible for depolarization, potassium (K+), involved

in repolarization, and calcium (Ca2+), involved in electromechanical coupling. The Nernst or

reversal potential for each ion (Eion) is computed as:

Eion =
RT

zF
ln
[ion]o
[ion]i

(2.3)

where R is the ideal gas constant, T is the absolute temperature, z is the ion charge, F is the

Faraday constant and [ion]o and [ion]i are the extracellular and intracellular ion concentrations,

respectively.

The permeability of ion channels to a specific ion species is not constant, but rather controlled

by a complex gating mechanism. In the Hodgkin-Huxley formulation, the conductance of each

channel (gion) is controlled by time- and voltage-dependent gating variables:

gion = xaybGmax (2.4)

where Gmax is the maximum channel conductance and x(t, Vm) and y(t, Vm) are the activation
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and inactivation gating variables. Essentially, the gating variables describe the fraction of open

(and closed) gates for each channel, in fact their value range between 0 and 1. The amplitude

of the current is proportional to the open gates in the channel. The generic gating variable x

is described by the equation:

dx

dt
= αx(Vm)(1− x)− βx(Vm)x (2.5)

where αx and βx are the voltage-dependent rate constants of the channel closing and opening,

respectively. The activation rate thus increases monotonically with raising voltage, while the

deactivation rate decreases monotonically with raising voltage. Imposing

αx =
xinf

τx
(2.6)

and

βx =
1− xinf

τx
(2.7)

equation 2.5 can be rewritten as:

dx

dt
=

xinf − x

τx
(2.8)

where xinf is the steady-state, i.e. the value the gating variable tends at a certain trans-

membrane voltage and τx is the gating variable time constant, which measures how fast the

gating variable reaches the steady-state. xinf is obtained by fitting experimental data with the

following sigmoid function:

xinf =
1

1 + exp
Vm−Vh

K

(2.9)
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where Vh is the half activation voltage and K is the gradient of activation.

Although the Hodgkin-Huxley paradigm is still at the base of many models of membrane

electrophysiology (including the ones used in this Thesis), more recent approaches have been

developed, such as Markov-type models [86], in which the different configurations of the channel

are represented by a discrete number of states.

2.1.2 Tissue scale: modelling the action potential propagation

At the tissue level, models of cardiac electrophysiology are written as PDEs describing the

diffusion of the single cell AP in time in excitable tissue. The most common models are the

monodomain and the bidomain models. The monodomain model can be derived as an extension

of the cable equation of passive propagation. To provide the fundamental concepts behind the

mono and bidomain models, in this section we derive the cable equation (in 1D, for simplicity)

and show how it is modified to obtain the monodomain equation. Additionally, we outline the

main assumptions of the bidomain model, briefly derive its equations and show how they relate

with the equation of the monodomain model.

Deriving the cable equation

The cable equation in 1D can be derived as follows. We assume a length of cells acts as a

cylindrical cable of infinite length. A schematic representation of the cable equation electrical

components is reported in Figure 2.1

The transmembrane potential Vm is defined as:

Vm = ϕi − ϕe (2.10)

where ϕe and ϕi are the extracellular and intracellular potential, respectively. The variation in

Vm given a small variation in space ∆x is given by:
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Figure 2.1: Schematic representation of the cable equation electrical circuits.

∆Vm = −Ilrl∆x (2.11)

where rl is the cable resistance per unit length and Il is the longitudinal current (along the

cable main direction). For very small space intervals (∆x → 0), we obtain:

∂Vm

∂x
= −Ilrl (2.12)

Given kirchoff’s Law conservation of charge we have:

∆Il = −Im∆x (2.13)

because charge can leave the cable only through the transmembrane current Im in the small

space interval ∆x. Again, if ∆x → 0, we obtain:

∂Il
∂x

= −Im (2.14)
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At each point x the transmembrane current Im is a combination of a capacitive component Ic

and a resistive component Ir. The capacitive component can be expressed with the constitutive

relation for a capacitor:

Ic = Cm
∂Vm

∂t
(2.15)

while the resistive component can be expressed by the Ohm’s Law:

Ir =
Vm

Rm

(2.16)

where Rm is the membrane resistance per unit length. Combining the two currents we can

write the equation fro the transmembrane current:

Im = Cm
∂Vm

∂t
+

Vm

Rm

(2.17)

Substituting 2.12 in 2.14, differentiating and equalling to equation 2.17, we obtain the passive

cable equation:

∂Il
∂x

=
∂

∂x

(
− 1

rl

∂Vm

∂x

)
= − 1

rl

∂2Vm

∂x2
= −

(
Cm

∂Vm

∂t
+

Vm

Rm

)
(2.18)

Rearranging, the cable equation in 1D can be written as follows:

σi
∂2Vm

∂x2
= Cm

∂Vm

∂t
+

Vm

Rm

(2.19)

where σi is the intracellular conductivity. The resistive component of the transmembrane

current can be substituted with currents describing ion channels activity:

σi
∂2Vm

∂x2
= Cm

∂Vm

∂t
+
∑

Iion (2.20)
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From the 1D cable equation to the 1D monodomain equation

From the cable equation, the monodomain model can be derived by incorporating, in the reac-

tion term in equation 2.20, the Hodgkin-Huxley formulation, which models the transmembrane

potential locally. The 1D monodomain equation can thus be written as:

D
∂2Vm

∂x2
=

∂Vm

∂t
+

1

Cm

Iion(Vm, ν) (2.21)

where Iion is the current flowing through the membrane ion channels, which depends on the

transmembrane voltage Vm and other variables, summarized here with ν. D is the diffusion

coefficient, and it is defined as:

D =
σi

βCm

(2.22)

where β is the tissue surface to volume ratio. The diffusion coefficient D is an important

parameter, as it models the gap junctions resistivity, which is assumed to be homogeneous over

the length of the cell.

Bidomain model

In the bidomain formulation, the syncytium is composed of two continuous and overlapping

domains: the intracellular and the extracellular domains. They are separated by the cell mem-

brane. Each domain is described by a generalization of Ohm’s law, outlining the relationship

between electrical potential (ϕ), current density (J) and conductivity (tensor G).

Je = −Ge∇ϕe

Ji = −Gi∇ϕi
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Considering the conservation of current and charge, assuming only membrane related sources

in the intra- and extra-cellular space and writing the transmembrane current as a capacitive

current plus an ionic current (Iion), we obtain the bidomain model equations:

∇ · (Ge∇ϕe) = −βm(Cm
∂Vm

∂t
+ Iion)

∇ · (Gi∇ϕi) = βm(Cm
∂Vm

∂t
+ Iion)

where βm is the surface area-to-volume ratio of a cardiac cell, Cm the cell membrane capacitance,

Vm the transmembrane voltage (given by equation 2.10) and Iion is the sum of all ionic currents

from the coupled cellular AP model.

When assuming that intracellular and extracellular conductivities have equal anisotropy ratio,

the bidomain model can be reduced to the monodomain model:

∇ ·G∇Vm = βm(Cm
∂Vm

∂t
+ iion) (2.23)

where G is the effective conductivity, derived from the proportional conductivities assumption

Ge = λGi. The bidomain model does not explicitely model the gap junctions conductances.

Similarly to the monodomain model, it lumps together the cytoplasmic and the gap junctional

resistances, homogenising the discrete cardiac tissue structure in a functional continuum.

2.1.3 Numerical solvers for cell and tissue scale models equations

The systems of ODEs which make up the models of cardiac AP can be numerically solved

with standard integration methods such as Euler or Runge-Kutta. The mono and bidomain

equations are solved using discretisation techniques, which transform the PDEs to linear sys-

tems of equations. These techniques include the Finite Difference Method and the Finite
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Element Method, which divide the continuous domain into a grid of points and into a grid

of small elements, respectively. The Finite Element Method is widely used in engineering to

solve PDEs on complex geometries, and thus numerical packages implementing this method

have been developed and made available by various research groups. In this Thesis, we use

the Cardiac Arrhythmia Research Package (CARP), developed in the Medical University of

Graz. CARP enables the user to simulate cardiac electrophysiology by providing optimized

elliptic and parabolic solvers for the mono and bidomain equations, as well as implementation

of optimized solvers for ODEs, such as the Rush-Larsen method, specifically developed for the

solution of systems of ODEs in cardiac ionic models. Numerical solution can be further ac-

celerated in CARP by using pragmatic techniques as look-up tables and exponential solutions

for gating variables, which essentially pre-compute and store values of expensive functions such

as exponentials and logarithms, which can then be retrieved from the look-up table instead of

calculating the quantity directly.

2.2 Models of hiPSC-CMs electrophysiology

In the past decade, hiPSC-CMs started to appear as a new promising tool for in vitro drug mod-

els and for regenerative medicine purposes [87]. While several models of cell electrophysiology

were produced, for different animal species (e.g. rabbit [88] and guinea pig [89]) as well as for

different human cardiac phenotypes (e.g. ventricular [90] and atrial [91] CMs), a specific model

of hiPSC-CMs electrophysiology was still missing. The firsts to fill this gap were Paci et al,

which published the first hiPSC-CMs electrophysiology model in 2013 [92]. The same authors

then built up on this work, producing other studies where they used their model to simulate

LQT1 [93] and LQT3 [94] syndromes and compared the effects of different ion channel blockers

in their hiPSC-CMs model against a model of adult CMs [95]. In 2018, Paci et al published

a new version of their model, which is the model used in this study, with updated equations

for handling calcium kinetics in hiPSC-CMs [96]. More recently, Kernik et al [97] developed

a computational model of hiPSC-CMs electrophysiology incoroporating experimental variabil-

ity from multiple data sources and demonstrated the models capabilities in linking molecular
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mechanisms to known cellualar-level hiPSC-CMs phenotypes. Lastly, in 2022 Folkmanaite et

al [98] integrated a contractile element in a hiPSC-CMs model, publishing the first hiPSC-CMs

electromechanical model. The authors coupled the Paci model with a model of human adult

CMs contractile machinery. However, the model successfully reproduced the hiPSC-CMs con-

tractile phenotype, exhibiting calcium transient and AP biomarkers within ranges established

through experiments on hiPSC-CMs.

The Paci hiPSC-CMs model used in this study follows the classical Hodgkin-Huxley formulation

(see section 2.1.1), and describes the membrane potential as follows:

Cm
dVm

dt
= −(IK1+Ito+IKr+IKs+ICaL+INaK+INa+INaL+INaCa+IbCa+If +IbNa) (2.24)

where Vm is the transmembrane potential Cm is the cell capacitance and on the right term are

listed all the modelled ion currents and pumps. All the ion currents are modelled according the

Hodgkin-Huxley formulation, with time- and voltage-dependent gating variables (see section

2.1.1). In total, the model is composed by several dozens equations, containing around one

hundred different parameters, such as ion concentrations in the modelled compartments (cyto-

plasm and sarcoplasmic reticulum) and ion channels conductances. All models equations and

parameters values are provided in the supplementary material of the model publication [99].

2.3 Global Sensitivity Analysis

Existing guidelines from regulatory agencies [100] advocate for studies involving mathematical

models to be accompanied by a sensitivity analysis. Sensitivity analysis is the study of how

uncertainty in the outputs of a system or a model relate to the uncertainty in its inputs. A

sensitivity analysis is considered local when one input at a time is varied by a small amount,

while keeping the other inputs constant. The change in each output is then examined and

related to the variation of the specific input to estimate the local derivative of the outputs with

respect to each input parameter. While this process can give an idea of how the uncertainty

in the model outputs distributes over the inputs, in complex and nonlinear models, inputs
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interact with each others. For this reason, changing one input at a time can be inadequate

[101]. A sensitivity analysis is considered global when all the inputs are varied simultaneously,

over their entire range. This approach allows quantification of the impact of each input, as

well as of inputs interactions, on the model output, providing a comprehensive view of the

model input-output relation, rather than a local one. Various methods can be used to perform

global sensitivity analysis (GSA), including regression methods and variance-based methods.

Variance-based methods have proved well suited for this problem, and have been used widely

by modellers and statisticians [102].

2.3.1 Variance-based sensitivity analysis

Variance-based techniques perform probabilistic sensitivity analysis, quantifying the sensitivity

of the outputs to the model inputs in terms of changes in the outputs variance. The output

variance is related to the input through the sensitivity indices, essentially a value from 0 to

1 computed and assigned to each input parameter. Two sets of sensitivity indices are usually

computed: the first order effect and the total effect [103]. We can derive these two sets of

sensitivity indexes by defining a model as a function Y = f(X1, X2, ...Xk), where Y is a scalar

output, k is the input space dimension and Xi is a generic input. The first order effect for a

generic input Xi is defined as:

VXi
(EX∼i

(Y |Xi)) (2.25)

where X∼i denotes the matrix of all inputs but Xi. The mean of Y is computed over all possible

values in X∼i, while fixing Xi. The variance is then taken over all possible values of Xi. The

sensitivity index associated with the first order effect is then computed by dividing the first

order effect by the total variance:

Si =
VXi

(EX∼i
(Y |Xi))

V (Y )
(2.26)
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Si is a normalized value, as the numerator varies between zero and V (Y ), and represents the

first order effect of the input Xi on the model output. The total effect index is computed as:

ST i = 1− VX∼i
(EXi

(Y |X∼i))

V (Y )
(2.27)

The fraction numerator can be thought of as the first order effect of X∼i, i.e. the first order

effect of all inputs but Xi. Thus, V (Y ) minus the fraction numerator will give the variance

contribution of all terms that do include Xi. This variance contribution is named total effect,

and it comprises the first and higher order effects, which include the interactions of the input

Xi with the other inputs. In terms of reduction of variance, VXi
(EX∼i

(Y |Xi)) is the expected

reduction in variance if Xi could be fixed, while VX∼i
(EXi

(Y |X∼i)) is the expected reduction

in variance if all the inputs but Xi could be fixed.

To compute the expected values and variances present in the sensitivity indices formulations

(equations 2.26 and 2.27 above), integrals of the function Y = f(X1, X2, ...Xk) representing

our model need to be computed. However, these integrals do not have a direct mathematical

solution, thus estimators are needed to approximate their real values.

State-of-the-art estimators for these integrals have been developed by Saltelli [103]. According

to Saltelli, the variance necessary to obtain the first-order effect Si (equation 2.26), can be

approximated as follows:

VXi
(EX∼i

(Y |Xi)) =
1

N

N∑
j=1

f(A)j(f(B
(i)
A )j − f(B)j) (2.28)

where N is the number of model evaluations, f is the function representing our model and A

and B are N × k matrices of input factors, where k is the input space dimension. In other

words, matrices A and B have on each row a combination of input parameters, sampled inside

given parameter ranges. B
(i)
A represents a matrix where column i comes from matrix A and

all other k − 1 columns come from matrix B. In this way, integral computations have been

replaced with model evaluations on the input sequences stored in A and B.
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These matrices are populated generating pseudo-random parameters sequences inside the input

space (Monte Carlo approach) or low-discrepancy sequences (quasi-Monte Carlo approach). In

this work we will use the quasi-random, low discrepancies Sobol sequencies [104], because

they have been shown to outperform crude Monte Carlo sampling in the estimation of multi-

dimensional integrals [105]. These sequences are specifically designed to generate samples of

X1, X2, ..., Xk as uniformly as possible over the k-dimensional input space. Consecutive quasi-

random points ”know” about the position of points sampled previously and fill the gaps between

them. A and B are then created from a quasi-random sequence of size N × 2k, with A being

the left half of the sequence and B the right part of it.

However, to obtain an accurate estimation of the integrals, N often results to be of the order

of hundreds or thousands, i.e. hundreds or thousands of model evaluations are required (see

terms f(A), f(B
(i)
A ) and f(B) in equation 2.28). Depending on the single model run time,

the computation of the first order and total effect indices can quickly become very expensive.

Techniques such as the use of emulators can be employed to reduce the computational burden.

2.3.2 Gaussian processes emulators

One drawback of the aforementioned cardiac tissue models is the computational burden as-

sociated with the numerical solvers necessary to solve the mono or bidomain equations. The

computational time further increases when these models need to be solved multiple times, as

happens when facing tasks like sensitivity analysis. Surrogate models (or emulators) can be

used to learn a statistical representation of the model’s input-output relationship. However, a

series of model runs is still needed to obtain a set of outputs, i.e. the data on which to train the

surrogate model. In this work we have used Gaussian processes (GPs) as surrogate to emulate

our cardiac, tissue-level models.

GPs are stochastic processes, and can be thought of as a generalization of the Gaussian probabil-

ity distribution. While probability distributions describe random variables, stochastic processes

describe functions. GPs models are used in supervised learning, in which data are used to in-

fer an input-output mapping. This problem is called regression or classification, depending
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whether the output is continuous or discrete. In a regression problem, we need to find a func-

tion f , that maps the input to the available outputs and that will allow us to make predictions

on new inputs. Essentially, we can find the target function f in two ways: we can choose a

class of functions to consider, for example linear functions of the input, or we can follow a

Bayesian approach. In the Bayesian approach, a prior probability is given to every possible

target function. This probability distribution over target functions is specified by a Gaussian

process. At this point, we can incorporate the information coming from the outputs (i.e. the

available data). Observations will give us points in the output space, enabling us to favour

functions that pass, or are close to, those points. Combining the prior with the available data

(i.e. the model outputs) modifies the prior distribution, resulting in the posterior distribution

over functions. The effect of data consists in scaling back in the posterior the functions that

are incompatible with the data. In other words, the more data arrive, the less ”flexible” our

distribution of functions become.

The choice of the prior determines the properties of the functions used for inference. These

properties can be modified by changing the covariance function of the Gaussian process. Co-

variance functions have adjustable parameters, which can be tuned according to the data.

When using GPs, the process of inferring the covariance functions parameters from the data is

considered the learning step.

Since GPs enable us to approximate our model’s input-output relationship with a function, they

represent an ideal statistical tool to create emulators, i.e. surrogate models. More formally,

our emulator can be defined as:

f(x) := m(x) + g(x) (2.29)

where m(x) corresponds to the deterministic part, given by a linear regressor:

m(x) = h(x)Tβ (2.30)

and g(x) corresponds to the stochastic part, i.e. the Gaussian process, defined as:

g(x) ∼ GP(0, k(x,x′)) (2.31)
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As we can see in the equation above, the GP is characterized by zero mean and a covariance

function, named kernel. The parameters of the linear regressor (h) in equation 2.30) are

computed byminimizing the sum of the squared residuals between the data (the observations,

or model runs, in our case) and the values predicted by the linear regressor. The GP’s parameter

are instead computed by maximizing the marginal likelihood function [106]:

p(y|X) =
∫
p(y|f , X)p(f |X)df (2.32)

where p(y|f , X) is the likelihood and p(f |X) is the prior. Under the Gaussian process model the

prior and the likelihood are Gaussian, thus their product is also Gaussian, making possible to

compute the analytical solution for the integral in equation (2.32) and ultimately computing the

marginal likelihood. The GP’s so called hyperparameters correspond to the kernel parameters.

In this work we explored two anisotropic covariance functions, squared exponential and Matern

[106]. The squared exponential has form:

kSE(r) = exp(− r2

2l2
) (2.33)

while the Matern kernel is defined as:

kMatern(r) =
21−ν

Γ(ν)
(

√
2νr

l
)νKν

√
2νr

l
(2.34)

In the equations above, the hyperparameters, which will be tuned according to the data, are l

for the squared exponential and l and ν for the Matern kernel.

A surrogate model mimics the behaviour of the simulated model, while being computationally

cheaper to evaluate, as the numerical solving of the models equations is replaced by a simple

function evaluation. The use of GPs emulators and the consequent reduction in computational

burden permitted us to perform global sensitivity analysis on a cardiac tissue electrophysiology

model.



