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Abstract

When generating in-silico clinical electrophysiological outputs, such as electrocardio-
grams (ECGs) and body surface potential maps (BSPMs), mathematical models have
relied on single physics, i.e. of the cardiac electrophysiology (EP), neglecting the role
of the heart motion. Since the heart is the most powerful source of electrical activity in
the human body, its motion dynamically shifts the position of the principal electrical
sources in the torso, influencing electrical potential distribution and potentially altering
the EP outputs. In this work, we propose a computational model for the simulation of
ECGs and BSPMs by coupling a cardiac electromechanical model with a model that
simulates the propagation of the EP signal in the torso, thanks to a flexible numerical
approach, that simulates the torso domain deformation induced by the myocardial dis-
placement. Our model accounts for the major mechano-electrical feedbacks, along with
unidirectional displacement and potential couplings from the heart to the surrounding
body. For the numerical discretization, we employ a versatile intergrid transfer opera-
tor that allows for the use of different Finite Element spaces to be used in the cardiac
and torso domains. Our numerical results are obtained on a realistic 3D biventricular-
torso geometry, and cover both cases of sinus rhythm and ventricular tachycardia (VT),
solving both the electromechanical-torso model in dynamical domains, and the classical
electrophysiology-torso model in static domains. By comparing standard 12-lead ECG
and BSPMs, we highlight the non-negligible effects of the myocardial contraction on
the EP-outputs, especially in pathological conditions, such as the VT.

Keywords: Heart-torso model, Electrocardiograms, Cardiac Electromechanics, Multi-
physics Modeling, Body Surface Potential Maps
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1 Introduction

Computer-based simulations in cardiac electrophysiology (EP) have significantly advanced
over the past decade [17, 59, 66, 97, 98]. Among the clinically reproducible outputs of
interest, the electrocardiogram (ECG) is a non-invasive and easy-to-achieve recording of
cardiac EP, and serves in clinical practice as a default tool. In computational cardiology, the
ability of accurately reproduce ECG waveform represents a footprint of quality standard [32,
105, 106]. This alignment underscores the potential for simulated models to closely mirror
real-world physiological processes [13, 32, 33, 35, 64, 74], including cardiac diseases such as
myocardial infarction [100] and ventricular tachycardia (VT) [46, 83]. On the other hand,
body surface potential maps (BSPMs) are not often utilized in clinical settings, but provide
a detail description of bioelectric signals spanning the entire thorax. This allows for a more
comprehensive analysis of the electrophysiological condition in contrast to the standard
ECG. BSPMs have found application in patients affected by a broad range of pathologies,
including myocardial infarction, ventricular hypertrophy, and cardiac arrhythmias [10, 41].
From a computational perspective, BSPMs have been used in studying ablation targets for
atrial arrhythmias [23, 25, 49] and examining the effects of drug-induced conditions [104].

Cardiac EP corresponds to the synchronized depolarization and repolarization of car-
diomyocytes. The tissue depolarization then initiates the mechanical contraction, and there-
fore deformation, of the heart. Since the heart is the main active source of the electrical
field in the human body [48, 73], its deformation leads the potential to (i) influence the
transmission of the EP signal within the cardiac tissue itself and (ii) shifts the origins of the
electrical field with respect to the body surface, that instead is almost fixed during a single
heart beat. Specifically, this last occurrence can lead to changes in the direction of the EP
signal propagation throughout the torso, consequently affecting the ECGs and the BSPMs.
Indeed, numerous studies have demonstrated that differences in heart location [5, 39, 47,
50, 57, 87] and dimensions [5, 22, 54] in the torso can significantly impact the propagation
of the electrical signal within the human body and the EP clinical outputs. This means
that the cardiac contraction, determining large deformation and, even, a twist of the heart
tissue, may contribute to the genesis of the ECG signals and BSPMs.

A mathematical model for the generation of EP clinical outputs typically involves two
key components: a cardiac electrophysiological model, such as the Bidomain [15, 55, 73,
76, 103], the Monodomain [15, 73, 96], or the Eikonal one [28, 45, 56, 92], and a model
to calculate the ECG and BSPMs from the electrical signal propagation through the torso
[15, 73]. The latter can be simulated using the lead-field model [33, 52, 71], enabling the
direct computation of ECG leads through time, or by solving a Laplace problem [7, 11, 15,
70, 103], allowing the computation of ECGs and BSPMs as post-processing of the problem
solution. These models are usually approximated by means of the Finite Element methods
[73]. An alternative is represented by the boundary element method (BEM) [27, 31, 72, 88].
Regardless of the chosen representation, the electrophysiology-torso models consider the
heart as a static domain - default anatomy is that of the heart in diastasis configuration -
embedded in a corresponding static torso domain, therefore neglecting the dynamic cardiac
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Figure 1: Schematic representation of the implemented electro-mechano-torso model.

deformations.
The impact of cardiac mechanical displacement on the EP has been explored in some

preliminary studies by de Oliveira et al. [65] and Favino et al. [19], who employ an
electromechanical model (EM) in place of an EP one, yet only simulating electrogram
signals (EGMs). In the work of Smith et al. [89], EP signals obtained by employing
dynamic heart-torso domains depending on cardiac displacement are analyzed, albeit in a
2D context. Conversely, simulations in 3D domains were conducted in studies by Keller et
al. [44], Wei et al. [101], and Xia et al. [102], deriving the displacement data from MRI
images. Moreover, different electromechanical modeling approaches yield very different
outcomes. Indeed, when accounting for the EGMs in 2D models, Wei et al. [101] and Xia
et al. [102] observed only a marginal change in torso potential due to cardiac displacement.
Smith et al. [89] noted instead a significant impact of myocardial contraction on the ECGs,
particularly evident in the precordial leads and T wave. Keller et al. [44], on the other hand,
reported a substantial influence of ventricular displacement on lead II. The computation
of ECGs and BSPMs in dynamic heart and torso domains has been instead explored only
in [51], where the authors incorporate the computed myocardial displacement in the EP
outputs simulation by remeshing a portion of the torso for each new cardiac configuration.
The procedure of [51] is tested only in sinus rhythm conditions. However, in [84, 85],
the authors emphasize that when pathological conditions and rhythm disorders, such as
VT, arise, mechano-electric feedbacks (MEFs) may have a strong effect on the EP signal
propagation in the heart and, thus, on the overall EP outputs.