Chapter 3

Modelling the interaction between

stem cells derived cardiomyocytes

patches and host myocardium: a

simple 3D model

3.1 Introduction

MI hospitalizes 1 person every 5 minutes in the UK [107]. Although 7 persons out of 10 survive

[108], their heart can be permanently compromised. Due to the lack of blood supply, MI can

cause parts of the myocardium to become non-contractile and non-conductive, scar-like tissue.

The presence of scar can have a severe impact on the heart, exposing patients to risks ranging

from arrhythmias to impaired cardiac function.

The irreversible damage to the cardiac tissue caused by MI and the limited ability of the adult

heart to regenerate lost CMs make cardiac transplantation or left ventricular assist devices

the only treatments able to restore cardiac function. However, heart transplants are in lim-

ited supply and require life-long immuno-suppression [24], while left ventricular assist devices

have approximately 80% complication rate [109]. Cardiac regenerative medicine has recently

74
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been proposed as a promising alternative [24, 110, 111]. It comprises a wide spectrum of novel

treatments, whose target is to replace or augment the function of tissue lost to cardiac infarcts.

In this study we focus on the epicardial application of patches of stem cell-derived engineered

heart tissue [112].

Many challenges need to be faced in the development of this treatment. A better understand-

ing of the electrical interaction of the engineered and host heart tissue is crucial. While the

presence of new engineered heart tissue can represent an alternative pathway for the electrical

propagation in presence of scar tissue, the immaturity of the hiPSC-CMs can lead to different

electrical propagation properties to the host that may contribute to an increased arrhythmia

risk [38, 113, 114]. In vitro experiments involving patches have been conducted using many

experimental setups with differences in pacing rates, engineered heart tissue dimensions and

host species, making it hard to compare results and interpret results in the context of human

physiology [115, 116, 117].

Computer simulations of the heart have advanced to a point where they are being used for

interpreting and guiding clinical procedures [84]. Here we apply this approach to develop and

validate a tissue-scale model to simulate in silico electrical propagation in a slab of scarred

heart tissue in the presence of a patch of engineered heart tissue and CP engrafted at the

epicardium.

This model is geometrically simple, does not resemble real heart anatomy and thus cannot be

used to test potential creation of pro-arrhythmic circuits arising from the attachment of the

EHT patch. However, the use of a ionic cell model reproducing the ion channels kinetics of

hiPSC-CMs will enable us to test potential arrhythmic behaviour arising from the hiPSC-CMs

automaticity. Moreover, we will test how the presence of the EHT patch influences electrical

propagation from one end to the other of the tissue slab by recording the activation time in

the corner of the slab opposite to the stimulation area, on the other side of the scar-EHT

complex. We will use this measure to compare electrical propagation resulting from different

model’s parameters (such as EHT patch conductivity) combinations. The activation time in

the corner opposite the stimulation area will also represent a scalar model output for our tissue

model, which will enable us to use machine learning and global sensitivity analysis techniques
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adapted to cardiac modelling to identify engineered heart tissue patch design variables that are

important for restoring physiological electrophysiology in the host myocardium. We then test

if these important variables are species dependent. Finally, we demonstrate how engineered

heart tissues could be modified to recover physiological activation while reducing arrhythmic

risk.

3.2 Methods

3.2.1 From 3D geometry to a thin 3D idealized model

To investigate the impact of patch design on activation properties we created a thin 3D slab

model of the myocardium (Figure 3.1). The model structure was chosen to resemble current lab

experiment designs. This model consists of a transmural cross section of host myocardium, an

infarct region, a bath region (representing the Tyrode’s solution the hearts are usually coated

with during ex-vivo experiments in a Langendorff setup), an epicardial patch spanning the

infarct region and a space between the patch (designated the internal bath area) and host

myocardium capturing imperfect contact due to attaching the patch to the host only at the

edges. The patch is modelled as a layer of hiPSC-CMs, which we refer to as EHT for brevity,

combined with a layer of CP.

The model approximates a scar in the left ventricle wall. Figure 3.2 indicates how the model

relates to a 3D experiment. As an example, we selected a human left ventricle anatomy model

generated from cardiac magnetic resonance imaging [118]. To display how the thin 3D model

relates to the cardiac anatomy. We have introduced a transmural scar (orange) into the human

3D left ventricle anatomy (A), we cut the ventricle to obtain a transmural section of the

ventricular wall (B). We then focus on the infarcted area (C), where experimentally the EHT

patch would be engrafted and indicate where the patch would be located relative to the scar

(yellow). For our study, we have created a thin 3D model to provide a generalizable parametric

representation of a patch over this transmural scar section (D). From this baseline thin 3D
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Figure 3.1: Schematic representation of our thin 3D tissue slab model along with the 10
design input parameters considered: Scar radius (SR), Scar depth (SD), Scar conductivity
(SC), Engineered heart tissue thickness (EHTt), Engineered heart tissue conductivity (EHTc),
Contact area (CA), Conductive polymer thickness (CPt), Conductive polymer conductivity
(CPc), Internal bath thickness (IBT), Tissue thickness variation (∆tt).

model, we vary the geometrical dimensions and conductivities of the different model components

(scar, EHT, etc..) to predict the key design variables for determining the impact of EHT on

the host-myocardium electrophysiology.

3.2.2 Schematic tissue model description

We consider 10 model input design parameters: tissue thickness (∆tt), internal bath thick-

ness (IBT), engineered heart tissue thickness (EHTt) and engineered heart tissue conductiv-

ity (EHTc), conductive polymer thickness (CPt) and conductive polymer conductivity (CPc),

scar radius (SR), scar depth (SD) and scar conductivity (SC) and width of the engineered heart

tissue-slab tissue contact area (CA). Physiologically plausible ranges for each parameter were

defined from the literature (Table 3.1). The tissue thickness was chosen based on literature

values for the rat, rabbit and human hearts ventricular wall [119, 120] (2, 4, and 6 mm, respec-

tively), and variations from the reference value are encoded by the parameter ∆tt, ranging from

-10 to +10% relative to the reference wall thickness value. To approximate the impact, if any,
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Figure 3.2: From 3D geometry to our idealized thin 3D model. A) Human left ventricle
anatomy model with transmural scar. B) Plane cutting transmurally through the ventricle
wall. C) Extracted transmural section. D) Idealization of the geometry and application of an
EHT patch mimicking experimental design.

of incomplete engraftment, we set the internal bath thickness between 0.1 and 1 mm, although

we do not have literature values for this parameter. The values of the parameters related to

the EHT patch (thickness, conductivity, and contact area) were chosen based on literature

values from in vitro experiments where EHT patches had been engrafted onto the epicardium

of infarcted hearts [110, 38, 121, 122, 123, 40]. The EHT thickness range is 0.5–2 mm and

the range for EHT conductivity was taken as 10–80% of healthy myocardial conductivity. The

scar depth was chosen between 10% and 100% of the tissue thickness [121, 124, 125] (100%

thickness corresponds to a transmural scar). The scar radius was set to between 0.7 and 6.6

mm. This allowed us to set the patch length to the average size of experimentally engrafted

patches [124, 125], while still covering the scar. The scar conductivity was varied between 0

and 50% of the healthy host myocardium conductivity [126, 127, 128, 129]. The conductive

polymer thickness was set to 0.5–2 mm and the conductivity values <18 S/m. Both values were

gathered from in vitro measurements performed on conductive polymer patches [53, 130, 131].
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parameter
label

parameter
definition

range units references

SR scar radius 0.7-6.6 mm [38, 125]
SD scar depth 0.2-6 mm [121, 38, 125]
SC scar conductivity 0-0.14 Sm−1 [126, 127, 128, 129]

EHTt
engineered heart tissue
thickness

0.5–2 mm [38, 110]

EHTc
engineered heart tissue
conductivity

0.028-0.224 Sm−1 [121, 122]

CA
engineered heart tissue
myocardium slab
contact area

0.5–2 mm [123, 40]

CPt
conductive polymer
thickness

0.5–2 mm [53, 130]

CPc
conductive polymer
conductivity

0–18 Sm−1 [53, 131]

IBT internal bath thickness 0.1–1 mm -

∆tt variation in slab thickness 0–10
% of tissue
depth

[119, 120]

Table 3.1: Parameter ranges from literature for the 10 model input parameters.

We developed two versions of the model: one with the scar growing from the epicardium to

the endocardium (labelled epi-endo), and one with the scar expanding from the endocardium

to the epicardium (endo-epi). These two versions are described by the same 10 parameters.

From these general models, we derived 3 sub-cases, progressively fixing the values of the 3

scar parameters (namely the scar depth, scar conductivity and scar radius). First, we set the

scar depth equal to the tissue thickness, so that the scar is always transmural. This model

was labelled transmural. Second, in addition to the scar depth being set equal to the tissue

thickness, we also set the scar conductivity to 0, and we labelled this model block. Third, besides

fixing the scar depth and conductivity, we also fixed the scar radius, setting it to 3.5 mm when

modelling rat and rabbit myocardium and 5 mm when modelling human myocardium. We

labelled this last sub-case fixed. Figure 3.3 below shows how the 3 sub-cases are derived from

the two main versions of the model, as well as a schematic representation for each of them.
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Figure 3.3: Value ranges of the 10 parameters (rows) used in the two versions of our model
(epi-endo, and endo-epi, 1st and 2nd columns respectively). The 3 sub-cases (transmural, block
and fixed) are shown in the 3rd, 4th and 5th columns. The table shows which parameters
of the original model are fixed in order to derive each sub-case. The bottom row displays
representations of each model version and sub-cases.

3.2.3 Simulating cardiac electrophysiology

As introduce in Chapter 3, cardiac electrophysiology is simulated using the bidomain model

[132]. The bidomain equations model the cardiac tissue as a syncytium, composed by the

intracellular and the extracellular domains. Intracellular (ϕi) and extracellular (ϕe) potential

are linked through the transmembrane current Im:

∇ ·Ge∇ϕe = βmIm

∇ ·Gi∇ϕi = −βmIm
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Where Gi and Ge are the intracellular’s and extracellular’s conductivity tensors and β is the

cardiac cells surface to volume ratio. The transmembrane current Tm is expressed as follows:

Im = Cm
∂Vm

∂t
+ Iion(Vm, ν)− Itrans

Where Cm is the membrane capacitance per unit area, Vm is the transmembrane voltage (defined

as ϕi −ϕi), Itrans is the transmembrane current density stimulus and Iion is the current density

flowing through the membrane ion channels, which depends on the transmembrane voltage Vm

and other variables, summarized here with ν. As described in Chapter 3, this represents the

reaction term of the bidomain model PDEs. The equations describing the relations between ion

channels and transmembrane potential depend on which cell ionic model one decides to couple

with the biodomain equations. In this work, we aim to model a slab of myocardial tissue from

different animal species, namely rat, rabbit and human. We thus chose 3 different ionic models,

to represent each species’ myocardium. We adopted the Mahajan model [88], the Terkildsen-

Niederer-Crampin-Hunter-Smith model [133] and the Ten Tusscher model [90] for the rabbit,

rat and human myocardium, respectively. For the EHT the model of hiPSC-CMs from Paci et

al [96] was utilized. The model equations were solved using the Cardiac Arrhythmia Research

Package (CARP) [134]. A representative AP trace for each cell model is shown in Figure 3.4.

In the cardiac tissue, myocytes are arranged in fibre-like structures, with propagation faster

parallel to the fiber orientation than perpendicular to it [135]. To capture this anisotropic

behavior, we incorporated fibers in our model, transmurally rotating (from endocardium to

epicardium) from a 40° angle to a -50° angle, with respect to the longitudinal direction [136].

Figure 3.5 serves as a visual aid for understanding fibres orientation in our thin 3D model.

Our model is made of a layer of tetrahedral elements, and a vector determining the fibre

orientation is assigned to each element. As can be seen in Figure 3.5, the fibres transmurally

rotate (from endocardium to epicardium) from a 40° angle to a -50° angle, with respect to

the longitudinal direction. This approach follows a previously validated method for assigning

fibres to ventricular models [136]. The conductivities along the fibers’ direction (longitudinal)
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Figure 3.4: Representative AP traces from the 4 cell ionic models used to model rat, rabbit,
human and hiPSC-CMs electrophysiology.

and perpendicular to the fibers’ direction (transversal) are set according to Roberts and Scher

[135], for both the intracellular and extracellular domains (Table 3.2), leading to conduction

velocities of approximately 50 cm/s in the longitudinal direction and 20 cm/s in the transverse

direction. For all simulations the bath conductivity was set to 1 S/m, to match Tyrode’s

solution conductivity [137, 138].

definition value units reference

EHT ionic model Paci - [96]
longitudinal tissue conductivity 0.28 Sm−1 [135]
transversal tissue conductivity 0.026 Sm−1 [135]
fibers orientation rule-based - [136]
longitudinal extracellular conductivity 0.22 Sm−1 [135]
transversal extracellular conductivity 0.13 Sm−1 [135]
bath conductivity 1 Sm−1 [137, 138]

Table 3.2: Model quantities kept fixed in all simulations: conductivity of the internal and
external bath areas, ionic model used for the EHT (the model from Paci et al), conductivities
and fiber orientations for the host myocardium.
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We phenomenologically model the scar by decreasing the tissue conductivity [128]. No border

zone between scar and healthy tissue or scar fibers remodeling were included in the model. The

scar, EHT and CP conductivities are set for each simulation (ranges in Table 3.1). The scar

conductivity range we set (0 to 50% of the healthy tissue conductivity) yields scar velocities

between 10 and 40 cm/s, depending on the ionic model (rat, rabbit, or human). These

settings allow our model to match the velocity range reported in the literature for propagation

in scars, usually reported to be 50% or less than the healthy myocardial conduction velocity

[70, 139, 140]. All models are created using thin 3D tetrahedral slab meshes with an edge length

of 100 µm. The reference cross section dimensions of the tissue simulations are 14x2, 14x4 and

20x6 mm for rat, rabbit and human, respectively, and are representative of the ventricular size

and wall thickness in each species. Changes in wall thickness are encoded by a parameter (∆tt),

representing the change in wall thickness from the reference value. For analysis of the effects

of geometry, we consider variations in scar length and depth, internal bath thickness, CP and

EHT thickness and EHT-tissue contact (Figure 3.1 and Table 3.1). The tissue is stimulated

by injecting a transmembrane current (100 µA/cm2) on the left side of the slab, across the

whole slab section (Figure 3.1). We simulate 350 ms of propagation to ensure the whole tissue

is activated. For all species, the tissue was modelled as having a 1 Hz pacing rate to match

standard experimental conditions. To approximate a steady state, the cell model was paced

with a 30 µA/cm2 transmembrane current for 800 s at 1 Hz. The state variables were saved

and were used for initializing the cell model in the tissue simulation.

3.2.4 Conductive polymer modelling

There are two main mechanisms for charge transport: diffusion and drift. The first is caused

by concentration gradients while the second is caused by the presence of an electric field. In

a conductive polymer, the electric field is caused by net charge, i.e. local imbalances between

concentrations of positively and negatively charged species. Mathematically, under the use of

a continuum assumption, charges movement in a conductive polymer can be modelled using

PDEs. Poisson’s equation is used to model the electrical field, relating its gradient to the
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Figure 3.5: Visualization from 3 different angles of our model’s fibers distribution. A: frontal
view. B: angled view. C: Side view. Our slab model is made of a layer of tetrahedral elements.
A vector determining fibre orientation is assigned to each element. Fibers are rotating from
endocardium to epicardium. The EHT patch is assumed isotropic.

net charge inside the polymer. The Nernst-Plank equation models the ion current due to

drift and diffusion. The two PDEs are coupled because of the intrinsic relation among ions

concentrations, net charge, electric fields and ions drift. More in detail, the current density in

a CP can be written as:

Ji = Jdiff
i + Jdrift

i

where the two contributions, respectively from diffusion and drift, can be written as:

Jdiff
i = −Di∇Ci

Jdrift
i = ziµiCiEi

where Di is the diffusion coefficient, Ci is the concentration of the species i, zi is the charge

per species molecule, µi is the mobility and Ei is the electric fields, being E = −∇ϕ. The
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concentration Ci is expressed with the continuity equation:

∂Ci

∂t
= −∇ · Ji

By substituting the formulation of the current density Ji, we obtain the Nernst-Plank equation

for the rate of change of the concentration of species i:

∂Ci

∂t
= −∇ · (−Di∇Ci − ziµiCi∇ϕ)

where species i can be ions or electrons. In the bidomain model adopted in this work, the

extramyocardial domain is assumed Ohmic, and thus the potential propagation in this domain

is described by a generalized Laplace equation. To reach this formulation, 3 assumptions have

been made. First, we assumed charge movement to be carried by a single species:

∂C

∂t
= −∇ · (−D∇C− zµC∇ϕ)

Second, we assumed that the concentration of charge carriers does not change over time:

0 = −∇ · (−D∇C− zµC∇ϕ)

Third, we assume homogeneous charge concentration across the CP, so that the diffusive prop-

erties of the CP are homogeneous, bringing to 0 the diffusion term and enabling us to ignore

the coefficients multiplying ∇ϕ:
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0 = −∇ · (∇ϕ)

We have thus reached the Laplace equation, used in this study for a simplified Ohmic conduc-

tor model of the CP. In previous works, charge transport in CP has been modelled using a

continuum assumption and PDEs to describe the rate of change in concentration of charged

particles [141, 142]. These studies aimed at the describing the ions and holes movement in

a small portion (nanometers) of CP. In this study we incorporate the CP in a myocardial

slab model, modelling the CP on a larger scale (millimeters). To account for the effects of

the conductive surface provided by the CP when in contact with the myocardium [130], we

modelled the CP as an Ohmic conductor. This assumes that the charge concentration remains

homogeneous across the CP, that the concentration of charge carriers remains constant over

the duration of the simulation, that the diffusive properties of the CP are homogeneous, and

that charge transport is governed by drift. The CP model is discussed further in the limitations

section at the end of this Chapter. The conductive properties are varied by the range of values

reported in the literature (Table 3.1).

3.2.5 Stem cells-derived engineered heart tissue modelling

The structure of the patch is shown in Figure 3.1. The patch consists of two layers: a CP

(blue) and a layer of hiPSC-CMs (yellow) labeled as EHT. While the CP is modelled as an

ohmic conductor, the EHT is modelled using the bidomain equations for cardiac tissue. The

EHT connects the healthy myocardium at the two ends of the scar, effectively creating a new

pathway for electrical propagation. The EHT is described by a hiPSC-CMs ionic model to

include features of non mature cardiomyocyte phenotype, typical of hiPSC-CMs [96].
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3.2.6 Gaussian processes-based emulators

The presence of MI scars creates regions of slow conduction in the heart, which can lead to

arrhythmia [143]. To measure conduction delay caused by the patch, we computed the change

in REAT in the model (measured as the time from stimulation to activation of the top right

corner) and used this value to evaluate the impact of different parameters in our model. In such

fashion, we can think of our model as a function X → Y where X = N ×D and Y = 1×N .

This function maps the matrix X, whose rows corresponds to the N sets of parameters sampled

from the D-dimensional parameter space, to the vector Y, a column containing the REAT for

each simulation. Fully exploring the 10-dimensional design space is computationally intractable

with bidomain simulations. Thus, to reduce the computational time to evaluate the model for

a given set of parameters we created a Gaussian Process-based emulator for the REAT as

a function of the model’s parameters (Table 3.1). In total, we trained 15 Gaussian Process

emulators, one for each version of the model and one for each of the sub-cases, and for the 3

different species. The emulator is defined as f(x) := m(x) + g(x), where m(x) corresponds to

the deterministic part, given by a linear regressor, and g(x) corresponds to the stochastic part,

given by a Gaussian Process. The linear regressor acts as a mean function, while the Gaussian

Process is zero-mean and models the residuals. Two sets of parameters must be fitted, for such

surrogate model to emulate the original model. We first fit the linear regressor parameters, by

minimizing the sum of the squared residuals between the data (Y) and the values predicted by

the linear regressor. The GPs’ parameters are fitted to these residuals, i.e. to the data minus

the predicted mean. The GPs are characterized by zero mean and a covariance function, called

kernel. We fit on the residuals the kernel’s parameter, termed the GPs’ hyperparameters. The

fit is made by maximizing the marginal likelihood function (see equation 2.30 in Rasmussen

et al [106]). We used a first-degree polynomial as mean function for the linear regressor, and

we tested 2 different anisotropic covariance functions for the kernel: squared exponential and

Matern (see equations 4.9 and 4.14 in Rasmussen et al [106]). Two possible fitting strategies

can be used. The linear regressor coefficients can be fitted separately, by minimizing the sum of

the squared residuals with respect to the data, or concurrently with the GPs’ hyperparameters,

by maximal likelihood. We implemented the first strategy. In previous works it has been
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shown that the two different strategies do not have a relevant impact on the GPs predictions

[144]. Among the various metrics available, we choose the coefficient of determination, or R2,

to measure the accuracy of our emulator. The R2 score has 1 as an upper bound, i.e. the best

possible score, and it can be negative, although the score often lays between 0 and 1, since

a constant model that always predicts the same value, disregarding the input, would get a 0

score. The R2 score is computed with a 5-fold cross validation. The emulators were built using

routines from scikit-learn [145], a Python open-source machine learning library.

3.2.7 Training set creation

To train the GPs emulators we need a data set that maps from parameter values to the REAT

value over the parameter space. For the 2 versions of the model (epi-endo, endo-epi), and each

of the 3 sub-cases (transmural, block, fixed - see Section 3.2.2) we sampled 500 combinations of

parameters from their D-dimensional parameter space using a Latin Hypercube, with D=10,

10, 9, 8, 7, respectively. At least 50 samples per parameter were considered. Simulations are

performed for each parameter combination, leading to 7,500 simulations in total for training

the GPs emulators.

We emplyed a 5-fold cross-validation with a train, validation, test split of 80-10-10. This means

that 80% of the 500 data points were used for training, i.e. we tune the GPs hyperparameters

to minimize the difference between the model predictions and those points. 10% of points are

used for validation, i.e. we “hide” those data points during training. This is used to make sure

the model is not overfitting, i.e. it is not learning “too much”, or too specifically, the patterns

of the training set. The remaining 10% of data is used as a test set, to have a final assessment

of how the model can perform on “new” data, i.e. on data that has never seen before. We

performed a 5-fold cross validation, meaning that we repeated this process 5 times per training,

randomly creating a different 80-10-10 partitioning of the dataset each time. We then took

the mean of the emulators R2 scores, computed on each of the 5 test dataset, as a measure to

summarise the accuracy of the emulators.

To post process the simulations, the activation times were computed from the transmembrane
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voltage, as the instant in which it crosses (with positive derivative) the –10 mV threshold. The

AP propagation across the tissue slab was classified into 3 different paths. Bottom: the wave

travels in the lower half of the tissue slab. Middle: the wave travels in the upper half of the

tissue slab. Top: the wave travels through the EHT (see Figure 3.11).

3.2.8 Global sensitivity analysis

We performed a variance-based GSA [146] on each setup and sub-case of the defined tissue

model. Specifically, we evaluate the total effect index, where the total effect for the i-th input

parameter (STi) consists of the sum of the i-th first order effect (Si) and the higher-order

interactions. The first order effect is a normalized index that explains how much output variance

is explained by the i-th parameter on its own. The higher-order interactions represent the

contribution to the output variance from the interactions of the i-th parameter with all the

other input parameters [103]. Trivially, in the case of a 2-dimensional parameters space, the

total effects indexes can be written as:

ST1 = S1 + S12

ST2 = S2 + S21

where S1 and S2 are the first order effects and S12 and S21 are the higher-order interactions (in

this case the only higher-order interaction present is the second-order one). To compute the

Sobol sensitivity indexes we make use of the open-source Python library SALib [147], which

implements the Saltelli method [103]. Since exact computation of the Sobol sensitivity indexes

(see equations 2 and 4 in Saltelli et al [103]) requires solving integrals that are not analytically

computable, the Saltelli method implements estimators (equations 16 and 19 in Saltelli et al

[103]) that approximate the indexes real value. In turn, computing the estimators requires the

evaluation of the model in a series of points, called the quasi-random, low discrepancies Sobol

sequences [104]. Albeit the computational cost of our model is relatively cheap (from ≈ 100 s to
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≈ 200 s depending on the slab dimensions in a 36 cores machine), a good approximation of the

indexes real value needs at least Ns = 1000 points in the Sobol sequences, which translates in

Ns × (D + 2) model evaluations [103]. Assuming Ns = 1000, computing the estimators for our

5 setups (D = 10, 10, 9, 8, 7) requires 1000× ((10+2)×2+9+2+8+2+7+2) = 54000 model

evaluations. Simulate the model 54000 times would require 112.5 days of simulation time. To

overcome this, at the points belonging to the Sobol sequences, instead of running the model

we evaluated the GPs emulator. As summarised in section 3.2.7, we used 500 simulations to

train a GPs emulator for each model setup. This approach permitted us to run 500× 5 = 2500

simulations instead of 54000, sparing 51500 simulations. This is valid for each of the 3 species,

thus, in total, emulating the model saved us 51500× 3 = 154500 simulations.

3.2.9 Parameters that match healthy activation times

GSA highlights which parameters play a key role in stimulus propagation in our model. We

selected the most important parameters to tune to recover physiological activation times in

the model. The healthy activation times are estimated by removing the scar, the EHT and

the CP patch from our model, reducing it down to a slab representing a transmural slice of

host myocardium. We repeated this procedure for the rat, rabbit and human models. We

compared the REAT for different parameters values in the models with an EHT patch with the

corresponding simulated healthy activation times for each species.

3.2.10 Arrhythmic behaviour

Finally, we focus on the human model and we assess whether the changes made to this model

to match healthy electrophysiology led to pro-arrhythmic behavior. We chose to compute the

repolarization gradients as a marker of arrhythmic activity. Early studies have established a

close linking of repolarization heterogeneities and cardiac arrhythmogenesis [148, 149]. Addi-

tionally, the presence of an imbalance between the current available and the current needed

for cell excitation (source-sink mismatch) and repolarization heterogeneities has been linked
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with unidirectional block [150]. Since the engraftment of EHT patches is likely to introduce a

source-sink mismatch (through the wavefront geometry and structural modifications), we con-

sidered the repolarization gradient to be, albeit approximately, a metric representative of the

arrhythmic risk following EHT engraftment. To compute the repolarization gradients, we paced

the model for 100 beats to reduce any transient effects. For the 100th beat only, we calculated

the time to 80% repolarization at each node of the mesh. We then calculated the magnitude

of the gradient of these repolarization times. We report repolarization gradients in the tissue

slab, focusing on the interface between the EHT patch and the host myocardium. We focused

on this area as it was the area with the highest gradients, it was the area most affected by the

presence of the EHT and was close to the border of the scar, which is an area that is prone to

ectopics [151]. Spatial plots of repolarization times and gradients can be seen in Figure 3.6 and

Figure 3.7.

Figure 3.6: Spatial plots of the repolarization times for the human model (fixed sub-case).

3.2.11 Validation

To validate the model, we compared simulated changes in CV in the presence of non-native

CMs engrafted on animal hearts in four optical mapping experiments [121, 40, 124, 53]. All

simulations use the model structured as described above (Figure 3.1), which we will refer to

as reference model, with modifications to match the specific experimental setups of the four

different studies (Table 3.3).
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Figure 3.7: The upper panel shows the repolarization gradient over the whole mesh at the
100th beat. In the lower panel, the blue rectangles indicate the areas considered for reporting
the repolarization gradient. The values shown in Figure 3.15 are the repolarization gradients
computed for the mesh nodes located in this area.

Model parameters

Papers
SR

[mm]
SD

[mm]
SC

[S/m]
EHTt
[mm]

EHTc
[S/m]

CA
[mm]

CPt
[mm]

CPc
[S/m]

IBT
[mm]

Tissue thickness
[mm]

Range used in this study 0.7–6 0.2–6 0–0.14 0.5–2 0.028–0.224 0.5–2 0.5–2 0–18 0.1–1 1.8–6.6
Jackman et al [124] - - - 1 0.224 0 - - 0.1 3
Thompson et al [121] - - - 0.2 0.224 30 - - 0 0.2
Zimmermann et al [40] 5 3 0 3 0.224 2 - - 0 3

Mawad et al [53] 3 2 0.06 - - - 0.5 16 0 2

Table 3.3: Modifications to model parameters to match the experimental studies setups. The
first row reports the ranges used in our simulation study, while the rows below display the
parameters values used to replicate each of the 3 experiments.

In Jackman et al [124], Langendorff rat hearts in a bath were engrafted with a 10 mm × 10 mm

patch of neonatal rat cells. Prior to engraftment patches were paced at 1 Hz. Whole hearts

were paced at 2 Hz. CV was measured before and after engraftment, in 3 different locations:

on the patch, on the tissue underneath the patch and on the tissue far away from the patch.

To simulate their experimental setup, we removed the scar and CP from our reference model.

We also set the EHT-tissue contact area to 0 to match the presence of a thin layer devoid

of CMs between the patch and the epicardium, as highlighted by the histological exam. The
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remaining model parameters (second row in Table 3.3) were set based on their reference values

(Table 3.1). We repeated the 1 Hz pacing protocol, first pacing the scar and then the tissue.

We extracted activation times to compute CVs in the three locations where they were experi-

mentally measured, i.e. patch, tissue under the patch and tissue far away from the patch. We

use the Terkildsen-Niederer-Crampin-Hunter-Smith model [133] for rat electrophysiology and

a neonatal rat cell ionic model [152] for the EHT.

In Thompson et al [121], rat neonatal cells monolayers are treated with transforming growth

factor β and superimposed with monolayers of human embryonic stem cell-derived CMs. To

replicate this setup, we removed scar and CP from the reference model, as done for the previous

study, and set the tissue thickness to 0.2 mm, the internal bath thickness to 0 and the EHT-

tissue contact area to 30 mm, i.e. the whole length of the monolayers (third row in Table 3.3).

We set the bath conductivity to 0 S/m, since the monolayers were not perfused in a bath, but

grown on fibronectin lines. We also reduced the tissue conductivity from 0.28 S/m to 0.123 S/m

to match the 56% reduction in CV observed in the rat neonatal cells monolayers, following the

treatment with growth factor β. The remaining parameters values were set as the mid values

of the respective ranges, previously defined (Table 3.1). We used a neonatal rat cells ionic

model [152] for the monolayers and the Paci model [96] for the stem cell-derived monolayers.

We computed the rat neonatal cells monolayers CV before and after superimposing the stem

cells-derived CMs layer, as was done experimentally.

In Zimmermann et al [40], left anterior descending artery ligation was performed on 8 Langendorff-

perfused rat hearts, causing large transmural infarcts. The hearts were then engrafted with thick

(15 mm × 15 mm × 2–3 mm) patches of neonatal rat cells. Myocardium CV was measured

before and after engraftment through multi-electrode epicardial mapping. This system was

modelled by removing the CP from the model and by setting the EHT thickness to 3 mm. Val-

ues belonging to the previously defined ranges were used for the remaining parameters (fourth

row in Table 3.3). CV was again computed on the myocardial slab, before and after adding

the EHT patch, and predicted changes in CV were compared against experimental observations.

In Mawad et al [53], polyaniline patches were engrafted on both healthy and infarcted Langendorff-

perfused rat hearts. CVs were computed through optical mapping data on healthy and infarcted
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hearts, before and after patch implantation. The CP patches did not include CMs, for this rea-

son we removed the EHT from our reference model. We then set the CP patch conductivity

to 16 S/m, to match the one reported in the paper. We also removed the scar to model the

healthy hearts, and we paced our model without (control) and with the CP patch. Finally, we

added back the scar to the model, tuning the scar conductivity to match the decrement in CV

observed in the ex-vivo hearts after infarction (fourth row Table 3.3). The resulting CV was

taken as control. We then added the CP patch to the model with the scar, paced and measured

the CV.

The exact nodes used to compute the CVs, as well as schematic representations of all the mod-

els used can be found in Figure 3.8. The CV between two nodes was computed by dividing

their distance (difference in x coordinate, given that the nodes were selected with the same y

coordinate) by the difference in the node activation times. Except when replicating the Jack-

man et al [124] experiment (Figure 3.8A), where the CV had to be measured at specific sites,

we selected two epicardial nodes, one on the left side of the slab (before the scar) and one on

the right side of the slab (after the scar), to compute a mean CV across the entire slab. The

location of the selected nodes is reported below in Figure 3.8.

The internal bath thickness was set to 0 in the models used for the validation. However, in the

range of parameters tested, it was always greater than 0, being the spanned interval 0.1 – 1 mm.

We made this choice because: 1- we generated models automatically with dimensions described

by scalars; 2- we wanted to have a consistent mesh discretization for running simulations; 3- We

were concerned that meshes would fail to resolve a gap between 0 and 0.1 mm without a very

high mesh resolution. For these reasons, we took a pragmatic decision and set 0.1 mm as the

lower bound for the internal bath thickness with the intention of streamlining model generation

and standardizing mesh generation without the need for model-specific mesh refinement.
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Figure 3.8: Schematic representations of the models used in the validation step. The crosses
indicate the nodes that were selected to extract the activation times and to compute the con-
duction velocities.

3.3 Results

3.3.1 Model validation

One simulation run of our model took between 100 and 200 seconds of computational time. We

do not report screenshot of the validation simulations, but we refer to Figure 3.8 for schematic

representations of the models used in validation, and to Figure 3.13 for a sample of activa-

tion pattern in our model. We compared simulations results against four previously reported

experimental studies [121, 40, 124, 53]. Consistent with Jackman’s finding of no significant

change in the CV, our model predicts no change (Figure 3.9A). When replicating the experi-

ment from Thompson et al (Figure 3.9B), our simulations predicted an increase in CV of 20%.

This compares with a 110% increase in CV reported by Thompson et al. Our modelling frame-

work captures this increase in CV qualitatively, if not quantitatively. This demonstrates that

our modelling framework behaves as expected. However, a model calibrated for specific tissue
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patches is likely to be necessary to achieve quantitative agreement with experimental results.

For this reason, in subsequent analysis, we account for the potential uncertainty in the model

parameters by performing a global sensitivity analysis over ranges of values, as opposed to

specific parameter values. Zimmermann et al, reported that the host CV after patch implan-

tation was 20% lower than in healthy hearts, this compares with a 22% decrement in CV in

our simulations (Figure 3.9C). Mawad et al, reported a decrement in host CV after CP patches

grafting. This observation was not matched by the model, that predicted a 10% increment of

CV (Figure 3.9D). However, in a similar experiment in scarred tissue Mawad et al reported a

10% increment, that was matched by the simulations (Figure 3.9E).

In Figure 3.9, normalized CV means that the CV values are normalized to the control CV val-

ues. The experimental CV values, before and after engraftment (before=control, after=graft),

coming from the considered papers are normalized to the control values mentioned in the pa-

pers. In the same fashion, the CV values from the simulations are normalized to the CV values

coming from the control simulations. That is why the control CV values are always equal to 1

throughout Figure 3.9, because the are always divided by themselves.

To test if the 0.1 mm gap causes a meaningful difference in activation times relative to the 0 mm

gap used in the validation simulations, we ran 5 additional simulations to compare models with

IBT of 0.1 mm and 0 mm. We chose the rat model, and run simulations with a IBT of 0 mm

for each sub-case (epi-endo, endo-epi, transmural, block, fixed), choosing one of the parameter

combinations previously sampled, where IBT was 0.1 mm. As displayed in Figure 3.10, the

electrical propagation and the REAT in the compared models are almost identical, showing

that including an IBT of 0 mm in the parameter range is not likely to impact the results.

3.3.2 Do the effects of engineered heart tissue on activation depend

on the species?

Current experiments for evaluating EHT in infarcted hearts use small animal models, predom-

inantly rabbit and rat [115]. To test if specific patch design variables change with different
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Figure 3.9: Results of the model validation. Experiments from 4 papers were compared to
the model: Jackman et al (A), Thompson et al (B), Zimmermann et al (C) and Mawad et al
(D-E). In panel A CV is evaluated in 3 different areas: on the patch, on the tissue far from the
patch and on the tissue under the patch. In all 3 experiments, CV before (control) and after
(graft) the attachment of the patch is compared. The CV measured experimentally (mean and
standard deviation) are represented as black dots with error bars, with the p-values associated
with each experiment. The simulated CV are displayed as red diamonds.

species, we compare the simulations in models with rat, rabbit and human host myocardium.

We first consider the stimulus propagation paths. Secondly, we compute the GSA total effect

indexes to highlight the most important parameters.

Distribution of stimulus propagation paths

We assessed if the path of activation dynamics in the presence of a scar and patch are consistent

across the 3 species. We classified the activation wave path across the model in all simulations

(500 for each of the 5 model setups – see sections 3.2.2 and 3.2.7). The activation wave path

is classified based on whether the stimulus propagated through the lower half of the slab, the

upper half of the slab, or through the EHT (Figure 3.11). In rat, rabbit and human, in the

epi-endo setup, the stimulus always reaches the right side of the slab propagating through its
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Figure 3.10: Upper panel: comparison of activation patterns in the model with the internal
bath thickness set to 0.1 or 0 mm. Lower panel: table comparing the REAT for both internal
bath thickness, for each of the 5 setups, in the rat model.

lower half. In the endo-epi setup, a decrement of cases classified as “lower half” is observed

across all the 3 species, together with propagations both through the upper half and the EHT.

In the transmural setup, stimulus spreading is divided between lower half and EHT in rat,

rabbit, and human models. Block and fixed setup are not shown, as the stimulus is forced to

travel through the EHT. This shows that, in our study, the dimensions and electrophysiology

of each species does not impact the activation wave propagation path.

Impact of model parameters on stimulus propagation

In Figure 3.12 the total effect indexes from the GSA for each of the 5 setups (see section 3.2.2)

for the rat, rabbit, and human model are plotted. For all species, the indices indicate that in the

first 3 setups (epi-endo, endo-epi and transmural) the stimulus propagation is mainly affected

by the scar parameters. Specifically, in the first 2 setups (epi-endo and endo-epi) the scar depth

and the scar conductivity have the highest index, explaining between 66–70% and 21–27% of

the model output variance in the first setup and 65–69% and 20–25% in the second one. In

the third setup (transmural), where the scar depth is fixed, the variance is mostly explained by
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Figure 3.11: Cross-species comparison of the 500 simulations run to create the training
datasets, classified as lower half, upper half or EHT, according to the propagation path (arrows
in the left panel) followed by the stimulus. The colours on the right panel represent the arrows
colours in the left one. Yellow, green and blue columns show the percentage of simulations
classified as lower half, upper half or EHT, respectively. The percentage values are reported on
each column.

the scar conductivity (76%). The EHT conductivity also starts to play a role. In the last two

setups (block and fixed), when the activation wave is forced to propagate through the EHT,

the sensitivity indexes indicate that the EHT conductivity explains 80% and 90% of the output

variance in the block and fixed case, respectively. Comparing all 5 setups, we can observe that

for all species the total effect index identifies the scar parameters as the most important for

output variance in the epi-endo, endo-epi, and transmural setups. EHT conductivity is also

confirmed in all species as the parameter explaining most output variance in the block and fixed

cases. Finally, neither of the two CP quantities considered (thickness and conductivity) showed

a high sensitivity index, despite the wide range of CP conductivities explored (Table 3.1).
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Figure 3.12: Donut charts representing the total effect index from the GSA. The figure
compares the total effect indices obtained from the rat, rabbit, and human models (rows), for
the epi-endo and endo-epi versions of the model and the transmural, block and fixed model
sub-cases (see section 3.2.2). The magnitude of the total effect indexes, represented by the size
of the donut slices, shows how much each model parameter can influence the model output
(the REAT). In other words, these charts show, for each species and each sub-case, which
parameters most influence the electrical propagation in the model. For example, in the first
row, first column, the parameter that influences propagation the most is the scar depth, while
in the first row, last column, it is the EHT conductivity.