In this work, we propose a 3D multi-physics and multi-scale model for the computation
of EP clinical outputs for a moving heart. We couple the cardiac electromechanical model
presented in [21, 69], with a Laplace problem in the torso [103], and employing a lifting
technique to account for the dynamic deformation of the torso domain due to the myocar-
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dial displacement (see Figure 1). The resulting electro-mechanical-torso (EMT) model is
an effective alternative of the one presented in [51]. The EM model of [21, 69] includes
an accurate description of cardiac EP, extended to represent extracellular potential, pas-
sive mechanics, ventricular active contraction, and a reduced-order representation of the
circulatory system, fully coupled with the mechanical model of the heart. Moreover we also
account for MEFs, fibers-stretch and fibers-stretch-rate feedbacks – which have been found
to be important to regulate the electromechanical behaviour of the heart [21]. Finally, the
cardiac mechanical displacement is used as boundary conditions to solve a linear elasticity
lifting model in the torso domain. The solution of this problem determines the displace-
ment responsible for the online deformation of the torso domain. The Laplace model that
accounts for the propagation of the cardiac extracellular potential on the torso [103] is then
solved within the deformed torso domain, and the ECGs and BSPMs are post-processed
from the torso solution.

Concerning the numerical discretization, we extend the accurate and efficient segregated-
intergrid-staggered scheme employed in [21, 82] to include the torso models. The imple-
mented scheme offers flexibility and allows to prescribe an arbitrary and time-independent
displacement to either, or both, cardiac and torso problems. Consequently, we gain the
capability to simulate the EMT model in moving domains while also safely addressing the
EMT solution in static domains - thus recovering the static EP-torso model usually em-
ployed for computing ECGs and BSPMs. This framework accommodates hybrid scenarios,
such as a static heart with a moving torso, or a moving heart with a static torso. This
facilitates the separate analysis of (i) the effects of myocardial deformation on EP propa-
gation within the heart and, consequently, on the ECG, and (ii) of the impact of shifting
the torso domain shape, and thus the position of the electrical sources in the body, ac-
cording to the myocardial displacement. The proposed computational framework leverages
high-performance computing to enable large-scale simulations, making use of the C++ finite
element library lifex [1, 3, 60].

We perform numerical simulations using 3D realistic biventricular and torso geometries.
To assess the impact of myocardial deformation on the EP outputs, we compare ECGs and
BSPMs obtained from the EMT solution in various configurations: dynamic heart-torso
domains, static heart-torso domains, and the hybrid configurations. We simulate both
healthy and pathological scenarios, specifically replicating VT induced by idealized scar
and grey zones on the biventricular septum, following [85].

The work is organized as follows: in Section 2 we provide the description of EMT
mathematical model; in Section 3 we briefly describe our numerical framework; in Section 4
we present the numerical results obtained with the proposed EMT model; finally, in Sections
5 and 6 we discuss our key finding and implications of the study, and draw our conclusions.

2 Mathematical model

Let ΩH ⊂ R3 and ΩT ⊂ R3 denote two open, time dependent bounded domains, representing
the spaces occupied by the human heart and the rest of the human body surrounding ΩH ,
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respectively, at each time instance of the heartbeat. Hereon, ΩH will be represented by
a basal biventricular geometry, i.e. a biventricular geometry cut below the cardiac valves
(see Figure 2). To prevent undesirable deformation of the finite elements in ΩT around the
edges of the cardiac basal plane, and consequent convergence issues of the numerical solver,
the internal volume of the ventricular chambers is further isolated from the rest of ΩT by
sealing the ventricular base with two thin layers of flexible non-conductive tissue, which we
refer to as caps and denote by ΩC (see Figure 2).

Remark 1. While caps do not constitute physiological structures within the heart, in this
work they are non-conductive entities from an electrophysiological perspective, and passive
tissue from the mechanical standpoint. Furthermore, the applied boundary conditions at
their edges ensure synchronized movement with both cardiac tissue and the surrounding
torso, without affecting the motion of either heart or torso tissue. Consequently, they do
not contribute to the propagation of electrical signals or the deformation of heart and torso
domains, thereby having no impact on the generation of ECGs and BSPMs. These caps
can be, therefore, entirely disregarded whenever such steep angles are not present in the
cardiac domain.

The boundary ∂ΩH is further split into the left endocardial surface Γendo,LV
H , the right

endocardial surface Γendo,RV
H , the epicardial surface Γepi

H , and the base Γbase
H . Additionally,

we denote:

• Γendo,RV
C and Γendo,LV

C as the portions of ∂ΩC directed towards the right and left
ventricular chambers, respectively.

• Γepi,RV
C and Γepi,LV

C as the portions of ∂ΩC directed towards the torso.

For the sake of notation, in the rest of the paper we will identify the union of different
portions of the boundary of ΩT , ΩH and ΩC as:

• Γ = ∂ΩT ∩ (∂ΩH ∪ ∂ΩC) to represent the interface between the torso domain ΩT and
the heart-caps volume ΩH -ΩT .

• ΓRV = Γendo,RV
H ∪Γendo,RV

C ∪Γepi,RV
C for domain boundaries related to the right ventricle.

• ΓLV = Γendo,LV
H ∪Γendo,LV

C ∪Γepi,LV
C for domain boundaries related to the left ventricles.

Finally, the external surface of the torso is defined as Γext
T (see Figure 2).

For each domain, the deformation is moreover computed starting from a static reference
configuration denoted by Ω0

{H,T,C}.
We denote by t the time variable. To keep the notation light, in this work t is usually

omitted.
The EMT model is obtained by coupling the EM model presented in [21, 69] (including

electrophysiology, active force generation, passive mechanics, and cardiovascular hemody-
namics) with a torso domain deformation model, and a torso passive conduction model.
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Figure 2: Left: Domains ΩT (torso), ΩH (biventricular geometry), and ΩC (caps). The
external surface of the torso is indicated as Γext

T . Center and right: partitioned of the
boundary ∂ΩH in epicardium Γepi,LV

H and Γepi,RV
H , base Γbase

H , and left and right endocardium

Γendo,LV
H and Γendo,RV

H . The portion of ∂ΩC representing the surface directed to the torso,

both left and right Γepi,LV
C and Γepi,RV

C , and directed to the cardiac endocardium, both left

and right Γendo,LV
C and Γendo,RV

C , are also indicated.

Specifically, the EMT model features the following unknowns:

u : {Ω0
H ∪ Ω0

C} × [0, T ]→ R, ue : {Ω0
H ∪ Ω0

C} × [0, T ]→ R,
ω : {Ω0

H ∪ Ω0
C} × [0, T ]→ Rnω , z : Ω0

H × [0, T ]→ Rnz ,

dH : {Ω0
H ∪ Ω0

C} × [0, T ]→ R3, c : [0, T ]→ Rnc ,

pi : [0, T ]→ R, i ∈ {RV,LV }, dT : Ω0
T × [0, T ]→ R3,

uT : Ω0
T × [0, T ]→ R,

(1)

where u and ue are the transmembrane and extra-cellular potentials, respectively, ω repre-
sents the vector of the ionic variables, z is the vector of state variables of the force generation
model, dH is the cardiac mechanical displacement, here extended to include the caps, c is
the state vector of the circulation model, pRV and pLV are the blood pressures inside the
biventricular domain, dT is the displacement of the torso domain, and uT is the electric
potential in the torso.

In the following sections, we present a brief description of the models involved in the car-
diac EM model is presented, and a detailed one for the torso model. A complete description
of the EM model can be found in A.

2.1 Cardiac electrophysiology

We simulate the electrical excitation and propagation in the cardiac tissue by solving the
Monodomain model [15, 73, 96] coupled with the ten Tusscher-Panfilov (TTP06) ionic model
[99] in the reference configuration, computing the transmembrane potential u and the ionic
variables ω and z.

Vectors f0, s0, and n0, denoting the fiber, sheet and sheet-normal directions, are com-
puted using the Laplace-Dirichlet-Rule-Based-Methods (LDRBMs) outlined in [68]. A grad-
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ual transmural twist from 60◦ at the endocardium to -60◦ at the epicardium is considered
for the fiber orientations. Tissue parameters are tuned to achieve conduction velocities
of 0.6, 0.4, and 0.2 m/s in the longitudinal f0, transverse s0, and normal n0 directions of
cardiac myocytes, respectively [68].

The myocardial conduction system is surrogated by a transmembrane current applied
to five activation points on the endocardial surfaces and a thin, fast endocardial layer, able
to mimic physiological activation [18, 53]. Activation impulses, along with the velocity of
the fast endocardial layer, are calibrated to generate physiological ECG waves, as described
in [103].

To account for the tissue stretch computed by the mechanical model, the deformation
gradient tensor FH = I + ∇dH and the corresponding Jacobian JH = det(FH) > 0 are
included in the diffusion term of the Monodomain model, as well as in the definition of the
anisotropic diffusion tensor (we refer the reader to [69, 82] and A for a detailed description
of the Monodomain formulation).

The extracellular potential ue, which is assumed to be the only electrical potential
extending outside the heart and into the rest of the human body [14, 73], is obtained from
the transmembrane potential u by solving the following Laplace problem [11, 103]:{
−∇ · (JHF−1

H (Di + De)F
−T
H ∇ue) = ∇ · (JHF−1

H DiF
−T
H ∇u) in {Ω0

H ∪ Ω0
C} × (0, T ],

(JHF−1
H (Di + De)F

−T
H ∇ue)nH = −(JHF−1

H DiF
−T
H ∇u)nH on {∂Ω0

H ∪ ∂Ω0
C} × (0, T ].

(2a)

(2b)
In the above equations, Di andDe are the intra-cellular and extra-cellular diffusion tensors,
respectively, obtained for each t ∈ (o, T ]) as follows:

Di,e = σi,e`
FHf0 ⊗ FHf0
‖FHf0‖2

+ σi,et
FHs0 ⊗ FHs0

‖FHs0‖2
+ σi,en

FHn0 ⊗ FHn0

‖FHn0‖2
,

where σi,e`,t,n are the conduction coefficients of the cardiac tissue in the fiber, sheet, and
sheet-normal directions. Hereon, the combination of the Monodomain model with problem
(2) is referred to as Pseudo-bidomain model.

Remark 2. In this work, we do not model the effect of transmural and apico-basal cell
heterogeneity. Such heterogeneity, that corresponds to variations in action potential du-
rations among cardiac cells, is ultimately responsible for the generation of a physiological
T wave. Consequently, the simulated T wave of Section 4 may exhibits non-physiological
behavior. Despite this limitation, observed variations in the T wave due by myocardial con-
traction are independent from this heterogeneity, and can be therefore equally appreciated
and investigated through this study.

2.2 Cardiomyocytes active contraction

Cardiomyocyte active contraction bridges electrophysiology and passive mechanics, as it
captures the contraction of sarcomeres resulting from fluctuations in calcium concentration
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[Ca2+]i, simulated by the ionic model, and the myocardial displacement dH , provided by
the mechanical model. To model the active force generated within the cardiac muscle, we
employ the mean-field version of the models proposed in [79], denoted as RDQ model. These
models have been shown to efficiently describe the regulatory and contractile proteins and
their dynamics, ensuring biophysical accuracy [20, 69].

The output of the RDQ models is the active tension generated at the microscale, de-
noted as Ta. Furthermore, an active stress approach is used to manage mechanical force
generation, receiving intracellular calcium as input from the ionic model.

2.3 Passive and active mechanics

To describe the tissue stress-strain relationship, the cardiac and caps tissue is assumed to
be nearly incompressible, anisotropic, and hyperelastic [36, 63]. The displacement dH is
therefore obtained by solving a momentum conservation equations endowed with proper
boundary conditions. To account for the active mechanics, the Piola-Kirchhoff stress tensor
is defined by an orthotropic active stress approach [34, 90], with a strain energy term
depending on the Usyk constitutive law [21, 37].

The mechanical forces arising from the interaction between the epicardium and the
pericardium [30, 67, 94] are enforced through generalized Robin boundary conditions applied
to the epicardial surface Γepi,RV

H ∪Γepi,LV
H . Normal stress boundary conditions are employed

on the endocardial surfaces and the boundaries of the cap directed towards the torso, that is
on ΓRV and ΓLV, to model the pressure exerted by the blood. Energy-consistent boundary
conditions, addressing the influence of the neglected portion of the heart, i.e. the atria, on
the biventricular domain, are applied to Γbase

H [69]. A detailed description of the cardiac
mechanical models is given in A.

2.4 Circulatory system and coupling conditions

The influence of the circulatory system on cardiac mechanics is simulated using the 0D
closed-loop model proposed in [69, 82], where other distinct parts of the circulatory system
are represented by a series of resistor-inductor-capacitor circuits, the 0D cardiac chambers
are characterized by time-varying elastance elements, and heart valves are simulated using
non-ideal diodes.

The coupling of the 0D circulatory model with the 3D EM model is achieved by substi-
tuting the time-varying elastance elements representing the LV and RV in the circulatory
model with their corresponding 3D EM descriptions with suitable volume-consistency cou-
pling conditions [69]. For a more detailed description of the circulation model and the
3D-0D coupling conditions, we refer to A.

2.4.1 VT modeling

VT is a rhythm disorder that is triggered by different cardiac dysfunctions. We define an
idealized ischemia in the biventricular geometry in order to create a potential pathway for

8



VT. In this manner, we investigate how the cardiac contraction may influence the generation
of pathological ECGs.