3.3.3 Parameter values that match healthy electrophysiology

In models of the rat, rabbit, and human we simulated electrical activation in healthy myocardial

slabs in the absence of scar or EHT. For the rat, rabbit and human models, the time for the

activation to spread across the model tissue to the top right corner was 35.3, 34.9 and 45.8 ms,

respectively. This provided our baseline target healthy REAT values (Figure 3.13).

In all simulations performed with scar, the presence of EHT did not lead to physiological activa-

tion times, considering an interval of ±10% of the healthy target REATs (Figure 3.13). In the

blocked and fixed models the GSA (Figure 3.12) identified EHT conductivity as the parameter

explaining most of the variance in simulated activation times in all the 3 species. Following these
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Figure 3.13: Sample activation pattern. Upper row: propagation in a healthy slab. Lower row:
propagation in a sample simulation of the fixed setup, showing the delay in REAT activation.

results, we tested whether increasing EHT conductivity beyond reported experimental bounds

could bring the activation time back to physiological values in the fixed model (Figure 3.14).

For all species, the EHT conductivity was increased 1.5–5 fold, with respect to the upper limit

for the reported experimental range chosen in the Latin Hypercube sampling (Table 3.1). For

all the 3 species, a minimum 3-fold increase in the EHT conductivity (equal to 0.672 S/m)

would be needed to bring the activation time to within ±10% of the physiological value. The

rat and human models achieved healthy activation times with EHT conductivity multiplied by

a factor of 4.5 equal 1.008 S/m, while the rabbit model required the EHT conductivity to be

multiplied by a factor of 5, equal to 1.12 S/m.

3.3.4 Achieving physiological activation time with low arrhythmia

risk

Due to the hiPSC-CMs immature electrical properties, engraftment of EHT patches of hiPSC-CMs

may induce arrhythmias [38, 113]. Thus, we investigated whether the proposed patch designs

exhibit pro-arrhythmic behavior in the human model. Focusing on the fixed setup, as this had

the smallest number of degrees of freedom, we considered repolarization gradients as a surrogate

for arrhythmia marker [129]. To compute the repolarization gradients, we paced the model for
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Figure 3.14: Model output (REAT) vs EHT conductivity for the rat, rabbit and human model,
in the fixed setup. Boxplots represent the distribution of REATs among the 500 LH simulations
that had the EHT conductivity restricted to current experimental ranges. Diamonds represent
REATs obtained by fixing all the other parameters and increasing EHT conductivity by mul-
tiplying the upper bound of the range used in the LH by 1.5, 2, 2.5, 3, 3.5, 4 and 4.5 folds.
Dashed line indicates the healthy REAT estimated by our models.

100 beats to reduce any transient effects. For the 100th beat only, we calculated the time to

80% repolarization at each node of the mesh. An example of repolarization times spatial plot is

reported in Figure 3.6. We then calculated the magnitude of the gradient of these repolarization

times. Figure 3.7 displays the repolarization gradients on the mesh and shows which nodes were

considered when reporting the repolarization gradient. We considered the nodes located in the

area depicted in the figure with a light green rectangle. The edge length of the rectangle base

equals the EHT-myocardium contact area, while the rectangle height equals 1 mm, to focus on

the myocardial area closer to the EHT. We focused on this area as it was the area with the

highest gradients, it was the area most affected by the presence of the EHT and was close to

the border of the scar, which is an area that is prone to ectopics [151]. Repolarization gradi-

ents can be used as a surrogate for arrhythmia marker because a high repolarisation gradient

implies there is a greater chance of an ectopic beat generating arrhythmogenic unidirectional
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block [150].

We considered the model with EHT conductivity equal to 0.112 S/m (the mid value in the

experimental range) as the baseline case, where the propagation is slower than the physiological

one. The baseline case exhibits a mean repolarization gradient of ≈18 ms/mm and no ectopic

beats (Figure 3.15).

We then considered the case with EHT conductivity equal to 1.008 S/m, the value needed to

match healthy activation time. In this case the mean repolarization gradients increased to ≈50

ms/mm but did not cause ectopic beats.

Our initial analysis (Figure 3.12) did not consider ion channels in the sensitivity analysis. To in-

crease CV without increasing repolarization gradients, we increased Na+ channel density in the

ionic model used to represent hiPSC-CMs in the EHT patch [99], while keeping the EHT tissue

conductivity at the baseline value (0.112 S/m). This new model exhibited healthy activation

times when the default Na+ channel density was increased by a factor of 4. The repolarization

gradients were similar to the baseline value (≈18 ms/mm). However, the increment in Na+

channel density caused a shortening of the hiPSC-CMs cycle length and resulted in ectopic

beats within the EHT patch.

The inward rectifier potassium current (IK1) plays a key role in regulating hiPSC-CMs self-

pacing behavior [153, 154]. We thus increased by a factor of 1.4 (from 28.2 nS / pF to 39.5

nS/pF) the density of the ion channels responsible for the potassium ions movement associ-

ated with the inward rectifier current. This resulted in hiPSC-CMs cycle-length lengthening,

which successfully ended the EHT-generated ectopic beats. The repolarization gradients also

decreased, exhibiting a value of ≈4 ms/mm, lower than the baseline case (Figure 3.15). The

optimal multipliers reported above for the modelled ion channel densities are the results of a

systematic analysis of the effects of different gNa and gK1 values in the hiPSC-CMs model,

which is detailed below.
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Figure 3.15: Summary of the 4 cases tested for arrhythmic behavior. For the Baseline and
High EHT cases, EHTc is set to 0.112 S/m (mid value in experimental range) and 1.008 S/m,
respectively, and no modifications to ion channels’ densities are made. When the density of the
ion channels responsible for the fast Sodium current and the inward rectifier potassium current
are increased, the EHTc is set to 0.112 S/m.The left panel shows which cases match estimated
healthy REATs. The center panel shows the distribution of the mean repolarization gradients
at the interface between myocardium and EHT (on 100 beats pacing protocol). The right panel
shows the presence or absence of ectopic beats fired from the EHT.

How changing Paci model parameters (gNa and gK1) affects the EHT action po-

tential and the presence of ectopies in the EHT

To increase the CV in the EHT without increasing the conductivity, we increased the Paci

model parameter (gNa), which models the density of ion channels related to the fast sodium

current. Although we succeeded in recovering a healthy REAT, increasing gNa resulted in a

shortening of the intrinsic hiPSC-CMs cycle-length down to 806 ms (1.24 Hz), in turn causing

the firing of ectopic beats from the EHT when the tissue was paced at 1 Hz.

Ectopies essentially arise because, in the hiPSC-CMs with increased gNa, the transmembrane

potential increases more rapidly after repolarization, causing a more frequent repetition of the

intrinsic activation cycle. To slow the intrinsic activation of the hiPSC-CMs and to allow

the EHT to be activated by the myocardium, we increased the Paci model parameter (gK1)

modeling the density of ion channels related to the inward rectifier potassium current.
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After running our tissue model with 3, 3.25. 3.5, 3.75, 4 and 4.25 as multipliers for the default

Paci model gNa, and 1.1, 1.2, 1.3, 1.4 and 1.5 as multipliers for the default Paci model gK1, we

show (Figure 3.16 – left panel) that multipliers equal or greater than 4 and 1.4 (for gNa and for

gK1, respectively) are needed to recover a healthy REAT while avoiding EHT-generated ectopies

at 1 Hz pacing. We also ran single-cell simulations using the hiPSC-CMs ionic model (Paci

model) and looked at the intrinsic single-cell activation rate for each parameter combination

used in the tissue model. We found that the intrinsic activation frequency dropped below 1 Hz

for the same parameter combinations for which no ectopies were observed in the tissue model

simulations (paced at 1Hz).

Figure 3.16: Results obtained by modifying the EHT gNa and gK1 in the tissue (left) and
cell (right) models. Left: the grid shows the REAT for the tissue model paced at 1 Hz. Values
inside the blue contour are ≤ the predicted healthy REAT and thus would restore pre-infarct
activation. Green squares indicate no presence of ectopy, while grey squares indicate presence
of ectopy. Right: the grid shows the self-activation frequency for the hiPSC-CM cell model, in
a no-pacing protocol. Red squares show where the cell model self-activates with frequency < 1
Hz (i.e., intrinsic-cycle length > 1000 ms), while grey boxes show where the cell self-activates
with frequency > 1 Hz, thus causing the observed presence of ectopies in the tissue model.

The AP traces reported below in Fig Figure 3.17 serve as a visual aid for understanding how

the EHT electrophysiology is affected when changing gNa and gK1. Increasing gNa produces

an increase in the EHT AP upstroke, and thus in the CV in the EHT. However, increasing gNa
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also shortens the intrinsic hiPSC-CMs cycle length, resulting in ectopic beats fired from the

EHT when pacing tissue at 1 Hz (blue trace in Figure 3.17). Increasing gK1 slows down the

intrinsic activation of the hiPSC-CMs and allows the EHT to be activated by the myocardium,

paced at 1 Hz (orange trace in Figure 3.17).

Figure 3.17: AP traces from a mesh node in the EHT, with different values of gNa and gK1.
The tissue model is paced at 1 Hz in all 3 cases. In the baseline case (grey trace) the EHT is
activated every 1000 ms by the stimulus coming from the myocardium, which is paced at 1Hz.
When increasing gNa to 4 times the default value (blue trace), in order to increase the EHT CV,
we observe a shortening in the intrinsic hiPSC-CM cycle length. Thus, the EHT self-activates
at 800 ms, before being stimulated by the myocardium, causing an ectopic beat. Finally, when
increasing gK1 to 1.4 times the default value, the intrinsic hiPSC-CM cycle length is brought
back to values > 1000 ms, allowing the EHT to be stimulated from the myocardium and thus
eliminating the ectopy

We also provide in Fig Figure 3.18 below snapshots of the tissue model showing the ectopic

beats firing from the EHT, and the corresponding AP traces for a mesh node in the EHT.
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Figure 3.18: Snapshots from the tissue model showing the ectopic beat fired from the EHT.
The snapshots are from the tissue simulation where gNa in the hiPSC-CM model was multiplied
by 4. The first two rows show the normal activation and repolarization caused by the stimulus
from the myocardium. At t=500 ms, the repolarization in both the myocardium and the EHT
is completed (first snapshot, third row). Around t = 800 ms, the ectopic beat is fired from
the EHT (snapshot in the black rectangle). The ectopic beat can also be seen in the blue AP
trace in the lower part of the figure, in contrast with the grey trace, representing the baseline
(default gNa and gK1), 1 Hz activation.
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3.4 Discussion

In this study we implemented an in silico cardiac electrophysiology model to investigate the im-

pact of epicardial EHT patch design on the electrical propagation within infarcted myocardium.

Tissue and patch geometrical dimensions and conductivities were incorporated through 10 mod-

ifiable model parameters (Figure 3.1). We demonstrated that our modeling framework could

capture the interaction between host and EHT patches.

We found no difference in the impact of EHT on the REAT between the three different model

species tested. The importance of different patch design values on modifying the REAT is also

consistent across species, suggesting that, in the context of our model, the EHT has the same

effect on electrical activation across species.

We demonstrated that only when the scar is transmural do EHT properties impact activation

times. Finally, we predicted that increased sodium (INa) and potassium (IK1) channel densities

in the EHT properties will lead to recovery of activation times, no change in repolarization gra-

dients and no ectopy. This provides a testable prediction for recovering host electrophysiology

properties using EHT patches.

3.4.1 Model validation

In our validation study, the modeling framework was able to qualitatively match the changes

in CV observed in all but one experiment in Mawad et al (Figure 3.9D), where our simulations

predicted an increment in CV after engraftment, instead of a decrement, as reported in the

study. Since we are modelling the CP as an ohmic conductor (see section 3.2.4), this increment

in CV is expected and comes as a result of the bath loading effect [155]. Essentially, the presence

of a conductive area around the tissue increases the extracellular conductivity for the tissue

at the interface, supplying the current with a low-resistance pathway to flow in. This is an

experimentally documented phenomenon [156], which is reproduced by the bidomain model.

The bath loading effect may be responsible for the increment in CV in Mawad et al when the

same CP patch was implanted on infarcted hearts (Figure 3.9E). Mawad et al also recorded



3.4. Discussion 109

slowing in CV after engrafting CP patches on myocardial slices. Crucially, after the patch

was removed, the myocardial slice did not recover to the CV observed before the engraftment,

suggesting that epicardial or myocardial damage could potentially be involved in the observed

CV slowing.

3.4.2 Conductive polymer effects

Attaching conductive polymer to EHT has been proposed as way to reduce arrhythmia risk

[157]. The model captured the effects of the conductive polymer on infarcted hearts (Fig-

ure 3.9E). However, the GSA did not predict a role for the CP in impacting the REATs

(Figure 3.12). While CP proved useful as a culturing surface, allowing pacing and synchroniza-

tion of multiple cluster cells by propagating electrical stimuli [131], these experimental studies

and our simulation results do not provide clear support for their role in increasing CV in EHT

patches.

3.4.3 REAT as a biomarker

The choice of using only REAT as a biomarker was mainly dictated by the fact that we wanted

to perform sensitivity analysis on our tissue model. By employing only one feature, we were

able to consider our model as a function mapping a n-dimensional parameter space (where

n=10,9,8 or 7) to a scalar output. The presence of a scalar output meant that we could

perform sensitivity analysis just by training one GPs emulator (which is trained to replicate

the only available output). Otherwise we would have needed to train one GPs emulator for

each additional feature (i.e. for each additional biomarker). We prioritized training multiple

GPs emulators to emulate different species and different versions of our model, rather than

keeping the same model, for the same species, and having different biomarkers. Thus, having

to choose one biomarker to assess how the EHT patch affects the electrical activation, the time

it took the stimulus to reach the other side of the slab, going through the scar-EHT complex,

(i.e. the REAT) represents a solid choice, given also the simple geometry of our model.
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3.4.4 From small animal models to human models

The species most commonly used in preclinical studies consist of small mammals such as rats

and rabbits [158], which have distinct electrophysiology from humans [159]. Specifically, while

some ionic currents such as INa and IK1 are conserved between species, other currents like

the ones involved in the calcium handling (ICaL , INaCa and the Na-Ca exchanger) and the

repolarizing currents (IKr, IKs) have found to be systematically different across species [159].

Current experiments for evaluating EHT in infarcted hearts are also mainly performed on

small mammals. Testing whether findings in small animals models are transferrable to humans

is a crucial step towards clinical application of EHT patches [115]. Consistent with previous

simulation studies [160], we demonstrate that small animals provide a good model for replicating

the qualitative effects of EHT patches on electrophysiology and that EHT design variables have

similar importance and impact across species.

Distribution of stimulus propagation paths

The majority of simulations paths are classified as “lower half” (Figure 3.11). This is likely

caused by the fiber distribution. The fibers angle ranges from 40° to -50°, thus the longitudinal

direction is more aligned with the conduction direction in the lower half of the slab. Our model

also indicates that the distribution of stimulus paths is consistent across species. This result

shows that the different electrophysiology of rat, rabbit and human CMs does not influence the

electrical propagation in cardiac tissue in presence of a scar and an EHT patch. While some

findings on small animal models, such as drugs effects, needs to take into account different

between species at a cell level, such as ion channel expression [161], our results suggest that for

electrical propagation the findings obtained on small animal models are transferrable to larger

human models.
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Sensitivity indexes from GSA

Figure 3.12 indicates that the activation in the epi-endo and endo-epi setups is governed by the

scar parameters (depth and conductivity), suggesting that the presence of EHTin our model

does not have an impact when the scar is not transmural. In the transmural setup, however, the

EHT conductivity starts to play a role. These findings are consistent with the stimulus path

investigation (Figure 3.11), indicating the stimulus travelling almost exclusively through the

slab in the epi-endo and endo-epi setups and travelling through the EHT in 18 to 24% of the

simulations in the transmural setup. The sensitivity indexes are consistent across rat, rabbit

and human, indicating that the parameters which mostly influence propagation are not species

dependent. These findings highlight the translational potential of the small animal studies,

while encouraging, where possible, the use of computer model to back/substitute experimental

studies on animals.

3.4.5 Restoring healthy activation while minimizing arrhythmia risk

EHTs typically have a lower conduction than healthy tissue [162]. In our model, we saw

that this was further exacerbated by the need for the activation wave to move up into the

EHT and down into the viable tissue. This increases wavefront curvature, which can further

slow activation [163]. We predicted that EHT conductivity in the human model needs to

be increased to 1.008 S/m (corresponding to 4.5 times the healthy myocardial conductivity)

to match physiological activation patterns. Improving conductivity in cardiac tissue is an

area of active research, and can be accomplished through techniques such as preconditioning

with insulin-like growth factor-1 [34], the delivery of the skeletal muscle Na+ channel through

mesenchymal stem cells [164, 165] and the gene transfer of connexin-32 [166]. However, the

lower conductivity of EHT is known to be caused by a combination of factors arising from the

hiPSC-CMs immature phenotype [167, 168]. Specifically, hiPSC-CMs present a lower expression

of gap junction proteins with respect to adult cells. Moreover, gap junctions in hiPSC-CMs

are arranged in a more circumferential distribution, like that in fetal cardiac cells, rather than

being abundant at the longitudinal ends of the cell, as it happens for mature CMs [169].
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Improving hiPSC-CMs maturation could address these issues, provide hiPSC-CMs with more

adult-like gap junctions and thus bring EHT conductivity close to the values proposed here.

Experimentally, increasing the expression of gap junction proteins and development of parallel

sarcomeres has been achieved through extending the culture time [170] and electrical[171] or

mechanical [172] stimulations. Although this is a long and difficult process, latest studies have

shown encouraging developments in hiPSC-CMs maturation techniques, on a molecular and

metabolic level [167], as well as regarding structural and functional maturation of hiPSC-CMs

derived tissues [173]. New culturing techniques are also being developed to be easily scalable,

and being able to produce a large number of cells, required for tissue manufacturing and

transplantation [168].

Increasing EHT conductivity promotes pro-arrhythmic behavior

Our results indicate that increasing conductivity causes a rise in repolarization gradient at

the myocardium-EHT interface (Figure 3.15). This can be explained by the increment in

EHT electrotonic load on the tissue. The electrotonic load is due to diffusive currents flowing

through the gap junctions of neighboring cells [174]. A large increment in conductivity, while

restoring physiological activation times, could also exacerbate current diffusion between cells.

Electrotonic currents are associated with changes in AP amplitude, AP repolarization and

APD [174, 175]. In turn, heterogeneities in AP repolarization are linked to the formation of

arrhythmogenic substrates [150]. Hence, our findings suggest that achieving the required CV

through (large) augmentation of EHT gap junctions density may promote arrhythmic behavior

at the myocardium-patch interface.

In our model, the electrotonic load brings the APD of the host myocardium (≈310 ms) closer

to the EHT APD (≈420 ms). A higher EHT conductivity causes a higher electrotonic load,

leading in turn to a more prominent lengthening of the host myocardium APD (Figure 3.19).