Ischemia is mathematically modeled by defining myocardial regions with slow conduction
properties, denoted by gray zones, and actual scars, respectively. To this end, following
[84], we introduce a parameter µ = µ(x) ∈ [0, 1] in the definition of the anisotropic diffusion
tensor:

Di,e = µσi,e`
FHf0 ⊗ FHf0
‖FHf0‖2

+ µσi,et
FHs0 ⊗ FHs0

‖FHs0‖2
+ µσi,en

FHn0 ⊗ FHn0

‖FHn0‖2
,

as well as in the TTP06 ionic model [8, 85], able to selectively change the conduction
properties of specific portion of the cardiac tissue. The parameter µ is 1 when representing
healthy tissue, 0 for scar regions, whereas linear interpolation of µ ∈ [0.1, 1] can be used to
simulate a continuous of gray zones. We refer to [84, 85] for the description of EM models
for ischemic cardiomyopathy. Moreover, since the cardiomyocytes active contraction model
receives the intracellular calcium as input from the ionic model, which is dependent of µ,
the differentiation between the healthy, scar, and gray zones is straightforward included in
the cardiac mechanics.

2.5 Torso passive conduction and domain deformation

The computation of ECGs and BSPMs is obtained by solving a Laplace problem that models
the torso as a passive conductor, as outlined in [11, 103], with some modifications. Indeed,
the conventional representation views the torso as a static domain. However, the mechani-
cal contractions of the heart result in alterations to the heart-torso interface, affecting the
torso domain around the heart. This geometrical deformation changes the amount of tissue
through which ue spreads, potentially influencing the ECG and BSPMs. Our model is there-
fore designed to account for this effect by (i) calculating a virtual deformation of the torso
computational domain due to cardiac contraction and (ii) incorporating this deformation
into the signal propagation model.

Remark 3. During each breath, while the heart experiences substantial deformation dur-
ing the sinus rhythm, the surrounding pericardium remains relatively static [95]. As a
result, cardiac contraction minimally influences tissue deformation outside the heart. The
purpose of our modeling approach is therefore to dynamically deform the domain ΩT ac-
cording to the myocardial contraction, rather than addressing the physiological deformation
of the torso tissue around the heart resulting from cardiac displacement. We refer to this
non-physiological deformation of the torso as pseudo-deformation, and the corresponding
displacement dT as pseudo-displacement.

The pseudo-deformation of the torso domain caused by myocardial displacement is ac-
counted for through the following linear elasticity problem, as described in [42, 91]:

−∇ · σ(dT ) = 0 in Ω0
T ,

dT = dH on Γ,

dT = 0 on Γext
T .

(3a)

(3b)

(3c)
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which computes the torso domain pseudo-displacement dT induced by the cardiac deforma-
tion dH . In problem (3), σ represents the Cauchy stress tensor:

σ(dT ) = λ tr(ε(dT ))I + 2 µ ε(dT ),

of the torso tissue, being tr the trace operator, λ and µ are the Lamé constants, I the
identity matrix and ε the strain tensor:

ε(dT ) =
1

2
(∇dT + (∇dT )T ).

The Lamé constants are expressed in terms of the Young’s modulus E and of the Poisson’s
modulus ν according to the following formulation:

λ =
E

2(1 + ν)
, µ =

Eν

(1 + ν)(1− 2ν)
,

enabling a direct description of the strain and deformation properties of the material under
consideration.

Remark 4. The external surface of the torso is constrained to be static by Equation (3c).
Although the torso undergoes physiological motion due to breathing, the frequency of res-
piratory motion is much lower than that of cardiac contractions [12]. Consequently, we can
reasonably assume that fixing Γext

T does not result in a loss of information in the simulated
ECG and BSPMs.

The pseudo-displacement dT is utilized to calculate the corresponding gradient defor-
mation tensor FT and Jacobian JT . We assume that ũT is the extracellular potential in the
torso configuration at a given time t, obtained by solving the classical Laplace problem:

−∇ · (DT∇ũT ) = 0 in ΩT (t),

(DT∇ũT ) · ñT = 0 on Γext
T ,

ũT = ũe on Γ(t),

(4)

where DT is the isotropic diffusion tensor in the torso, and is the cardiac extracellular
potential at time t. Following the same procedure presented in [14, 16] for the electrophys-
iological model (2.1), after the pull-back in the reference configuration Ω0

T , we compute the
electrical potential uT on the reference configuration Ω0

T by solving the following problem:
−∇ · (JTF−1

T DTF
−1
T ∇uT ) = 0 in Ω0

T ,

(JTF
−1
T DTF

−1
T ∇uT ) · nT = 0 on Γext

T ,

uT = ue on Γ,

(5)

where nT is the unit outward normal to Ω0
T .

Problem (5) yields the electric field generated by the heart throughout the entire torso
over time. BSPMs are subsequently derived in post-processing as uT|Γext

T

. The traditional
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leads of the 12-lead ECG system are computed by aggregating the values of uT (xe) over
time, where xe denotes the spatial position of the electrodes on the body surface (we refer
the reader to A for a detailed description of the leads computation). Our strategy, by
computing the pullback of the moving torso problem in the reference domain, allows for
solving the problem on a reference static mesh, thus preventing the need for continuously
remeshing the area surrounding the heart, as done e.g. in [51].

2.6 Reference configurations and initial conditions

Cardiac – and corresponding torso – geometries are derived from the analysis of in vivo
medical images, that are typically acquired during the diastasis phase. The blood pressure
acting on the endocardium introduces stress into the resulting geometries. However, the
reference configurations Ω0

H,T,C represent a stress-free state.
While the cardiac geometry undergoes deformation due to active cardiac mechanical

dynamics, both the caps and the torso deformations are passively induced by the cardiac
displacement. Furthermore, while the entire domain of the caps deforms under the effect
of cardiac deformation, the torso domain is altered only at the heart-torso interface. This
same dynamic interaction among the three domains is considered in the computation of
their respective reference configurations.

Assuming that the imaging of the cardiac geometry Ω̃H refers to a diastasis configura-
tion, the cardiac reference configuration is obtained by solving the inverse problem presented
in [82]. As the motion of the caps depends on the blood pressure in the cardiac chambers, the
inverse problem of [82] is solved in a unique domain Ω̃H ∪ Ω̃C , constructed by incorporating
the artificial caps Ω̃C into the cardiac imaging configuration Ω̃H .

Once the reference configurations Ω0
H and Ω0

C have been computed, the torso reference
configuration Ω0

T is constructed by inserting Ω0
H ∪ Ω0

C into the imaging torso domain Ω̃T ,
replacing Ω̃H .

Initial conditions for the electromechanical problem are set as in [69], by surrogating the
3D-0D EM problem with a 0D emulator able to efficiently compute the model parameters
at limit cycle [81].

3 Numerical framework

The discretization strategy employed for numerically solving the EMT problem is derived
by extending the segregated-intergrid-staggered numerical scheme presented in [69] to in-
corporate the pseudo-deformation of the torso domain and passive conduction. This scheme
allows to combine the static and/or dynamic configurations for both the heart and the torso,
thereby distinguishing between the effects of cardiac motion and torso pseudo-deformation
on the ECG and BSPMs.