Finally, a greater APD lengthening leads to higher repolarization gradients. Figure 3.19 shows

how the AP of a myocardial node at the tissue-EHT interface changes when changing the

conductivity in the EHT.
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Figure 3.19: Comparison of AP traces from a myocardial node close to the EHT-tissue interface
and the default myocardial AP (taken from a node far from the EHT-tissue interface). The
black arrows indicate the increment in APD due to the electrotonic load exerted from the EHT
on the tissue at the interface. A higher EHT conductivity causes a bigger increment in APD
in neighboring host myocardium, resulting in turn in a higher repolarization gradient.

Altering ion channel densities recovers healthy activation and has low arrhythmi-

crisk

Our model predicts that increased sodium (INa) and potassium (IK1) channel densities in the

EHT match the physiological activation patterns with no ectopy (Figure 3.15). Experimen-

tally it has been shown that the immature phenotype causes hiPSC-CMs to have a lower AP

upstroke velocity with respect to adult CMs [176]. This further hampers the possibility for

hiPSC-CMs to reach CV values typical of adult CMs. The AP upstroke velocity is known to be

mainly regulated by the Na channel density [163]. Our model estimates a 4-fold increase in INa

conductance in the Paci model (from 3.67 nS / pF [96] to 14.68 nS/pF) to be sufficient to match

physiological activation. The augmented value is more in line with Na channels density values

found in adult CMs [163]. This finding further highlights the importance of hiPSC-CMs matu-

rity when it comes to successful electrical integration with host tissue. The low INa expression
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also provides an additional explanation for the high values of EHT conductivity needed, accord-

ing to our model (Figure 3.14), to match healthy activation. If the low Na channel density is

retained, the EHT conductivity will have to be largely increased through gap junction density

augmentation, which our model predicts to be pro-arrhythmic. We observed in our model that

the increment in INa caused a shortening of the hiPSC-CMs cycle length, resulting in the EHT

firing ectopic beats (Figure 3.18). This is consistent with a computational study from Paci

et al where they found a decrement in cycle length when substituting the adult formulation

of INa from the O’Hara model [177], which has higher INa conductance, in the first version of

their hiPSC-CMs model [92]. In addition, our model exhibited ectopy termination when, beside

INa, also IK1 was increased 1.4-fold, leading to physiological activation recovery, no increase in

repolarization gradients and no ectopy. This is in agreement with earlier experimental works,

which reported that introduction of adult-like IK1 eliminated hiPSC-CMs spontaneous activity

[178] and brought hiPSC-CMs response to certain drugs closer to the one of adult CMs [179].

Low levels of the KCNJ2 gene in hiPSC-CMs is responsible for low IK1 expression and it is

known to be one of the features that makes the hiPSC-CMs phenotype immature [180]. Thus,

our findings place further emphasis on the importance of hiPSC-CMs maturation in the success

of EHT patch engraftment.

3.5 Limitations

Conductive Polymer Modelling

In this study we have used the Laplace equation for a simplified Ohmic conductor model of the

CP. In more detailed modelling studies, Wang et al [142] matched experimental measures on

CP by modelling drift and diffusion of charged species with Nernst-Plank equations. However,

their results did not change when neglecting charges diffusion, concluding that the influence of

diffusion in charge transport in CP is debatable. In another study, Cochrane at al [181] have

measured the current/voltage (I/V) relationship in CP, and demonstrated that it becomes more

linear (i.e. it follows the Ohm’s law) as the conductive particle concentration (doping) increases.
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Therefore, the modelling strategy adopted in this study (CP as an Ohmic conductor) empirically

captures CP’s bulk behavior, but it is not representative of the CP’s charges mechanism at a

molecular scale.

Heterogeneity of hiPSC-CMs

We modeled the EHT as a homogenous syncytium. However, it is likely that EHTs contain

stem-cell-derived cardiomyocytes exhibiting three phenotypes: atrial-like, ventricular-like, and

nodal-like [182, 183]. We have not represented these distinct cell types explicitly and have

assumed a single homogenized representation for the EHT. The need to explicitly represent

different cell types depends on their relative number and their spatial organization. This is likely

to depend on the EHT manufacturing process and could be modeled using the partitioned

phenotypes or homogenized phenotype models for simulating electrical activation in tissue

consisting of multiple cell types [184].

Repolarization gradients as arrhythmia marker

We used repolarization gradients as an arrhythmia marker, however, Laurita et al [150] found

that heterogeneities in AP repolarization are linked to the formation of arrhythmogenic sub-

strates when an isthmus is present, which we did not explicitly include in our model. However,

when the activation wave moves from the EHT and down into the viable tissue it will lead

to enhanced wave curvature, which Laurita et al also listed as an alternate to an isthmus as

a possible source of electrotonic load. Other studies have also shown that increased disper-

sion of repolarization enhances the occurrence of unidirectional blocks [129], highlighting that,

alongside structural, also functional reentry may be possible. As a future/complementary work

on our simulations data, other quantities such as the conduction safety factor or vulnerable

windows could be computed to further quantify arrhythmic behaviour.



116 Modelling the interaction between EHT patches and host myocardium: a simple 3D model

3.6 Testing model assumptions and parameters choice

In this study, we used an idealized thin 3D tissue model that does not include realistic whole-

heart structure or geometry. Our model cannot therefore capture some phenomena arising from

the 3D structure and complexity typical of the mammal ventricles (for example an electrical

wave propagating around the scar rather than through the EHT patch). To test if tridimen-

sionality could affect our results, we have run further tests and verified that the GSA sensitivity

indices do not change when considering the possibility of activation around the scar, and that

the repolarization gradients do not change in a full-3D slab model.

Additionally, when creating our model and conducting this study, we made a number of as-

sumptions and parameters choice, as it happens for every modelling study. To test if these

choices impacted our results, we have repeated our GSA using the rat model, fixed sub-case

as a reference model. We have tested whether our results are affected by: 1- Pacing loca-

tion; 2- Pacing frequency; 3- Presence of BZ; 4- Transmural heterogeneity of ventricle adult

cardiomyocytes.

Impact of tridimensionality on sensitivity analysis

To test if activation waves travelling around the scar may impact our sensitivity analysis, we

repeated the sensitivity analysis in the rat model (fixed sub-case), with the REAT capped to

be less than 150, 175 or 200% of the predicted REAT when the scar was absent. We found a

variation in the sensitivity indices of 10, 1, and 3%, when the REAT was capped, respectively,

to 150, 175, and 200% of the predicted REAT without the scar (Figure 3.20). This suggests

that the results of our study still hold when considering the possibility that the activation wave

propagates around the scar.

Impact of tridimensionality on repolarization gradients

We used a thin 3D model in our primary analysis, which may not account for the impact on

the repolarization gradients of different activation paths and scar morphologies typical of a 3D
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Figure 3.20: Comparison of sensitivity indices in the rat model (fixed sub-case) between the
original model and models with REAT capped to 150, 175, and 200% of the predicted REAT
without the scar. We observed a variation of 10, 1, and 3%, respectively.

environment. To investigate whether dimensionality could affect the repolarization gradient,

we computed the repolarization gradient for propagation simulated in a full 3D version of our

human model (fixed sub-case). The full 3D model was created by extending the current thin 3D

model in the z-direction (Figure 3.21), i.e., the full 3D model featured multiple layers of elements

in the z-direction, as opposed to only one layer of elements featured by the original, thin 3D

model. Figure 3.22 shows the repolarization gradient in the full 3D model. Comparing it with

Figure 3.21: Generation of the full 3D model (right) from the thin 3D model (left), for the
human model (fixed sub-case).
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the repolarization gradient of the thin 3D model in Figure 3.7 reveals that their magnitudes

are similar (maximum values ≈70 ms/mm in both cases) and that the spatial distributions

are also comparable, with both exhibiting higher values at the tissue-EHT interface. Thus,

dimensionality has a limited impact on our model.

Figure 3.22: Repolarization gradient for the full 3D model. The left panel shows the entire
mesh. The right panel shows a transmural cross-section, for comparison with the repolarization
gradient of the thin 3D model (Figure 3.7).

Pacing location

The model aimed to represent the common experimental set up where the heart is often paced

from an electrode placed on the ventricular epicardium. To test if the pacing protocol caused

a large impact on the sensitivity analysis, we repeated the sensitivity analysis on the rat fixed

sub-case, stimulated from a point on the endocardium. This caused a change in sensitivity of

2% (Figure 3.23).

Pacing frequency

To test the output of our model at higher frequencies, we paced the TNCHS and Paci cell models

with a 30 µA/cm2 transmembrane current for 800 s at 2 Hz, and we used the state variables to

initialize the cells model in the tissue simulation. We repeated the 500 simulations (with the

same parameters combinations sampled previously) for the rat fixed model, and performed the
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Figure 3.23: Total effect indices comparison between the original model and the model paced
from the endocardium (rat model, fixed sub-case).

sensitivity analysis on the new simulation results. The comparison shows a 1% variation in the

sensitivity indices, thus demonstrating that our results are not affected when pacing the model

faster than 2 Hz.

Figure 3.24: Total effect indices comparison between original model and model paced at 2 Hz
(the original model was paced at 1 Hz) (rat model, fixed sub-case).

Presence of border zone

In this section we create and test a version of our slab model featuring a BZ around the scar.

The BZ replaces a portion of the scar in the original model. Specifically, the BZ thickness

corresponds to 10% of the original scar width (see schematic representation in Figure 3.25A).

For example, if the original scar width was 6 mm, a border of 0.6 mm thickness will be assigned
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as the BZ. Isotropic tissue was assigned in the BZ, to account for structural remodeling and

fibers disarray, with a conductivity set to 50% of the healthy transversal conductivities [128].

We repeated the 500 simulations (with the same parameters combinations sampled previously)

for the fixed setups of the rat model. We also trained GPs emulators for both setups and

performed the GSA. A comparison of the total effect indexes between the models without and

with BZ is reported in Figure 3.25B, showing a 1% change.

Figure 3.25: Comparison of the original model (left-hand side) and the model with a BZ
(right-hand side). Panel A shows schematic representations of the original model and the BZ
model. Panel B shows the total effect indices of both models, for the fixed setup of the rat
model.

Transmural heterogeneity of adult ventricular myocytes

Transmural heterogeneities of adult cells were not included in our tissue model. The rat cell

model and the rabbit model that we used did not have transmural versions, and creating

calibrated endo and epicardial versions of these models was outside the scope of this study.

However, to estimate the impact of transmural heterogeneity on tissue activation, we developed
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a version of the model where we defined three different transmural layers for endocardial, mid-

myocardial and epicardial myocytes spanning 17, 41, and 42% of our model wall thickness,

respectively (see Figure 3.26). These values were estimated from the data reported by several

Figure 3.26: Schematic representations of the human model (fixed sub-case) with transmural
heterogeneity of adult ventricular cells included. The myocardium is divided into endocardium,
mid-myocardium and epicardium, indicated in the figures by 3 different shades of blue, respec-
tively from darker to lighter.

experimental studies [185, 186, 187]. The layers where then assigned with the endocardial, mid-

myocardial and epicardial version of the Ten Tusscher ionic model. Comparison of sensitivity

indices for the human model (fixed sub-case) shows that including the transmural heterogeneity

of adult human cells does not influence our results, causing a maximum change in sensitivity

of 3% (Figure 3.27).

Figure 3.27: Total effect indices comparison between the original model and the model with
transmural heterogeneities included (human model, fixed sub-case).
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3.7 Conclusions

We have shown that our model can capture the interaction between host myocardium and EHT

patches by validating it against independent experimental studies. We have found that engraft-

ing an EHT patch on non-transmural scar has no effect on the REAT and offers a pathway

for the electrical wave in less than 5% of the simulated cases (Figure 3.11), suggesting limited

patch influence on electrical propagation. We have also found that, when the scar is transmural

and non-conductive, the EHT patch conductivity is the main parameter influencing electrical

propagation. Moreover, we demonstrated that EHT patches effects on host myocardium and

EHT patch design variables are not species-dependent, providing further evidence that results

in small animal model can be transferred to human models. Finally, our model indicated

that, while it is possible to achieve physiological activation by tuning EHT conductivity, this

approach may promote arrhythmic behavior. Instead, altering other immature characteristic

of hiPSC-CMs, such as low AP upstroke velocity and lack of IK1, may recover physiological

activation while not increasing arrhythmia initiations.



Chapter 4

Assessing the arrhythmogenic risk of

engineered heart tissue patches

through in silico application on

infarcted ventricle models

4.1 Introduction

Epicardial EHT patches manufactured from hiPSC-CMs have been studied in the past decade

to tackle ischemic heart disease, the single biggest killer among cardiovascular diseases [188].

The successful differentiation of human-induced pluripotent stem cells in CMs, unlocked a new

source of autologous cardiac cells, free of ethic-related issues. This sparked the development of a

new line of research on the feasibility of using hiPSC-CMs to aid infarcted hearts, by providing

new, functioning tissue and, ultimately even replacing the fibrotic tissue present in the scar

[24]. Initially hiPSC-CMs were injected at the infarct site as part of a liquid solution, but it

became soon clear that a liquid solution was not an adequate vector to deliver the hiPSC-CMs,

exhibiting a retention rate around 5% [30]. These findings steered the research towards the use

of scaffolds to give physical support to the hiPSC-CMs, as well as trying to mimic the target

123
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delivery environment, i.e. the myocardium.

Research on EHT patches ultimately aims to develop new and effective techniques for regen-

erating injured myocardium, or for correcting the post-MI defects that lead to further disease

onset and progression [189]. Currently, the strategy to bridge the gap between clinical tri-

als and clinical use, focuses on safe post-engraftment integration of the patch, which is to be

achieved by overcoming several bottlenecks (see section 1.5). For example, avoiding infection

or rejection post implantation [190], hiPSC-CMs acting as pacemaker cells causing arrhythmia,

and the different speeds of AP propagation through the myocardium with or without graft or

through the fibrotic interface between the host myocardium and the graft, which can also cause

re-entries and arrhytmias [191].

Application of epicardial EHT patches manufactured from hiPSC-CMs to augment the function

of lost cardiac tissue are currently being evaluated in the first in-patients clinical trials [192].

In recent years, various EHT engraftments have been performed in vivo. Most studies have

been conducted on small animal models, namely mice, rats, guinea pigs and rabbits [39, 193,

36, 194, 195, 123, 196, 122], with a limited number of experiments performed in large animals

(pigs) [37, 197, 198, 199] and primates [200]. The majority of these studies have found that

engraftment of EHT patches helps scar remuscularization and improves LV ejection fraction.

However, little data have been collected on electrical activity of the patches or host myocardium.

This can be brought back to two main reasons: 1) in-vivo EHT patches were assessed exclusively

using echocardiography or MRI, which do not provide any electrophysiologic information; 2)

Some studies were designed to show technical feasibility and electrophysiologic data were not

collected (mainly the case in large-animal studies).

Collecting experimental data on electrical activity would be crucial to shed light on the electrical

coupling at the patch-host interface. While evidences of EHT-epicardium electrical coupling

have been proven [39, 201], the exact mechanistic procedure behind is yet to be fully understood.

It is generally agreed that hiPSC-CMs, despite possessing immature gap junctions, are able to

establish communication and ion passage between them (and thus the EHT patch) and the

host myocardium. However, how this new electrical interaction can affect signal propagation
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and both the patch’s and the host’s APs is not yet clear.

In case of successful electrical coupling, the introduction of hiPSC-CMs into a human heart

will lead to electrophysiological heterogeneity, that may contribute to increased arrhythmia risk.

Yet scarce data are available on the impact of EHT patches on arrhythmia risk. Ye et al [198]

did not observe any spontaneous arrhythmia during the 4-week follow-up period after the patch

application in a porcine model. Previous studies in mice, rabbits, and guinea pigs have found

limited evidence of increased arrhythmogenic risk with EHT patches [193, 122, 37, 199, 200].

In contrast, injection of hiPSC-CMs into scar caused an increased arrhythmic risk [202, 203].

These previous studies are in animals with shorter APD and smaller hearts than humans and

extrapolating these results to patients may underestimate the risk.

As of now, the only study to evaluate the arrhythmogenic effect of patches in humans has been

performed using stem cell-derived cardiovascular progenitors, while the arrhythmogenic effects

of hiPSC-CMs-based patches have only been evaluated in animal models. It is known that

large animals could retain potential arrhythmic complications not observable in small animal

models, such as more extensive substrate available for re-entry [193, 204]. In this study, we

aim to use human ventricle simulations to identify potential risks and properties of the EHT

that can both exacerbate and mitigate arrhythmia risk. Specifically, we will investigate: (1)

how patches can provide additional propagation pathways that can alter re-entrant dynamics

in either pro- or anti-arrhythmic ways; (2) how EHT patch–host myocardium coupling affect

propagation of ectopic impulses.

4.2 Methods

In this study we simulated electrical propagation on two left-ventricular models selected from

a cohort of 24 ischemic heart failure models [118]. One heart was representative of a scar with

an anatomical configuration that included a channel of viable tissue bordered on each side by

scar, hypothesized to represent a possible isthmus for re-entry, and the other including a dense

lateral wall scar (Figure 4.1-A). Briefly, the left ventricle geometry was segmented from cardiac
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magnetic resonance with in-plane resolution of 0.6 x 0.6 - 1.37 x 1.37 mm and slice thickness

of 8–20 mm, where the scar was identified with late gadolinium enhancement. The meshes

include detailed representation of scar and border zone morphology. For all the details about

the segmentation process the reader is referred to the publication by Costa et al [118].

For both meshes we introduced a 0.3 mm layer of viable myocardial tissue (Figure 4.1-B) over

the area where the scar was visible on the epicardium and assigned a hiPSC-CMs cell model

[96] to this region. This aimed to represent in silico the application of an epicardial EHT patch.

Pictures of the two resulting meshes are shown in Figure 4.1-C.

Figure 4.1: (A) The two left ventricle, heart failure models used in this study, from two
different angles. In the top row the model with the isthmus scar is reported, while the model
with the large lateral wall scar is reported in the bottom row. (B) The layer of viable tissue
used as epicardial patch. (C) Ventricle models after the application of the EHT patch above
the scarred area.

4.2.1 Pipeline for in silico EHT patch application

A summary of the pipeline designed to apply the EHT patch on the ventricle meshes is shown

in Figure 4.2. We started with the meshes published from Costa et al [118]. The mesh with the

isthmus-like scar consisted of 221,852 nodes and 1,165,938 tetrahedral elements (Figure 4.2-a).

The mesh with the large later wall scar consisted in 218,883 nodes and 1,134,099 tetrahedral

elements. The meshes’ initial resolution was ≈0.8mm. The meshes’ elements are tagged with
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1, 3 or 4, depending on them being part of the myocardium, scar, or border zone, respectively.

In the mesh with the isthmus-like scar the percentage of scar is 11.5% over the total volume,

while in the mesh with the lateral wall scar, scar elements represent 16% of the mesh volume.

To create an electrophysiology simulation mesh we first define a bounding box around the

ventricle and mesh it with tetrahedral elements of 2 mm edge length (Figure 4.2-b). This

enables us to add elements to the mesh on the epicardial surface, which will be used later to

define the EHT. We then define a plane parallel to the ventricle short axis, just below the

ventricle base (Figure 4.2-c). We use this plane to split the mesh in base, endocardial and

epicardial surface (Figure 4.2-d) and we run an eikonal simulation [205] imposing a velocity of

1 mm/s in all direction, so that we can obtain from the activation times the distance of each

element from the epicardial surface (Figure 4.2-e). The eikonal equation is a partial differential

equation used in problems involving a wave propagation. Briefly, the eikonal equation is used

to simulate the cardiac AP propagation without simulating the AP at the cell level, which is

traditionally done using ionic models. This approach idealizes the location of the AP front as

a moving surface in the myocardial wall, and it has been validated against reaction-diffusion

systems (such as the bidomain model) [206]. Since we are not computing an ionic model,

the eikonal equation can be used on more coarsely resolved spatial grids, thus it helps saving

computational time. We used the eikonal model to simulate wavefront propagation from the

epicardium towards the outside of the ventricle. By specifying a propagation velocity of 1

mm/s, we were able to retrieve the distances of each element from the epicardial surface. In

fact, since S = V xt, where S is space, V is velocity and t is time, if V = 1, then t = S, in

other words, activation time equals to the distance travelled from the wavefront, which is the

distance from the epicardium. We then tag elements in order to create a circular EHT patch,

centred in the middle of the scar and with ≈0.3 mm thickness (Figure 4.2-f) protruding from

the epicardial surface. The EHT patch is modelled as isotropic, while the host myocardium

mesh has rule-based fibres [136]. The resulting meshes have a final resolution of 0.3 mm in the

myocardium and 2 mm in the bath. The isthmus-like scar mesh has 10,354,749 nodes while

the large lateral wall scar mesh has 10,358,010 nodes. The bidomain simulations are performed

on a High Performance Computing cluster and ≈24 hours are needed to simulate 5000 ms of
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electrical activity using 512 cores.

Figure 4.2: Pipeline for in silico EHT patch application. a) Starting mesh. b) Add surrounding
bath elements. c) Select a plane parallel to the short axis just below the base. d) Use the selected
plane to split the mesh in base, epicardial and endocardial surface. e) Run eikonal simulation
to get elements distances from the epicardium. f) Tag elements to create EHT patch. g)
Interpolate fibres from starting mesh.
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4.2.2 Models and parameters used

Cardiac electrophysiology was simulated using the bidomain model [132]. The Ten Tusscher

ionic cell model [90] was chosen to represent the ventricular myocardium (epicardial cell-type).

For the EHT the model of hiPSC-CMs electrophysiology from Paci et al [96] was utilized.

The model equations were solved using the Cardiac Arrhythmia Research Package [134]. To

approximate a steady state, the myocardial and the hiPSC-CMs cell models were paced with a

30 µA/cm2 transmembrane current for 800s at 1 Hz. The state variables were saved and were

used for initializing the cell models in the ventricle simulation.

Ventricular parameters

The meshes had previously been assigned rule-based fibres [136]. We set conductivities along the

fibre direction (longitudinal) and perpendicular to the fibre directions (transversal) to obtain

CVs approximately of 65 cm/s and 35 cm/s, respectively, consistent with velocities reported for

healthy ventricular myocardium [207]. To account for structural remodelling and fibre disarray,

isotropic tissue conductivity was assigned in the BZ, leading to a CV approximately of 20

cm/s, corresponding to 55% the healthy transversal CV [139]. Moreover, further modifications

were implemented to represent electrophysiological remodelling in the BZ, namely: reduction

of fast sodium (INa), L-type calcium (ICaL), rapid and slow delayed rectifier potassium currents

(IKr and IKs) conductance to 38%, 31%, 30% and 20% their control values, respectively [208].

These modifications led to an APD of 420 ms in the BZ, compared to 310 ms of the healthy

myocardial APD (Figure 4.3). All modifications are summarised in Table 4.1. The scar was

modelled as extracellular space with conductivity set to 0.01 S/m, to replicate experimental

values of collagen conductivity [209].

EHT patches parameters

The CV and APD are two key parameters for determining re-entrant activation patterns [150,

214]. The rapid delayed rectifier potassium current (IKr) is the most important for determining
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ion current
% of default
conductance value

reference

fast sodium (INa) 38% [210]
L-type calcium (ICaL) 31% [211]
rapid delayed rectifier potassium current (IKr) 30% [212]
slow delayed rectifier potassium current (IKs) 20% [213]

Table 4.1: Ion channels alteration implemented in the Ten tusscher model to represent electro-
physiological remodelling in the BZ

Figure 4.3: Comparison of cell models AP traces from: 1 - the Paci model (used to model the
EHT patch); 2 - the (unaltered) Ten Tusscher model (used to model the healthy myocardium);
3 – the modified Ten Tusscher model (used to model the BZ). Horizontal lines correspond to
the APD90 of each trace, whose values are reported in the table.

APD [215]. We have previously shown (Chapter 3 or [216]) that EHT conductivity is the most

important EHT attribute for determining CV across the EHT. We have also shown that

increasing CV in the EHT by altering EHT conductivity in combination with sodium channels

density (to increase the hiPSC-CMs low AP upstroke velocity) is less pro-arrhythmic than

increasing by a greater amount only EHT conductivity [216]. We thus modified the EHT patch

conductivity and the EHT sodium channel density to obtain an EHT patch with CV equal

to 10, 20, 50, 80 and 100% of healthy myocardial CV. We also modified the conductance of

the ion channels responsible for IKr to 100, 150 and 200% of reference EHT cell model values.
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Models with every permutation of change in conductivity and IKr were created, for a total of

15 models for each mesh. A summary of the resulting EHT patch CV and APD for each model

is reported in Figure 4.4.

Figure 4.4: Panel A) compares AP traces from the Paci model (used to model the EHT
patch) for different values of gKr conductance (reported in table B). Horizontal lines in panel
A) correspond to the APD90 of each trace, whose values are reported in table C). Table D)
displays the conductivity values (of the bidomain model) and the gNa conductance (relative to
the default value in the Paci model) used to achieve the desired CV values in the EHT patch.

4.2.3 Electrical propagation in ventricular models before and after

EHT patch engraftment

Electrical propagation was initiated in all the left ventricle models by applying an apical epi-

cardial stimulus. We first created reference simulations by pacing the ventricle in the absence

of the patch. We tested the impact of programmed electrical stimulation in both ventricles

using an S1S2 protocol with an initialising S1 interval of 1000 ms and a S2 coupling interval

of 420 ms. We simulated electrical activity for 5000 ms following the stimulation protocol, in

the absence of the patch. The 420 ms interval was chosen as the smallest interval that avoided
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refractoriness at the pacing site. For comparison with the control cases, we then repeated

the same pacing protocol on each of the 15 models with the EHT patch (see section 4.2.2),

to test how the different EHT patches parameters affected the presence of any sustained or

non-sustained VT.

4.2.4 EHT patches and focal arrhythmia

Ectopic impulses represent an important cause of arrhythmia in ischemic cardiomyopathy, both

intrinsically and as a trigger for re-entry [214]. We hypothesized an EHT patch electrically

coupled to the host myocardium would increase the electrotonic load on the epicardial cells,

reducing the likelihood of propagation of an ectopic impulse. To test this hypothesis, we

introduced simulations of ectopic impulses into our models. Ectopic impulses may be the result

of delayed afterdepolarizations, which result from spurious calcium handling dynamics causing

an inward transmembrane current that depolarizes the cell [217]. To approximate this effect

in our model, we simulated impulses by introducing an inward transmembrane current with

varying magnitude and duration. Specifically, we varied the stimulus duration from 0.5 to 8 ms,

and the stimulus strength from 10 to 220 µA/cm2. The minimum current amplitude necessary

for ectopic impulse propagation was calculated for each impulse duration, to obtain the BZ

Rheobase-Chronaxie relation [218], i.e. the relation between stimulus current amplitude and

duration, representing a surrogate for the volume of tissue required to generate a propagating

impulse. This was repeated for all 15 models (see section 4.2.2). We then compared the

Rheobase-Chronaxie relation of each model to assess the impact of the EHT patch and its

characteristics on likelihood of propagation of a focal impulse.

The current was applied in the BZ, in close proximity to the scar, where ectopic impulses are

more likely to happen [219]. Since the purpose of this investigation was to test whether an

ectopic impulse propagated or not, we focused our simulations on the area around the stimulus

site, by extracting a cube of 2 cm edge from the original mesh (Figure 4.12).
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4.3 Results

4.3.1 Programmed electrical stimulation in the control meshes

We first applied the stimulation protocol to the two meshes in absence of a patch. In Figure 4.5

snapshots of the electrical propagation in the ventricle with the anatomic isthmus are reported.

In this mesh, the pacing protocol resulted in sustained re-entry using the protected channel as

the isthmus. The activation wave resulting from the S2 stimulation is blocked at the entrance

of the isthmus (Figure 4.5 – ) while simultaneously proceeding around the scar. The excitation

wave then enters the isthmus from above (Figure 4.5 – straight white arrows) and is thus able

to travel towards the apex, exit the isthmus and excite the whole ventricle again, initiating

sustained re-entry (Figure 4.5 – white curved arrows).

In Figure 4.6 snapshots of the electrical propagation following programmed electrical stimula-

tion in the ventricle with the lateral scar are presented. In this model, programmed electrical

stimulation with this protocol did not induce re-entry. The lateral scar in the anterior side of

the ventricle blocks the electrical wave spreading from the apex. The myocardium above the

scar is still excited by the signal propagating through the healthy tissue in the posterior side

of the ventricle, but the wave is then terminated by the presence of the scar.

4.3.2 EHT patches CV and APD determine anti or pro-arrhythmic

behaviour

We applied the same programmed electrical stimulation protocol to the models in the presence

of the EHT patches with different CVs and APDs. As expected, increasing the rapid delayed

rectifier potassium current (IKr) in the Paci model caused a decrement in the EHT patch APD.

The default APD of the Paci model is 430 ms, 120 ms longer than the viable myocardium APD

(310 ms, from the Ten Tusscher model). The models with 150% of the default IKr exhibited

an APD of 350 ms (81% of the reference value), while the models with 200% of the default IKr

exhibited an APD of 290 ms (67% of the reference value). A comparison of the AP traces and
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Figure 4.5: Onset of a re-entrant circuit after programmed electrical stimulation in the control
mesh with an isthmus scar. Screenshots of the simulated transmembrane voltage (Vm) are
reported every 120 ms. The lighting symbols indicate ventricle pacing. The white arrows show
the direction of the wavefront propagation. Arrows pointing to a line (second row) indicate the
conduction block at the isthmus entrance.

respective APD values are displayed in Figure 4.4.
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Figure 4.6: Programmed electrical stimulation in the ventricle mesh with large lateral wall
scar. Screenshots of the simulated transmembrane voltage (Vm) are reported every 120 ms. The
lighting symbols indicate ventricle pacing. No non-sustained or sustained re-entry is observed.

EHT patch can prevent sustained re-entry in model with apparent isthmus

In the isthmus mesh, which demonstrated sustained re-entry in the control case ( Figure 4.5),

we observed that the application of the EHT patch prevented the induction of re-entry in 8

out of 15 models (Figure 4.7). As evident from Figure 4.5, the re-entrant wave is dependent

on propagation through an anatomically protected corridor of excitable myocardium. The

EHT propagates the impulse across the entrance to the isthmus, preventing the development

of unidirectional conduction block, and thereby removing a required condition for the initiation

of re-entry (screenshots in Figure 4.7, first row). Specifically, no re-entry was observed in

the models with an EHT patch with 100% of the healthy CV value, regardless of the patch

APD. Similarly, no re-entry was observed when the EHT patch CV was equal to 50 and 80%

of the healthy CV value and the EHT APD was 81% and 67% of the reference hiPSC-CMs
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value. Figure 4.7 shows that as CV in the EHT decreases, the chance of re-entry increase.

Specifically, re-entry was induced following programmed electrical stimulation when EHT CV

was 10% of physiologic values with all EHT APD values. Similarly, longer APDs were more

likely to retain the re-entrant mechanism observed in the control case. The EHT patch exerts

its effect on the inducibility of sustained re-entry through differences in the likelihood of onset

of unidirectional conduction block. With appropriate CV and APD values, the chance of

development of unidirectional conduction block is reduced, with a concomitant reduction in

the chance of initiation of re-entry, while lower CVs and higher APDs no longer mitigate the

risk of unidirectional conduction block. This can be explained by the fact that the default

EHT patch APD is similar to the BZ one (430 ms and 420 ms, respectively). Thus, in in

the presence of the default EHT, the isthmus entrance stays refractory to the second applied

stimulus, similarly to the control case. However, when the EHT patch APD is reduced, the

APD becomes significantly lower than the BZ APD (290 vs 420 ms). This reduces the refractory

period after the first stimulus, and enables the second wavefront, albeit slowed down, to enter

the isthmus, meet the wavefront coming from the upper entrance of the isthmus and prevent

the onset of the re-entry (screenshots in Figure 4.7, second and third row). In the cases with the

lowest EHT patch CV (10-20% of the default myocardial CV), the first wavefront (propagating

more slowly) depolarizes the tissue at the entrance of the isthmus closer to the timing of

the second stimulus, causing the tissue to be refractory to the second stimulus, despite the

reduced APD. The re-entrant mechanism is thus retained (see screenshots in Figure 4.8). For

an endocardial view of the electrical propagation across the model shown in Figure 4.7, see

Figure 4.9.

Presence of functional arrhythmia following patch application in model with large

lateral wall scar

In contrast to the isthmus scar, a decreased APD was more pro-arrhythmic in the large scar

case. After applying the EHT patch, healthy areas of myocardium on either side of the scar have

a layer of conducting tissue between them. The specific conduction properties of this tissue will

determine how it affects wavefront propagation. If the EHT patch CV is 50% or lower than the
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Figure 4.7: Programmed electrical stimulation in the isthmus scar model in the presence of
the EHT patch. The table at the top displays which combinations of EHT patch characteristics
(CV and APD) succeed in terminating the re-entrant circuit present in the control mesh. Below,
an example of how the presence of the EHT patch can prevent the re-entry onset is reported.
The second wavefront is slowed (t=540 ms), but not blocked. Thus, it can enter the isthmus
(t=660 ms) and meet the wave entering the isthmus from above (t=720 ms), preventing the
onset of the re-entry.

healthy myocardium (screenshots in Figure 4.10), the wave will travel in the posterior side of

the ventricle first (Figure 4.10 - first two rows - white arrows), as it did in absence of the patch.
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Figure 4.8: Programmed electrical stimulation in the isthmus scar model in the presence of
the EHT patch. The table at the top displays which combinations of EHT patch characteristics
(CV and APD) succeed in terminating the re-entrant circuit present in the control mesh. Below,
an example of how the presence of an EHT patch with long APD typical of hiPSC-CMs does
not prevent the onset of the re-entry seen in the control case. The second electrical wave is
prevented from entering the isthmus (straight white lines at t=480 ms and t=600 ms) and
forced to travel around it (t=660 ms). The wave is then free to travel through the isthmus
(t=720 ms), exit the isthmus (t=960 ms) and excite again the whole ventricle (t=1020 ms),
maintaining the re-entrant circuit
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Figure 4.9: Endocardial view of the rapid pacing protocol in the isthmus scar model showed
in Fig 6 in the Manuscript. Panel a) shows schematically the steps made to achieve this view,
i.e. splitting the mesh along the long axis, adding transparency and removing the scar. Panel
b) reports the screenshots at the same time steps showed in Fig 6 in the Manuscript.

In addition, the longer APD in the EHT patch will cause a late repolarization in the areas

where the EHT is in contact with the scar (see Figure 4.10 – screenshots in second row, first

column and third row, last column) and is less electrotonically coupled to the myocardium with

its shorter APD. In the case of large scar, this will result in extensive areas of EHT patch over
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scarred myocardium that will still be depolarized, in contact with regions of the patch that are

already repolarized, because they are coupled with the viable myocardium that has a shorter

APD. These early repolarised regions of the EHT patch can be depolarized again, creating the

conditions for the onset of functional re-entry. The beginning of such a functional arrhythmia

is indicated in Figure 4.10 with a black arrow. In our model, heterogeneity in the EHT patch

electrical properties are responsible for the onset of sustained functional re-entry, in the form

of two spiral waves. As can be seen in Figure 4.10, the clockwise rotating spiral wave is slower

than the counter-clockwise rotating spiral wave, which spreads faster and it is also subject to

breakup. This can be explained by the fact that, the counter-clockwise spiral wave travels

through EHT in contact with healthy myocardium. The host myocardium has a lower resting

membrane potential than the EHT. Electrotonic coupling will lower the EHT resting membrane

potential and reduce the inactivation of sodium channels, causes a larger depolarising current

and faster CV. In contrast the clockwise spiral wave travels through EHT in contact with

scar, which maintains the EHT resting membrane potential and consequently has a slower CV.

In the next stage, the activation then spreads to the rest of the healthy myocardium, making

the counter-clockwise spiral wave subject to breakup. In the large scar model, which did not

present re-entry in the control case (Figure 4.6), we observed no re-entry when an EHT patch

with 80 or 100% of healthy myocardial CV was applied (Figure 4.10). Following engrafting of

an EHT patch with 50% CV, non-sustained re-entry was observed when the APD was at the

reference values for hiPSC-CMs, while no re-entry was observed when the APD was reduced to

81% and 67% the reference value. Following engraftment of an EHT patch with 20% healthy

CV, non-sustained re-entry was observed in all cases, regardless of the patch APD. Finally,

following engraftment of an EHT patch with 10% healthy CV, non-sustained re-entry was

observed when APD was at the reference value, and sustained functional re-entry (Figure 4.10-

screenshots) observed when the APD was reduced to 81 or 67% the reference values. The

duration of the simulation was extended to 8000 ms to confirm that in these cases the induced

arrhythmias were sustained for this period (i.e. the red squares in Figure 4.10, upper panel). An

endocardial view of the electrical propagation across the model in Figure 4.10, is also available

in Figure 4.11. Simulations have thus shown that adjusting the EHT patch CV and APD can
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increase or decrease the susceptibility to different types of arrhythmias in the large lateral scar

model.

4.3.3 Engraftment of EHT patches modifies the tissue’s Rheobase-

Cronaxie relation:

The simulations with varying stimulus duration and current amplitude on the control cube

were used to fit a decay exponential curve and thus find the Rheobase-Chronaxie relation for

the BZ (Figure 4.12), curve in lightest shade of blue). We then tested whether the relation

changed after engraftment of EHT patches with different CV and APD. We found that, for the

same stimulus duration, a higher stimulus current amplitude was needed to elicit propagation

following engraftment of an EHT patch, resulting in an up-right shift of the Rheobase-Chronaxie

curve (Figure 4.12 – black arrow). This was particularly noticeable when engrafting EHT

patches with CV equal or greater than 50% of the healthy myocardial CV. The shift in the

Rheobase-Chronaxie relation demonstrates that the coupling of an EHT patch with the infarct

BZ in our model increases the source current required to generate a propagating impulse.

This provides support for the hypothesis that the introduction of EHT patches with CV close

to healthy myocardial CV, and electrically coupled with the epicardium, might reduce the

likelihood of an ectopic impulse propagation.

4.4 Discussion

In this study we have used a validated EHT model virtually applied to patient-derived human

scar models to show that: 1) application of EHT patches can reduce the likelihood of initiation of

sustained re-entry through reducing the likelihood of development of unidirectional conduction

block when applied across the susceptible area. In our model this was achieved by EHT patches

with CV and APD values close to host myocardium values; 2) large EHT patches with low CV

and long APD, typical of hiPSC-CMs, can create a heterogeneous substrate that predisposes

the heart to functional re-entry; 3) application of EHT patches that are electrically coupled
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Figure 4.10: Programmed electrical stimulation in the large lateral wall scar model in the
presence of the EHT patch. The table at the top displays which combinations of EHT patch
characteristics (CV and APD) promotes the onset of non-sustained (light red) or sustained (red)
re-entries, which were not present in the control mesh. Below, an example of how the presence
of the EHT patch can onset a sustained re-entry is reported. Screenshots of the simulated
transmembrane voltage (Vm) are reported every 120 ms.
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Figure 4.11: Endocardial view of the rapid pacing protocol in the large scar model showed in
Fig 7 in the Manuscript. Panel a) shows schematically the steps made to achieve this view, i.e.
splitting the mesh along the long axis, adding transparency and removing the scar. Panel b)
reports the screenshots at the same time steps showed in Fig 7 in the Manuscript.

with host myocardium can reduce the chance of propagation of a focal impulse through changes

in electrotonic loading of BZ tissue.
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Figure 4.12: The graph on top compares the Rheobase-Chronaxie relations fitted on simula-
tions data from the model without EHT patch and the models with an EHT patch with CV
equal to 50 and 100% of the healthy myocardial CV. The top row’s screenshots show an ectopic
impulse arising and propagating in the cube mesh extracted from the model without EHT. The
bottom row’s screenshots show an ecotpic impulse being dissipated by the presence of an EHT
patch with sufficient CV.