Details regarding time and space discretization strategies are provided in Section 3.1,
while the possible combinations of cardiac and torso domain configurations are outlined in
Section 3.2.
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Figure 3: Time-advancing scheme for the coupled EMT model. The number referred to the
computational order for a single time step tn.

3.1 Time and space discretizations

The time interval [0, T ] is divided into sub-intervals [ti, ti+1] for i = 0, 1, . . . , N , where
t0 = 0 and tN = T , ensuring a uniform time step size of ∆t for all i. Hereon, we denote
the approximation of the solution variables (1) at a given time step tn by the superscript
n, e.g. u(tn) ≈ un.

The staggered scheme presented in [69] to solve the coupled EM model is extended to
include the pseudo-deformation of the torso domain (3) and the propagation of the cardiac
extracellular potential ue in the torso domain (5) as final step of the simulation, as shown
in Figure 3.

The scheme involves solving different subproblems separately, using explicit coupling
when stability is not a concern. This allows for choosing different time steps for the cardiac
EP, mechanics, and torso models. The reference timestep ∆t is used for the solution of
the cardiomyocytes active force generation and the cardiac mechanics. Electrophysiology
has a faster dynamics with respect to the other models, requiring a smaller timestep to
ensure an accurate solution. Therefore, a timestep ∆tEP = ∆t/NEP, with NEP ∈ N, is
introduced. Cardiac electrical outputs, such as the ECGs and the BSPMs, can be computed
less frequently. Indeed, a third timestep ∆tT = NT∆t, with NT ∈ N, is introduced for this
purpose.

Time derivatives are approximated using Finite Difference schemes [77]. The cardiac
electrophysiology model is solved using the Backward Differentiation Formula of order 2
(BDF2). An implicit-explicit (IMEX) scheme is adopted to treat the diffusion term im-
plicitly and the ionic and reaction terms explicitly [21, 58]. Mechanical activation and
mechanics are solved with a BDF1 scheme, employing an explicit method for the cardiomy-
ocyte contraction problem and a fully implicit scheme for the cardiac mechanical model.
The circulation model is finally solved explicitly with a Runge-Kutta method of order 4
[21].

Remark 5. The torso problem presented in Section 2.5 is formally time-independent. Since
the boundary conditions of (3) and (5) depend on cardiac quantities varying over time,
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the solution of the torso problems inherits time-dependency from the cardiac EM models.
However, from a numerical standpoint, no time discretization strategies are required for the
torso problems.

The three domains Ω0
H , Ω0

C , and Ω0
T are spatially discretized on tetrahedral meshes

conforming at the domain interfaces. The electrophysiology model is discretized in space
using piecewise quadratic finite elements P2 [38, 75], which have been shown in [4] to
provide improved accuracy with a lower number of degrees of freedom compared to P1 linear
elements for cardiac electrophysiology. Linear finite elements P1 are used for the mechanical
activation problem, active and passive mechanics, and torso problems. An efficient intergrid
transfer operator is finally used to evaluate the feedback between EP and other physics.

3.2 Combining static and dynamic heart and torso configurations

Our numerical framework provides not only flexibility in terms of spatial and time dis-
cretizations, but allows the exploration of various electrophysiological and torso domain
combined configurations. The comprehensive representation of the cardiac EM phenomena
encompasses both the dynamic displacement of the heart and the torso domain.

Our numerical scheme facilitates this analysis by allowing the prescription of an arbi-
trary, time-independent displacements dH . This static displacement can be utilized:

• to compute a non-varying deformation tensor FH for the Pseudo-bidomain model,
simulating cardiac EP on a static configuration, which corresponds to the simulation
of the cardiac electrophysiology without mechanical feedback.

• as a boundary condition for the linear elasticity problem (3) describing torso pseudo-
deformation, thus equivalently simulating the torso as a passive conductor in a static
domain.

Employing a time-independent dH also corresponds to refraining from using the MEFs on
either the cardiac or torso domain. This enables simulation of the EMT model under various
scenarios on:

1. both cardiac and torso moving domains, i.e. the most complete representation

2. both cardiac and torso static domains, recovering the static EP-torso model typically
used for computing ECGs and BSPMs

3. a static heart with a moving torso

4. a moving heart with a static torso.

The hybrid configurations 3. and 4. allow the analysis of (i) the effects of myocardial de-
formation on EP propagation within the heart and, consequently, on the ECG and BSPMs
(equivalently reading table 1 by columns), and (ii) the impact of shifting the heart-torso in-
terface and thus varying the torso domain according to the myocardial displacement (equiv-
alently reading table 1 by rows).
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Heart
Torso Static configuration Moving configuration

Static configuration
No MEFs

No MEFs

No MEFs

MEFs

Moving configuration
MEFs

No MEFs

MEFs

MEFs

Table 1: Sketch of the cardiac and torso domain configurations used in the EMT simulations.
The two domains can be either in a static configuration – by prescribing a time-independent
dH - or in a moving configuration – dynamically computing dH . The colors of the diagonal
lines refer to the ECG traces of Section 4.

Figure 4: (a) Volumetric geometries for the EMT model. (b) Cardiac imaging configuration,
reference configuration Ω0

H and diastasis configuration computed from the EM simulation
at the diastasis phase of the heart beat. The active tension Ta for the diastasis configuration
is also displayed.

4 Numerical results

We present the results obtained using our EMT model and numerical framework are pre-
sented and discussed. The EMT model was use to analyze two scenarios: the first repre-
senting healthy conditions, and the second simulating VT.

The organization of this section is as follows: the volumetric models and baseline pa-
rameters common to both test cases are presented in Section 4.1, the baseline simulations
representing a healthy patient are displayed in Section 4.2, and the results for VT simula-
tions are shown in Section 4.3.
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4.1 Numerical simulation settings

The cardiac biventricular model is based on the Zygote Solid 3D Heart Model [40], which
is an anatomically accurate CAD model of the entire human heart reconstructed from
high-resolution CT scans. It represents a healthy male subject from the 50th percentile
of the United States population. The original model has been processed to fit the domain
described in Section 2. The biventricular geometry is cut below the valves to generate
a basal biventricular geometry Ω̃H . Two thin layers of tissue are included to close the
ventricular chambers at the level of the basal plane, representing Ω̃C . The geometrical
surfaces are then labeled according to Figure 2. Once the tetrahedral mesh is generated,
the cardiac reference configuration Ω0

H ∪ Ω0
C is computed by preprocessing the heart-caps

domain Ω̃H ∪ Ω̃C as described in Section 2.6. Since the elements in the heart and caps are
deformed during the computation of the cardiac reference domains, a final remeshing of
the cardiac reference configuration is carried out to improve mesh quality in Ω0

H ∪ Ω0
C (see

Figure 4).
The torso volumetric model is derived from the 3D RIUNET torso model [24], which is

publicly available in the online repository of the Center for Integrative Biomedical Comput-
ing [62]. The organs, including blood pools, and the atria are removed. The ventricles are
substituted with our cardiac reference configuration. The torso reference configuration Ω0

T

is obtained by generating a tetrahedral mesh within the torso, conforming to Ω0
H ∪Ω0

C (re-
ferred to Figure 4 for the torso reference configuration mesh). All the processing and mesh-
ing procedures are performed using the open-source softwares vmtk [6, 20] and Paraview

[61].
The cardiac mesh Ω0

H ∪ Ω0
C is composed of 135K vertices and 715K elements, with an

average edge length of 1.6 mm. The torso mesh is comprised of an additional 406K vertices
and 2.46M elements, with an average edge length of 5.4 mm.

Both the mechanical and torso simulations are set with the same time step ∆t = ∆tT =
1 ms, while ∆tEP = 0.5 ms is chosen for the electrophysiological problem, i.e. NEP = 20 and
NT = 1. The ionic model is initialized by conducting a 1000-cycle long single-cell simulation
for the TTP06 model. Initial circulation variables are calibrated at the limit cycle through
the procedure described in Section 2.6. Although five heartbeats are simulated, the results
are presented only for on the last two heartbeats to reduce the effects of initialization.

In Section 4.2, the biventricular conduction system is simplified down to five focal spher-
ical activation points, illustrated in Figure 5(a), along with a thin, fast conduction layer on
the endocardia, following the approach in [103].

In Section 4.3, we induced sustained VT with a figure-of-eight pattern through an isth-
mus, bordered laterally by scars that act as conduction blocks, as shown in Figure 5(b).
Following [26, 85], we applied an S1-S2-S3-S4 stimulation protocol consisting of four Gaus-
sian stimuli located on the septum near the scar zone (see Figure 5). The first stimulus S1
is applied at time t =0 s, the second one S2 at t = 0.45 s, the third one S3 at t = 0.75 s, and
the fourth one S4 at t = 1.02 s.

The classical 12-leads ECG is computed by placing the nine electrodes in realistic loca-
tions on the surface of the torso domain, as depicted in Figure 5. The same 9 position are
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Figure 5: (a) Location of the spherical impulses on the reference cardiac geometry Ω0
H ∪Ω0

C

used to activate the heart for the test case in healthy conditions. (b) Cardiac reference
geometry Ω0

H with the idealized distribution of scar (black), grey zones (grey), and healthy
tissue (white) over the myocardium. The site of the activation point for the S1, S2, S3 and
S4 pacing protocol is also depicted with a red sphere. (c) Position of the 9 electrodes to
compute the 12-lead ECG.

used for all the simulations.
In both test cases, all four combinations of cardiac and torso configurations from Section

3.2 are simulated. The static cardiac configuration is represented by the volume occupied
by the heart in the diastasis phase (150 ms into the heartbeat), corresponding to classical
imaging configurations. However, the original volumetric configuration Ω̃H , which ideally
represents the heart in the diastasis phase, is never exactly captured in the cardiac elec-
tromechanical simulation. Given the significant role of the cardiac shape in the analysis
presented in this work, in order to maximize consistency, the cardiac diastasis configura-
tion is extracted in terms of cardiac displacement dH directly from the electromechanical
simulation (refer to Figure 4 for a visual comparison between the reference and diastasis
configurations).

The presented numerical framework has been implemented in lifex [2, 60], an in-house
high-performance C++ finite element library, based on deal.II [9], specifically designed for
cardiac applications. All numerical simulations were performed using the iHeart cluster,
a Lenovo SR950 with 192-Core Intel Xeon Platinum 8160, operating at 2100 GHz, and
equipped with 1.7TB RAM, located at MOX, Dipartimento di Matematica, Politecnico di
Milano. A simulation involving 5 heart-beats is approximately 11 hours long using 48 cores,
with only around 6% dedicated to torso computation. Consequently, the overall cost of an
EMT model aligns with that of the EM model [69].
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4.2 Healthy scenario

Figure 6: Resulting traces of the circulatory system. (a) Pressures over time. (b) Volumes
over time. (c) Pressure-volume loops in the ventricles.

Healthy conditions are achieved by using the model parameter setting reported in [21],
specifically tailored for the biventricular geometry. The obtained results, encompassing
quantitative indices related to cardiac mechanics and blood circulation serve as a proof of
our model capability to simulate realistic mechanical contraction are reported in Figure 6.
Moreover, our EMT model allows for the integration of mechanical and electrophysiological
aspects, yielding clinically relevant outputs and measurements. The Wiggers diagram in
Figure 7 shows the alignment between systolic and diastolic phases, showcasing the heart
contraction, ejection, and relaxation phases synchronized with the simulated ECG.

As illustrated in Figure 8, we compare the transmembrane potential obtained on the
deforming and static domain by projecting it on the static reference configuration. While
the signal shape remains consistent, a noticeable reduction in the conduction velocities
is observed when the MEFs are present. This is evident both in the depolarization and
repolarization phases.

In Figure 9, we depict a physiological QRS progression on the 12-lead ECG. Although
the EP model lacks of heterogeneous apico-basal and transmural conduction velocities,
which results in a non-physiological T wave, observed variations in the T wave due by my-
ocardial contraction are independent from this heterogeneity, and can be therefore equally
appreciated and investigated through this study.

Variations in transmembrane potential u and torso potential uT are reflected in the
corresponding ECG signals. In Figure 9, the QRS complex and T wave obtained from four
different simulation settings are presented. Although the overall shape remains consistent
for each ECG, differences in waves shape and shift are noticeable in all leads.

Cardiac MEFs introduce a shift within the QRS wave in most leads, as observed when
comparing signals obtained when the torso domain configuration is prescribed (see also
Figure 10 and 11). Although this shift corresponds to a prolonged QRS duration, the ECG
waves remain aligned with the cardiac contraction, ejection, and relaxation phases observed
in the EM simulations.

Variations in torso potential, influenced by the deforming torso domain, result in changes
in the amplitude of QRS waves. This effect is particularly prominent in limb leads II,
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Figure 7: (a) Wiggers diagram obtained by solving the EMT problem when both heart and
torso are in moving configuration. Background color identifies the four phases of the cardiac
cycle: isovolumic contraction (dark orange), ejection (light orange), isovolumic relaxation
(dark blue), and the remaining part of the diastole (light blue). (b) Cardiac mechanical
deformation and active tension Ta computed with the EMT model.

III, aV R, and aV F . These leads are directly related to the left part of the torso, where
the biventricular geometry is located, and consequently, the ECG and BSPMs are more
influenced by the heart-torso interface deformation. Furthermore, substantial differences
are observed in leads V1, V2 and V3, which are closer to the cardiac domain and most
susceptible to relative deformations (see also Figure 12 and 13).

The T wave, corresponding to the repolarization phase, is generally less affected by
the four different simulation settings. However, leads V2 and V3 still exhibit changes in
amplitude corresponding to the maximal contraction of the heart.