4.4.1 EHT patches influence on structural arrhythmias

Our simulations predicted that the engraftment of an EHT patch can prevent the induction of a

sustained re-entry caused by an isthmus-like scar by reducing the likelihood of the development

of unidirectional conduction block in a vulnerable isthmus, provided that the long hiPSC-CMs

APD was reduced towards the APD of the host myocardium (Figure 4.7). A similar result
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was observed experimentally by Li et al [194], whose engraftment of EHT patches on scarred

myocardial sheets resulted in the coupling of disconnected cardiac regions and the suppression

of re-entrant arrhythmias within the scarred area.

4.4.2 Implications of EHT patch-host myocardium electrical cou-

pling

Our simulations show that, where the EHT patch electrically couples with healthy myocardium,

EHT activation and repolarization will be driven by the healthy myocardium. This is particu-

larly noticeable at rest, where the electrotonic load in the EHTs, due to the electrical coupling

with the healthy tissue, causes a drop in the hiPSC-CMs resting potential from ≈ -70 mV to a

level closer to the adult myocardium level (≈ -85 mV). However, this coupling does not occur

where the EHT is in contact with the scar, as scar is non-excitable and non-conductive tissue,

and thus the EHT retains its intrinsic electrophysiological properties. The result is that this

heterogeneity in the host myocardium tissue in contact with the EHT causes heterogeneity in

the electrophysiological properties of the EHT, in turn responsible for the spiral waves observed

in the model with the large scar. Experimentally, assessing electrical activity in engraftments

has been proven to be a challenging task, particularly to discriminate between EHT, scar and

remaining viable myocardium [39]. However, studies that have detected electrical coupling, re-

port observations in line with our findings. Weinberg et al [39] have measured electrical activity

in the EHT synchronous with the pacing cycle length imposed on the myocardium, suggesting

that, following successful application and electrical coupling, host, healthy, myocardium can

drive the EHT activation. More importantly, Shiba et al [204] identified differences in activity

between EHT patches engrafted on intact myocardium and on scarred tissue, being the first

faster and more uniform, and the second slower and more chaotic. This result seems consis-

tent with the presence of scar contributing to the formation of heterogeneities in the EHT

electrophysiology.
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4.4.3 Heterogeneity in the EHT patch following electrical coupling

can promote both sustained and non-sustained functional ar-

rhythmias

In addition to reducing the propensity to the induction of anatomic isthmus-mediated re-entry,

our simulations predicted that EHT patches can predispose to the initiation of functional re-

entries (Figure 4.10). In the patient model with a large lateral wall scar we did not observe

re-entry in the control simulations (Figure 4.6). However, the engraftment of the EHT patch,

which couples with the viable tissue but not the scar, introduces extensive areas of heterogeneity

in the EHT, which is well recognized as a risk factor for arrhythmia. Interestingly, despite all

cases of EHT patch with CV lower than 50% healthy myocardial CV exhibiting re-entry, re-

entry was only sustained in the cases with lowest EHT CV and shortest APD. This observation

could reflect differences in the wavelength of the re-entrant waves. The wavelength measures

the spatial extension of a propagating wave [220], i.e. of all the depolarized cells, and it

is computed as the product of refractory period (or APD) and CV. The models displaying

sustained, functional re-entry, are the ones with lowest CV and shortest APD, and thus the

ones with the smallest wavelength. A decrement in wavelength is associated with enhanced

re-entry sustenance, as the re-entrant wave is less likely to collide with its tail of refractoriness

and extinguish itself [221].

Transplantation of either cells or patches resulting in isolated cardiomyocyte that are sepa-

rated from the host myocardium have been reported experimentally and identified as possible

anatomical pathways for re-entry mechanisms [39, 193, 204]. Yamazaki et al [222] observed

initiation of both VT and VF due to islands of enhanced refractoriness and APD dispersion,

showing in vitro a similar mechanism to the one we report in our study. Bursac et al [114]

found spiral waves in EHT patches even pre-engraftment, due to anatomic heterogeneities. The

hazards of introducing heterogeneities are well known, yet experiments on small animals have

so far not linked EHT application with increased arrhythmic risk [193, 122, 37, 199]. However,

our simulations on human heart failure ventricles show that these heterogeneities can be re-

sponsible for the onset of life-threatening, sustained arrhythmias, suggesting that the impact
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of heterogeneities in small animals in experiments might have been underestimated, possibly

due to the smaller heart volume [193].

4.4.4 EHT patches influence on focal impulse propagation

Our models indicated that application of electrically coupled patches with CV 50% or greater

than viable myocardium reduced the chance of ectopic impulse propagation. Ectopic impulse

propagation is inhibited because of the increased electrotonic load in the host tissue, resulting

in an increase in the source current required to depolarize the adjacent coupled tissue. Ectopic

impulses can be caused by spurious calcium handling dynamics which in turn causes a trans-

membrane current that depolarizes the cell. In the absence of the patch, the spurious current

is enough to depolarize a group of cells above threshold and thus trigger an AP (Figure 4.12 –

first row of screenshots). In the presence of the patch, the cells that were previously depolarized

are now electrically coupled with EHT patch CMs, which increase the electrotonic sink. Some

of the spurious current is now distributed to the EHT patch CMs (Figure 4.12 – second row

of screenshots), but since the same current is distributed across a larger volume of tissue, the

change in transmembrane voltage in each cell is lower, such that none of the cells now reach

threshold to trigger an AP. Hence, no AP is triggered and the ectopic impulse does not prop-

agate. In these simulations, patches with 20 or 10% viable myocardium CV were predicted to

have a limited impact on likelihood of ectopic impulse propagation. An EHT patch with low

CV might have less (and less organized) gap junctions [223], leading to a less efficient electrical

coupling and ultimately to a lower electrotonic load applied to the host myocardium [163]. For

this reason, the EHT patch might not dissipate enough current to avoid the triggering of AP

and the consequent propagation of the ectopic impulse.

Ectopic impulses have been observed both experimentally [224] and in simulations [225, 143]

around infarcted regions. In addition, ectopic impulses were reported consistently after intra-

mural injection of hiPSC-CMs [202]. Experimental data collected after EHT patch engraftment

report both absence [193, 37, 199] and presence [122, 200] of ventricular ectopies. However, in

the two studies reporting ventricular ectopies, it was not clear whether the ectopic activation
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was generating from the remodelled tissue around the infarct or from the patch itself, due to

the hiPSC-CMs automaticity. Liu et al [200] study was conducted on macaques, which have

a lower heart than other small mammals. A heart rate lower than the intrinsic hiPSC-CMs

activation rate could render the recipient heart vulnerable to ectopic activation from the en-

grafted EHT patch [216]. The absence of ectopies generated from the remodelled tissue are

in accordance with the mechanism unveiled by our simulations, suggesting that EHT patches

application might help decrease the incidence of ectopic beats related to the ischemic tissue.

However, the possibility of ectopies deriving from hiPSC-CMs intrinsic automaticity should still

be considered.

4.5 Limitations

Our models included detailed scar and BZ morphology, as well as structural and ionic remod-

elling typical of scar and BZ (see Methods). However, the myocardium not affected by ischemia

was modelled as healthy tissue. This will not represent the heart failure phenotype, in which

the non-ischemic tissue can also undergo electrophysiological remodelling [226]. However, while

the quantitative CV and APD values may change, the observed mechanisms of sustained and

terminating VT with an EHT patch, are still plausible with a heart failure phenotype.

In our simulations we assume that the EHT is electrically connected to the host tissue. While

electrical coupling has been observed experimentally [193, 122, 37, 199, 200, 204], a full patch-

host electrical integration in an experimental set up might be prevented due to incomplete

adhesion or presence of a fibrotic layer between patch and host tissue [39, 124]. If the patch

remains electrically uncoupled from the host myocardium, its direct impact on arrhythmogenesis

will be limited.

We modeled the EHT as a homogenous syncytium. However, it is likely that EHTs contain

stem-cell-derived cardiomyocytes exhibiting three phenotypes: atrial-like, ventricular-like, and

nodal-like [183]. We have not represented these distinct cell types explicitly and have assumed

a single homogenized representation for the EHT. The need to explicitly represent different cell
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types depends on their relative number and their spatial organization. This is likely to depend

on the EHT manufacturing process and could be modeled using the partitioned phenotypes

or homogenized phenotype models for simulating electrical activation in tissue consisting of

multiple cell types [184].

In this study we have used the epicardial version of the Ten tusscher ionic cell model to simu-

late the cell-level electrophysiology of the ventricular myocardium. However, it is known that

transmural repolarization gradients are present in animal’s ventricles, namely, longer APD is

reported in the endocardium with respect to the epicardium. Since repolarization times are

strictly linked with refractoriness, changes in this property may impact our results. However,

we are simulating the effect of an epicardial EHT patch, which, by definition, predominantly

impacts the epicardium. Since we used the epicardial version of the Ten tusscher cell model,

our simulations capture the correct local tissue electrophysiology. We also showed in previous

studies (Chapter 3 or [216]) that ventricular transmural heterogeneity had a limited impact on

activation patterns and local repolarisation gradients near the patch in a simplified ventricular

wall model.

Specific values derived from these models are not generalizable beyond the specific anatomic

and functional configurations assessed, however the results do indicate some generalizable ob-

servations about potentially important mechanisms by which EHT patch engraftment will affect

predisposition to arrhythmia.

Finally, our models do not capture paracrine and autocrine effects, which have been linked

with angiogenesis and improved cardiac function observed ex-vivo in infarcted hearts after

EHT patches application [196, 198, 199].

4.6 Conclusions

We have shown that appropriately located EHT patches can reduce the predisposition to

anatomical isthmus mediated re-entry in a model of ischemic cardiomyopathy, through a re-

duction in the likelihood of development of unidirectional conduction block. In these models,
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EHT patches with a physiological APD and higher CV were most effective in reducing this risk.

We have also demonstrated that EHT patches with CV and APD typical of hiPSC-CMs were

associated with the onset of sustained functional re-entry in an ischemic cardiomyopathy model

with a large transmural scar. Finally, we have demonstrated EHT patches electrically coupled

to host myocardium reduce the likelihood of propagation of focal ectopic impulses, an effect

that was most evident with higher CV within the patch. These results indicate that engrafting

immature EHT patches and specifically those with lower CV than the host myocardium, may

have little impact on anatomically defined and promote functional re-entry. hiPSC-CMs mat-

uration may be important to minimize the arrhythmic risk when transplanting EHT patches

in human ischemic hearts.



Chapter 5

Discussion

5.1 Simplified model Vs anatomically-detailed model: find-

ings comparison

5.1.1 Summary of studies findings

In Chapter 3 and 4 we presented the creation and application of computational cardiac models

to study pre-clinical and clinical EHT grafts.

In our first study (Chapter 3) we used a simple model with an idealized geometry and we

found that the EHT patch had an effect on electrical propagation only when the scar was

both transmural and non-conductive. Moreover, we found that EHT patches design variables

were not species-dependent and that it is possible to recover physiological activation times by

tuning the EHT conductivity. Our simulations finally predicted that a large increment in EHT

conductivity might be pro-arrhythmic and that altering other immature features of hiPSC-CMs

may recover physiological activation while not increasing the risk of arrhythmia.

In the second study (Chapter 4), we moved from an idealized geometry to a realistic one, by sim-

ulating electrical propagation in left ventricle models obtained from magnetic resonance images

from patients with ischemic cardiomyopathy. Our simulations showed that EHT patches with

151
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physiological APD and higher CV can reduce the occurrence of anatomical isthmus mediated

re-entries, by preventing conduction block at the isthmus entrance. We also showed that EHT

patches with CV and APD typical of hiPSC-CMs can onset functional re-entry in an a model

with a large transmural scar. Finally, we demonstrated that EHT patches electrically coupled

with the host myocardium reduce the likelihood of propagation of focal ectopic impulses.

5.1.2 Surviving tissue limits the influence of EHT patches on elec-

trical propagation

In the simplified model used in the first study, we modelled the scar with varying transmurality

and conductivity, and found that the EHT patch had an effect on electrical propagation only

when the scar was both transmural and non-conductive. This was confirmed both by the

sensitivity indices from the GSA (Figure 3.11) and from the propagation paths examination

(Figure 3.12). In our model, this is explained by the fact that the stimulus (in most cases)

propagates more quickly in the myocardium, thus the top right corner of the slab is excited by

an electrical wave coming from the myocardium, despite the stimulus also travelling through

the EHT. This is due to the EHT’s lower CV, with respect to the healthy tissue, and the need

for the activation wave to move up into the EHT patch and down into the viable tissue. Thus,

when the scar is not transmural and some viable tissue is still present, our model predicts the

viable tissue to have a primary role in propagation. A similar phenomenon can be observed in

the models with more realistic geometries used in our second study. The layer of hiPSC-CMs

we designed as an EHT patch was placed over the scar, based on where the scar was visible from

the epicardium, as it is commonly done in wet lab experiments. However, being as the EHT

patch was modelled as circle-shaped and the scar irregularly shaped, part of the EHT patch

was in direct contact with healthy tissue, as well as BZ and scar tissue. Focusing on the areas

where the patch is in contact with healthy tissue, it is possible to notice that the activation

is always driven by the healthy tissue, with the activation in the EHT patch ”trailing”, i.e.

the EHT activates in response to the activation of the healthy tissue underneath, thus never

guiding the electrical propagation. Hence, activation not being influenced by the EHT when
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viable tissue is present underneath is a feature that is retained when going from a geometrically

simple model to one with a realistic geometry.

5.1.3 Anatomically-detailed model provides mechanistic explana-

tion for arrhythmic behaviour

The simple model also predicted that design variables are not species-dependent. Using dif-

ferent ionic cell models we represented rat, rabbit and human myocardium, and we varied

the geometrical dimensions of the slab to mimic the myocardial wall thickness of each of the 3

species. By comparing the electrical propagation paths (Figure 3.11) and the sensitivity indices

from the GSA (Figure 3.12), we observed that the influence of the EHT patch on the electri-

cal propagation was similar regardless of the species. In other words, differences at a cellular

level did not seem to influence the effects of the patch on the tissue-level propagation. This

finding is encouraging, as it supports the translatability in humans of results from animal ex-

periments. Many experiments on small mammals did not link EHT patches with an increment

in arrhythmia incidence [193, 122, 37, 199, 200]. However, when moving to a more complex and

close to reality geometry, our simulations found that EHT patches can be responsible for the

initiation of focal re-entrant arrhythmias (Figure 4.10). It thus appears that translatability in

humans of the results regarding arrhythmic risk may depend on the scar complexity, but not on

the specific cellular physiology. As suggested in the literature [193, 227], experiments in small

mammals are likely to underestimate the arrhythmic risk, due to the smaller dimensions of rat

and rabbit’s hearts with respect to human’s. This is due do the fact that hearts of greater

dimension offer more area for re-entrant patterns to arise [193]. Our simulations showed that,

in our models, the creation of an arrhythmogenic substrate after attachment of an EHT patch

was due to the heterogeneity of the scar translating in heterogeneity in the EHT patch. The

immature phenotype typical of hiPSC-CMs causes them to have a higher resting membrane

potential with respect to adult CMs [67, 68, 69]. Thus, the EHT patch will have a higher resting

membrane potential compared to the host myocardium. When coupling with healthy tissue,

the EHT patch high resting membrane potential is lowered by the electrotonic load exerted
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on the patch from the healthy tissue. This lowers the inactivation of the sodium channels,

causing in turn a larger depolarising current and a larger CV when the EHT over viable host

myocardium is activated. However, this does not happen where the EHT patch is in contact

with the scar tissue. The scar is non-conducting, and thus acts as an insulator, not causing

any electrotonic load on the patch. The EHT patch hence retains the immature phenotype

and its features, notably the lower CV. Under this conditions, the EHT patch represents a

heterogeneous substrate for the electrical wave to propagate through, and heterogeneities in

the propagation substrate are know to be pro-arrhythmic [228].

This mechanism had not been initially uncovered when using the simpler model (Chapter 3).

When using the simple model we quantified the repolarisation gradient on the host tissue at

the patch-tissue interface. While focusing on the electrotonic load that the EHT patch exerts

on the host tissue enabled us to find an increment in repolarization gradients in the host tissue,

the models based on real geometries revealed that it is actually the electrotonic load that the

host tissue exerts on the EHT patch (or the lack of it from the scar tissue) that causes the most

evident arrhythmia-related issues.

5.1.4 EHT-related focal ectopies caused by hiPSC-CMs automatic-

ity

In the first study (Chapter 3) we recovered the estimated physiological activation time by in-

creasing the sodium channel density of the EHT patch instead of the gap junctions conductivity,

to avoid increasing the electrotonic load and thus the repolarisation gradient (see section 3.4.4).

We used this finding in our second study, while tuning the EHT patch CV. To find the param-

eters combinations needed to create models of EHT patches with different CV, we simulated

electrical propagation on a tissue slab, using the ionic model for hiPSC-CMs [96] utilized in the

EHT patches. We performed a grid search on two parameters, gap junctions conductivity and

sodium channels density. We investigated CV for every simulation by collecting the activation

times at a fixed distances, and we kept the combinations of sodium channels density and gap

junctions conductivity which enabled us to match our target CV values (10, 20, 50, 80 and
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100% of healthy myocardial CV values, i.e. 67 cm/s).

In the first study, we had noticed how increasing the sodium channels density caused a short-

ening in the hiPSC-CMs intrinsic cycle length and resulted in ectopic beats fired from the EHT

patch (see section 3.3.4), when the model was paced at 1 Hz frequency. Despite increasing the

sodium channels density, we did not incur ectopic beats fired from the EHT in the second study,

because the models were stimulated with a higher frequency pacing protocol (2.4 Hz), thus over-

riding the hiPSC-CMs self-pacing frequency. However, the simulations where no re-entry was

observed (green squares in Figure 4.7) run all the same until 5000 ms of simulation time, and no

ectopy generated from spontaneous beating of the EHT patch was observed. This suggests that

the myocardium could act as a strong electrotonic sink to suppress the hiPSC-CMs intrinsic

automaticity.

5.1.5 Tuning the EHT inward rectifying potassium current

In the first study we increased the inward rectifier potassium channels density to bring back

the hiPSC-CMs intrinsic cycle length to values below 1 Hz (see section 3.3.4). This was not

needed in the second study, in such the maximum sodium channel density multiplier used in the

second study was 2, while being 4 in the first study (because the gap junctions conductivity value

was not increased together with the sodium channels density, as it was in the second study).

Consequently, the shortening in the hiPSC-CMs intrinsic cycle length was less pronounced in

the second study, and an increment of the inward rectifier potassium channels density was not

needed.