Differences in signal propagation in the heart are also evident in the BSPMs depicted in
Figure 14. Starting from t = 3.26 s, variations in BSPMs become significant when the torso
configuration is prescribed, with fluctuations based on different configurations of the cardiac
domain (as in Table 1, this is observed by looking at the group of four BSPMs by columns).
However, variations in BSPMs are not solely attributed to the cardiac MEFs. Different
outcomes emerge when deforming the torso domain according to the cardiac displacement,
instead of prescribing a static torso domain, as depicted in Figure 14 (as in Table 1, this is
observed by looking at the group of four BSPMs by rows).

To quantify differences in shape of two simulated ECG signals φ1(i) and φ2(i), i =
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Figure 8: Propagation of the transmembrane potential u on the cardiac reference domain
Ω0
H when the electrophysiological problem is solved on a static configuration (no MEFs,

rows 1 and 3), and when is solved on a moving configuration (with MEFs, rows 2 and 4.)

1, . . . , NT , we use the following linear correlation coefficient (CC)

CC =
1

s1s2

NT∑
i=1

[
φ1(i)− φ1

] [
φ2(i)− φ2

]
, (6)

for each lead and its average across all leads. Here, s1 and s2 are the standard deviation of
φ1 and φ2, respectively, while φ1 and φ2 are the corresponding arithmetic average values.
The CCs between signals, obtained by reading Table 1 by columns and rows, are reported
in Tables 2 and 3. This highlights a shift in the ECG wave, with the highest correlation
coefficients corresponding to the heart-torso configuration with a prescribed torso.

4.3 Pathological scenario

Sustained VT is simulated in the biventricular geometry through an idealized septal is-
chemia. The VT is induced using an S1-S2-S3-S4 stimulation protocol, where different
stimuli are applied at t =0 s, t =0.45 s, t =0.75 s and t = 1.02 s on the top part of the
isthmus [85]. To the best of our knowledge, this is the first time in which a VT is simulated
using a fully-coupled 3D-0D EMT model in a biventricular geometry. In Figure 15, we dis-
play different snapshots of displacement magnitude by considering the heart in the dynamic
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Figure 9: QRS (top) and T wave (bottom) computed with the EMT model with the four
configurations described in Section 3.2 and Table 1. Background color depicting four phases
of the cardiac cycle: isovolumic contraction (dark orange), ejection (light orange), isovolumic
relaxation (dark blue), and the remaining part of the diastole (light blue).

configuration. However, as we are primarily focused on observing electrophysiological bio-
markers, we will limit our analysis to ECG and BSPMs, while employing the EMT model
with different heart-torso configurations.

In the EM simulation, we observe the formation and sustainment of a polymorphic VT.
On the other hand, running an EMT simulation with a moving cardiac domain induces a
stable monomorphic VT. This is evident in both the transmembrane potential propagation
on the cardiac domain, as shown in Figure 16, and the ECG traces presented in Figures 18
and 19.

We compare BSPMs and ECGs obtained by solving the EMT model with the heart in
a dynamic domain, and the torso in either static or dynamic configuration.

BSPMs for the static and moving configurations of the heart are illustrated in Figure
17. Differences in signal magnitude are present, while the overall signal distribution remains
consistent across the entire torso surface.
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Figure 10: QRS (top) and T wave (bottom) computed with the EMT model when the torso
is considered as a static domain, and the heart is either static or dynamic. Background color
identifies four phases of the cardiac cycle: isovolumic contraction (dark orange), ejection
(light orange), isovolumic relaxation (dark blue), and the remaining part of the diastole
(light blue).

The ECG traces, depicted in Figure 20, showcase variations in the amplitude of both the
QRS complex and T-wave in all limb leads and leads V1, V2, V3, with other precordial leads
remaining largely unchanged. Alteration in T-wave shape are mostly noticeable in the limb
leads, particularly in lead I, where T-wave inversion is consistently observed throughout all
heartbeats.

The CCs over the entire set of leads are reported in Table 4, confirming the substantial
impact of torso domain pseudo-deformation on the ECG, especially in leads I and II. The
average CC is also generally smaller than the corresponding values obtained in healthy sim-
ulations, showing a greater shape variation in pathological simulations rather than healthy
ones.
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Figure 11: QRS (top) and T wave (bottom) computed with the EMT model when the torso
is considered as a moving domain, and the heart is either static or dynamic. Background
color identifies the four phases of the cardiac cycle: isovolumic contraction (dark orange),
ejection (light orange), isovolumic relaxation (dark blue), and the remaining part of the
diastole (light blue).
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Figure 12: QRS (top) and T wave (bottom) computed with the EMT model when the heart
is considered as a static domain, and the torso is either static or dynamic. Background
color identifies the four phases of the cardiac cycle: isovolumic contraction (dark orange),
ejection (light orange), isovolumic relaxation (dark blue), and the remaining part of the
diastole (light blue).

23



Figure 13: QRS (top) and T wave (bottom) computed with the EMT model when the heart
is considered as a moving domain, and the torso is either static or dynamic. Background
color identifies the four phases of the cardiac cycle: isovolumic contraction (dark orange),
ejection (light orange), isovolumic relaxation (dark blue), and the remaining part of the
diastole (light blue).
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Figure 14: BSPMs on selected time instants for all four combinations of cardiac and torso
configurations reported in Table 1. The electrodes locations are also reported.
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Figure 15: Displacement dH simulated with the EMT model and MEFs on the heart.

Figure 16: Propagation of the transmembrane potential u on the heart ΩH when the elec-
trophysiological problem is solved on a static configuration (no MEFs, rows 1 and 3), and
when is solved on a moving configuration (with MEFs, rows 2 and 4). When MEFs are
activated, the cardiac geometry is warped by vector to show the deformation caused by the
electro-mechanical interaction.
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Figure 17: BSPMs on selected time instants computed with a prescribed cardiac moving
configuration according to the second row of Table 1.

Figure 18: 12-lead ECG computed considering both cardiac and torso domain in static
configurations. The ECGs represent a polymorphic VT .
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Figure 19: 12-lead ECG computed considering both cardiac and torso domain in dynamic
configurations. The ECGs represent a monomorphic VT .