However, by looking at the electrical propagation in the isthmus mesh of Chapter 4 when the

EHT patch CV was equal to the myocardial CV (Figure 5.1), we can see that the electrical

wave deriving from the first apical stimulation propagates in the patch with uniform velocity,

while the electrical wave from the second stimulation slows down in correspondence of the patch

areas in contact with the scar. This happens despite the EHT patch also having APD smaller

than the host myocardium’s (290 ms vs 310 ms).
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Tuning CV of the EHT patch was performed with one stimulation, so slowing of CV in a

rapid pacing protocol was not taken into account in the initial process of CV tuning. The

CV slowing during the second propagation may be related to the hiPSC-CMs high resting

membrane potential, hence increasing the inward rectifier potassium current might restore

uniform velocity through the EHT for all the electrical waves elicited by the rapid pacing

protocol, thus improving the EHT patch performance.

Figure 5.1: Programmed electrical stimulation in the isthmus scar model with an EHT patch
with 100% of the healthy CV value and 67% of the the reference hiPSC-CMs APD value.

5.1.6 Design of engineered heart tissue patches: final remarks

Our simulation studies point towards hiPSC-CMs maturity as paramount for limiting EHT

patches arrhythmic risk. Specifically, by leveraging the flexibility of computational models, we
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were able to identify specific features that should be taken into account when designing EHT

patches. While the EHT CV should be as close as possible to the host myocardium’s CV, our

model showed that obtaining so by exclusively augmenting gap junctions density in the EHT

does not constitute a safe approach, in such it promotes an increment in repolarisation gradients

in the host tissue. Our simulations instead predict that addressing the lack of hiPSC-CMs

fast sodium current (i.e. tackling the hiPSC-CMs slow AP upstroke) represents a safer way

to increase CV in EHT constructs. Another known immature feature of hiPSC-CMs is the

lack/underexpression of inward rectifying potassium current [180]. While the main concern

regarding the lack of inward rectifying potassium current is linked to hiPSC-CMs automaticity,

our simulations found that the hiPSC-CMs automaticity is likely to be overridden by the

physiological activation frequency, and that the hiPSC-CMs automaticity might be suppressed

by the electrotonic load exerted from the host myocardium on the EHT patch. Nevertheless,

we found that ensuring the presence of an adult-like inward rectifying potassium current in the

EHT patch could help lowering the high resting membrane potential typical of the hiPSC-CMs,

in turn reducing the inactivation of sodium channels and ultimately resulting in a larger EHT

CV.

CPs have been recently used as biomaterials to create cardiac patches [53, 229]. In our first

study (Chapter 3) we simulated the presence of a layer of CP, paired with a layer of EHT

derived from hiPSC-CMs. The results of the GSA in our model did not indicate the CP’s

properties (i.e. conductivity and thickness) as significant in increasing the EHT CV. For this

reason, we did not include the CP in the in silico EHT application in Chapter 4.

The exact interaction at the myocardium-CP interface still needs to be elucidated [181]. How-

ever, the capability to transport ions is believed to be crucial in CPs for cardiac applications

(see Figure 1 in [181]). The actual mode of conductivity and interfacial charging is known to

differently affect biological processes [230]. Langer et al [231] found that stimulation through

a CP using electronic conductivity, or just the presence of the electric field, did not elicit a cel-

lular response, while a quantifiable cellular response could be obtained only using polypyrrole,

a mixed (ions and electrons) conductor. Our model is partially able to replicate this effect,

in such the presence of the CP around the tissue increases the extracellular conductivity for
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the tissue at the interface, supplying the current (i.e. the moving ions) with a low-resistance

pathway to flow in. However, modelling techniques more specific to the field of material engi-

neering, such as density functional theory [232], could be used to model charges movement and

investigate how ions involved in the cardiac AP can interact with the CP surface.

While CP constructs have been extensively investigated in vitro, there are still some challenges

hampering the application of CP constructs in vivo, such as the conductivity decrement in

physiological environment and the possible immune reaction or chronic inflammatory responses

[233]. A complete understanding of the long-term toxicity of CPs in vivo and their interaction

with the immune system constitutes a requirement towards the CPs becoming a standard

therapy alongside EHTs in cardiac tissue engineering.

5.2 Machine learning and emulators in cardiac compu-

tational modelling

In the study presented in Chapter 3, we opted for a computationally friendly model, with an

idealized geometry (see Figure 3.1). Despite the relative simplicity of the model, when it came

to perform sensitivity analysis, tens of thousands of model runs were required, rendering the

problem intractable.

The computational burden of tissue and organ level models of cardiac electrophysiology is well

known [234]. The recent surge of patient-specific modelling, and the attempt to bring person-

alized models into the clinic, has driven the development of scalable code to handle organ-scale

simulations [84]. However, when such complex models must be solved multiple times, they be-

come quickly unaffordable [235]. Complex models need to be solved multiple times in a variety

of situations, specifically when facing tasks as sensitivity analysis and uncertainty quantifica-

tion. In these cases, surrogate models are leveraged to achieve computational feasibility.
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5.2.1 Gaussian processes as cardiac models emulators

Different kinds of surrogate models (or emulators) are available, such as lower-fidelity models,

which consist in introducing modelling simplifications, reduced order models and emulators

obtained via GPs regression. In this work, we used GP-based emulators to replace the compu-

tationally expensive model, enabling us to rapidly predict the model’s output and thus perform

the GSA. In the past years, GP-based emulators have been used to perform models parameters

constraining via Bayesian History Matching in an array of different applications, such as in

models of galaxy formation [236] and infectious disease modelling [237]. More recently, GP

emulators have been used as a surrogate of cardiac models. Coveney et al [238] used emulators

to fit models of human atrial CMs. Longobardi et al [144] employed GP-based surrogates to fit

a multi-scale bi-ventricular model of rat heart contraction and to perform GSA on the model.

Another work from Karabelas et al [239] employed GPs to emulate and carry out GSA on one

of the first 4 chamber heart hemodynamics models, where GPs demonstrated good performance

also with computational fluid dynamics models.

5.2.2 Deep learning for cardiac models emulation

Various machine learning techniques can be used in cardiac electrophysiology [240]. One of the

main areas where the application of machine learning has become widespread is electrocardio-

gram analysis, electrocardiogram being largely available and obtainable through non-invasive

measurements [240]. Specifically, several shallow learning algorithms (in contrast with deep

learning, i.e. neural networks), such as decision trees [241] and support vector machines [242],

have been used for electrocardiograms classification. As a result, these algorithms are trained

to automatically distinguished between healthy phenotypes and abnormal ones (e.g. affected

by AF).
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Neural networks-based reduced order models

Recently, machine learning techniques have also begun to be used in combination with computa-

tional models of cardiac electrophysiology. The aim consists in reducing the computational bur-

den regarding both predictive modelling, i.e. extrapolating the state of the modelled biophysical

system forward in time, and parameters inference, i.e. estimating the model parameters under-

lying an observation of the system’s behaviour. Specifically, Cantwell et al [234] have shown

how neural networks can be used to predict the output (in 2 dimensions) of the monodomain

model (see section 2.1.2), and thus predict correctly the diffusion of the AP in excitable cardiac

tissue. In the last 2 years, more pioneering work on this topic has been performed by Fresca et

al [235], which used neural networks to create deep learning-based reduced order models of the

monodomain model. These new models provide solutions to parametrized electrophysiology

problems, in a more efficient way than regular reduced order models. Regazzoni at al [243]

extended the concept of deep learning-based reduced order models to simulations of cardiac

electromechanics. The authors show how reduced order models based on neural networks can

be used to model active force generation at a sub-cellular level, in lieu of complex sarcomere

models. In the context of simulating multiscale cardiac electromechanics, the authors reported

how using the deep learning-based reduced models enabled a one order of magnitude decrease in

computational time and only introduced a small error in the main cardiac biomarkers of clinical

interest. The same authors extended this work by creating a deep learning-based reduced order

models that approximates a 3D electromechanical model of a human ventricle [244]. Besides

good accuracy with respect to the full-order model, the machine learning-based model was

shown to speed-up numerical simulations by three orders of magnitude, thus enabling the per-

formance of GSA and parameter Bayesian estimation, which would normally be unaffordable

on the full-blown ventricular model of cardiac electromechanics.

Physics-informed neural networks

The approaches just described [234, 235, 243, 244] leverage deep learning to cut the computa-

tional time of numerically solving system of ordinary and partial differential equations. They
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do so by employing neural networks within a black-box approach, i.e. the neural networks

learn the dynamics of the model from input-output pairs generated by the complete model.

Recently, a new kind of approach has been developed, consisting in embedding the modelled

physics into machine learning. This is done through neural networks that can be trained from

additional information acquired by enforcing the physical laws [245], termed physics-informed

neural networks (PINNs). A recent work by Martin et al [246] has used PINNs to characterise

cardiac electrophysiology. The authors have used PINNs to successfully predict the spatio-

temporal evolution of the AP, for parameters estimation, as well as to identify heterogeneities

in electrophysiological properties.

In summary, we used a statistical tool to emulate our model following an approach already used

in combination with computational models [236, 237] and more specific with cardiac models

[144, 238]. While incorporating machine learning in cardiac computational modelling is still

in its infancy, the potential speed-up in computational time, with consequent faster models

parametrisation, could unlock several applications in personalised medicine and bring cardiac

modelling closer to direct clinical application.

5.3 Modelling the engineered heart tissue: assumptions

and implications

As for every modelling study, we made a series of assumptions when devising this work.

5.3.1 Uniformity of cells phenotype

One of the main assumptions derives from the use of the bidomain model, according to which

the myocardium is modelled as a syncytium. We used the bidomain model coupled with a

ionic model representing hiPSC-CMs electrophysiology [96] to replicate electrical propagation

in the EHT. In doing so, we assumed that the EHT is a homogeneous syncytium. However,

it is plausible EHTs will contain different stem-cell derived CMs phenotypes, such as atrial-
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or ventricular-like [182]. Even with recently developed techniques promoting differentiation

efficiency and purity, the heterogeneity of cellular population after differentiation in CMs is

still present [247]. The resulting heterogeneity in the electrophysiological properties of the

EHT may have an impact on its effect on the infarcted myocardium.

Novel modelling technique could be adopted to capture this heterogeneity in the EHT. Bowler

et al developed a partitioned phenotypes models to simulate electrical activation in tissue with

cells of multiple types [184]. The authors specifically tested the model against experimental

data from 2D hiPSC-CMs sheets, and were able to match experimental features like CV and

self-pacing frequency. In the foreseeable future, new algorithms able to tackle simulations

of electrical propagation in tissues with cell-level discretization could become an additional

tool to tackle this limitation [248]. Such algorithms are however likely to require the use of

supercomputers more powerful than the current ones.

5.3.2 Isotropy

In our simulations we assumed the EHT patch to be isotropic. In other words, the components

of the conductivity tensor of the bidomain model were all set to the same value. It is possible to

model cardiac tissue anisotropy using a vector field representing cardiac fibers [136]. We used

this approach to model the cardiac fibers in the myocardium of both the simple model (Chapter

3) and the ventricle models (Chapter 4). Introducing fibers orientation, i.e. anistotropy, when

modelling the EHT patch could have an impact in the study where we performed in silico

patch engraftment (Chapter 4). If considering anisotropy of the EHT patch, the orientation

of engraftment needs also to be taken into account, as the fibres orientation should match the

direction of electrical propagation, which in simulations can depend on the pacing location.

Since the target of our second study was to assess how EHT patches with different CV and

APD affected the host ventricle electrophysiology, we kept the EHT patch as isotropic, in order

not to introduce further variability in the study.

However, depending on the method utilized to fabricate the patch, the newly-differentiated

cardiac cells will either randomly agglomerate, and thus support isotropic propagation, or grow,
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for example, along the fibers of a pre-oriented scaffold [114]. It is now accepted that anisotropy

represents a requirement for EHTs, in such that promotes both electrical [249] and mechanical

[250] maturity of the hiPSC-CMs composing the EHT patch. In silico patch engraftment

considering EHT anisotropy could thus be performed, exploiting the models to assess the effect

of different fibres orientation and levels of anisotropy on the host electrophysiology.

5.3.3 Uniform coupling

When performing in silico EHT patch engraftment (Chapter 4) we assumed uniform coupling

between the EHT patch and the host myocardium. In other words, we assumed all of the areas

of the patch successfully adhere to the epicardium and that the outermost layer of epicardial

CMs and the hiPSC-CMs, composing the EHT, electrically couple, i.e. electrical currents, in

the form of ions, can readily pass from one cell to another. Electrical coupling between EHT

patches and host tissue has been observed several times [193, 122, 37, 199, 200, 204]. However,

incomplete adhesion between patch and host tissue due to the presence of a fibrotic layer has

also been reported [39, 124]. Since the goal of our work was to evaluate the effects of different

EHT patch CV and APD on the host electrophysiology, we assumed the presence of (full)

electrical coupling. If coupling is completely prevented from the presence of a fibrotic layer

interposed between EHT patch and host myocardium, activation from the epicardium will not

cause activation in the patch [124]. Between the two extreme cases of full coupling and no

coupling, the possibility of partial coupling is also present. The EHT patch could couple in a

non-uniform way with the host tissue, resulting in extensive areas of the patch not electrically

connected with the host myocardium. While this could be modelled and implications pf partial

coupling could be investigated in silico, based on the results from Chapter 4, where we observed

the partial coupling caused by the scar to be pro-arrhythmic, it seems likely that a partial

coupling between host myocardium and EHT patch would further exacerbate heterogeneities

in the EHT, in turn increasing the arrhythmia risk.
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5.3.4 Comparison with other studies

In this Thesis, we leveraged computational models of cardiac electrophysiology to investigate the

interaction between EHT patches manufactured using hiPSC-CMs and the host myocardium.

We initially used a model with simplified geometry, representing a section of scarred myocardial

tissue, as well as a section of EHT patch placed in contact with the epicardium, in correspon-

dence of the scar. We then moved to geometries obtained from magnetic resonance images of

left ventricle with ischemic cardiomyopathy, and we devised a way to manipulate the mesh to

add an additional layer of tissue, in correspondence with the epicardial scar. In such fashion,

we replicated in silico the engraftment of EHT patches on infarcted ventricles.

To the best of our knowledge, beside the work presented in this Thesis, the only other attempt

to model EHT patches and their interaction with infarcted myocardial tissue was published

by Yu et al [251]. Using a framework similar to the one presented in Chapter 4, the authors

found that arrhythmogenicity was sensitive to the patient-specific fibrotic substrate, to the

patch engraftment site and that transplanting patches composed by more mature hiPSC-CMs

could alleviate the EHT patches VT burden. The findings are aligned with what we reported

in Chapter 4, and further stress the importance of hiPSC-CMs maturation. Moreover, given

the dependance of VT inducibility and recurrence on the patient-specific scar substrate, both

our and Yu et al’s work highlight the requirement of patient-specific EHT patches optimization

to achieve clinical safety.

5.3.5 Engineered heart tissue multi-physics modelling

In this work we used state-of-the-art modelling techniques to replicate electrical propagation in

cardiac tissue. The bidomain model has in fact been validated against experimental data [252]

and it is widely used in the modelling community (coupled with cell models for ion kinetics)

to model cardiac electrophysiology [163]. However, the overall heart function is regulated by a

more complex interaction of different biophysical processes [253]. As mentioned in section 1.1.5,

the electrical activity of the heart is fundamentally linked to the heart contraction, through the
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excitation-contraction coupling. Alongside successful electrical coupling, of equal importance

will be the ability of the EHT patch to contract effectively and in sync with the host tissue.

It is for instance well-known that immature hiPSC-CMs are incapable to develop the same

tension as an adult CMs. EHT patches with different mechanical properties are likely to have

an impact on the remuscularisation process and affect the characteristic and function of the

post-engraftment host tissue. This will necessarily introduce additional variables to optimise in

the design of EHT patches. In the same way computational modelling as shown in this Thesis

can help assessing the safety and effectiveness of EHT patches from an electrophysiological

point of view, mathematical models could also be used to aid the design of the EHT patches

mechanical properties.

Briefly, cellular tension models give a mathematical description of the sub-cellular tension

development, and provide a quantitative description of the CMs’ active tension. The active

tension is then incorporated in the equations modelling the cardiac tissue deformation [254].

However, the highly non-linear nature of the constitutive equations render the cardiac mechanics

models more complex to handle than electrophysiology models [254]. Given this complexity,

in the literature there is less freely available code implementing numerical methods to solve

problems of cardiac mechanics. Moreover, the instability associated with the numerical solvers

makes it harder to perform tasks such as parameter fitting. While modelling of post-MI fibrotic

ventricles electromechanics has recently been performed [255, 256], there are currently, to the

best of our knowledge, no published studies involving modelling of EHT patches mechanics.

5.4 Conclusions

MI represents one of the major causes of hospitalization in the modern world and one of the

major factors burdening on national healthy systems of developed countries. Advances in stem

cells technology, namely the ability to differentiate pluripotent cells in the cell phenotype of

choice, has made possible the creation of EHT constructs. The ultimate goal of regenerative

medicine consists in successfully delivering the newly, lab-created cardiac tissue, in post-MI
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hearts, to relieve the hearts from the burdensome presence of scar tissue and improve the

overall cardiac function. Assessing how the difference in electrophysiological properties between

the EHTs and the host tissue affects the electrical activity of the host heart is of paramount

importance for ensuring safety and represents a necessary step towards clinical application.

In vitro optimization of EHT patches parameters is hampered by the high amount of time

and economic cost required to design and perform lab experiments. In this Thesis we address

this issue leveraging computational models of cardiac electrophysiology to perform in silico

experiments, targeted to assess the effects of EHT patches with different electrical properties.

In Chapter 3, by performing global sensitivity analysis on a model with simplified geometry,

we investigated how the most commonly varied EHT design parameters influence the electrical

activity in the host tisssue. Inspired by recent studies, we developed a machine learning frame-

work to create a surrogate of our model, to overcome the computational burden derived from

multiple model runs required to explore the multi-dimensional parameter space.

Encouraging results have been obtained so far from ex vivo implantation of EHT patches.

However, these experiments have all been performed on small mammals. It is thus crucial to

evaluate whether such experimental outcomes can be translatable to humans. In Chapter 3

we exploited the versatility of computational models to replicate cellular kinetics and electrical

propagation of different animal species (namely rat, rabbit and human) and to perform a cross-

species comparison of the effects of EHT patches.

Extensive research in the field of cardiac modelling has been carried out in the past decades

[257]. Cardiac models have also reached clinical application, as in the case of catheter ablation

[208] and cardiac resynchronization therapy [258]. However, regenerative medicine represents

a novel topic of application of cardiac modelling. In Chapter 4 we developed the first pipelines

for manipulating ventricle meshes with the target of replicating in silico the engraftment of an

epicardial patch. Moreover, we performed state-of-the-art bidomain simulations in two patient-

derived ventricle models, exploring the impact of EHT patches with different CV and APD on

the host electrophysiology. This work represents a framework that can be used in synergy with

laboratory experiments to both guide the experiments design and shed light on the mechanistic
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aspects behind experimental observations.

The future clinical application of EHT patches, as for many other biomedical technologies

[259], falls into the field of personalised medicine, as each patient is likely to need a tailored

treatment. Computational modelling is of crucial importance to achieve this goal [260]. The

modelling work done in this Thesis demonstrates how computer models can be successfully

applied to the field of regenerative medicine. Additionally, the studies reported in this Thesis

constitutes the first step towards the creation of patient-specific models for developing and

testing EHT patches for cardiac regeneration.
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José Jalife, and Donald M. Bers. Human atrial action potential and Ca2+ model: sinus

rhythm and chronic atrial fibrillation. Circulation research, 109(9):1055–1066, 10 2011.

[92] Michelangelo Paci, Jari Hyttinen, Katriina Aalto-Setälä, and Stefano Severi. Computa-
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