Figure 20: Comparison of 12 lead ECGs when the EMT model is solved in a cardiac moving
configurations. The ECGs represent a monomorphic VT .
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CC

Heart-torso vs heart-torso aVL I aVR II aVF III V1 V2 V3 V4 V5 V6 mean

Static-static vs moving-static 0.9763 0.9763 0.9847 0.9811 0.9786 0.9770 0.9911 0.8550 0.8765 0.9425 0.9677 0.9864 0.9578
Moving-moving vs static-moving 0.9723 0.9779 0.9791 0.9746 0.9723 0.9711 0.9939 0.9209 0.8216 0.9316 0.9616 0.9817 0.9549
Moving-moving vs moving-static 0.9942 0.9624 0.9981 0.9973 0.9978 0.9979 0.9758 0.8682 0.9926 0.9907 0.9924 0.9988 0.9805

Static-static vs static-moving 0.9946 0.9629 0.9950 0.9960 0.9974 0.9982 0.9703 0.9360 0.9668 0.9937 0.9958 0.9996 0.9839

Table 2: QRS correlation coefficients (CC) in the standard 12 leads of a healthy patient between different heart-torso
configurations. The first two rows correspond to a column-wise interpretation of Table 1, while rows 3 and 4 represent
a row-wise reading of Table 1. The average CC across all leads is included in the last column. For leads with largest
ECG shape variations, we highlighted in red the configuration with smallest CC (highest variation) and in green the
configuration with largest CC (smaller variation).

CC

Heart-torso vs heart-torso aVL I aVR II aVF III V1 V2 V3 V4 V5 V6 mean

Static-static vs moving-static 0.9935 0.9939 0.9952 0.9943 0.9939 0.9936 0.9968 0.9572 0.9517 0.9839 0.9912 0.9966 0.9868
Moving-moving vs static-moving 0.9928 0.9921 0.9909 0.9919 0.9923 0.9926 0.9886 0.9905 0.8598 0.9772 0.9894 0.9954 0.9795
Moving-moving vs moving-static 0.9985 0.9982 0.9955 0.9968 0.9975 0.9979 0.9808 0.9198 0.9853 0.9959 0.9916 0.9941 0.9877

Static-static vs static-moving 0.9993 0.9973 0.9991 0.9993 0.9993 0.9993 0.9934 0.9614 0.9263 0.9988 0.9952 0.9966 0.9888

Table 3: T wave correlation coefficients (CC) in the standard 12 leads of a healthy case between different heart-torso
configurations. The first two rows correspond to a column-wise interpretation of Table 1, while rows 3 and 4 represent
a row-wise reading of Table 1. The average CC across all leads is included in the last column. For leads with largest
ECG shape variations, we highlighted in red the configuration with smallest CC (highest variation) and in green the
configuration with largest CC (smaller variation).

CC

Heart-torso vs heart-torso aVL I aVR II aVF III V1 V2 V3 V4 V5 V6 mean

Moving-moving vs static-moving 0.7763 0.9180 0.9676 0.9658 0.9506 0.9076 0.9807 0.9840 0.9915 0.9985 0.9986 0.9986 0.9531

Table 4: Correlation coefficients (CC) between the standard 12 leads of a pathological case, computed when the heart is
considered in a moving domain. The average CC across all leads is included in the last column. Largest variations are
highlighted with red color.
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5 Discussion

In the simulation of cardiac healthy conditions, our model demonstrates its ability to accu-
rately represent physiological scenarios in agreement with reference values from the medical
literature of pressure and volume loops, ECGs and BSPMs. The interplay of mechanical
deformation on the ECG and BSPMs is highlighted, revealing a direct link between cardiac
MEFs and variations in ECG and BSPM signals. Differently than in [51], our model features
shifts and prolongations of QRS waves across all leads during the contraction and ejection
phases. Additionally, amplitude variations are observed in ECG signals, particularly in
the limb leads associated with the left torso and precordial leads V1, V2, and V3, primarily
attributed to torso domain deformation. T-wave variations are predominantly registered in
lead V2, in line with [51], emphasizing changes in wave amplitude.

Regarding the pathological conditions, a VT is simulated by defining a sustained figure-
of-eight reentry with an an idealized isthmus located at the (bi)ventricular septum. More-
over, we highlight the impact of the cardiac MEFs on the propagation of the electrical
signal. Indeed, MEFs may transform the nature of the simulated VT from polymorphic
to monomorphic, therefore altering ECG and BSPM patterns. While in this case cardiac
MEFs have a prominent role in changing the EP signal, effect of the torso domain deforma-
tion has also been observed. Specifically, changes in amplitude and shape of the ECGs are
shown, with major variations in lead I, where inverted polarity in the T wave is achieved.

Compare to the more recent EM computational model presented in [51], our methodol-
ogy still ensures complete equivalence in terms of physical modeling, as we address the same
underlying mathematical problem, but features some differences in terms of computational
methods and capacity of simulating pathological scenario. Specifically, in [51] the authors
constructed a halo around the four-chamber heart within the torso geometry. For each new
heart configuration defined by the solution of an electromechanical model [29], a new mesh
on the halo was created to account for the altered heart shape. Subsequently, the BEM
was solved within the halo-torso geometry to calculate the ECGs and the BSPMs. This
modeling approach, therefore, necessitated a remeshing stage for each time instance of EP
output computation. Moreover, due to the use of BEM, it lacked the capability to repre-
sent anisotropic conduction properties in the extracellular space, which became significant
in pathological scenarios. Conversely, our approach avoids the necessity for remeshing, and
allows for ECGs and BSPMs computation even for pathological conditions.

Furthermore, in the present work the influence of MEFs on EM outcomes results to be
important and more pronounced than in the test cases presented in [82, 84]. It therefore
remains unclear how the chosen MEFs and cardiac geometry can impact the simulation
outputs. Nevertheless, our findings indicate that both MEFs and cardiac geometry can
lead to distinct outcomes, particularly in the propagation of EP signals. Further insights
could be gained by testing the proposed EMT model on a cohort of four-chamber hearts,
similar to the one presented in [93]. Moreover, numerous studies have demonstrated that
the position, dimensions, and shape of the heart [50, 57], along with the presence and
configuration of organs within the torso [43, 86], can impact the shape and amplitude of
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ECGs. This further highlight the need to expand the range of cardiac and torso domains
considered in this analysis.

Finally, the primary limitations of our approach reside in the representation of heteroge-
neous cardiac conduction properties, which influence T-wave shape and polarity, as well as
a realistic representation of the Purkinje network. These two features will be implemented
in the future, and their effect on the EMT simulation will be further investigated.

6 Conclusions

In this study, we introduced an EMT model by unidirectionally coupling an EM model of the
heart with a passive conductive model of the torso. This mathematical model dynamically
defines the torso domain deformation resulting from myocardial displacement. The flexible
segregated-intergrid-staggered numerical framework employed allows for the arbitrary and
independent selection of the cardiac displacement used to solve both the Monodomain model
and to modify the torso domain, which is equivalent to employ static or dynamic cardiac and
torso domain configurations. This allows to explore the impact of myocardial deformation
on EP propagation and, consequently, on the ECG and BSPMs, as well as investigate the
influence of shifting the heart-torso surface, and thereby the torso domain, on EP outputs.

The model is tested under both healthy and pathological scenarios, the latter involving
cardiac arrhythmias, specifically VT. To ensure fairness in our comparison, as static configu-
ration, the displacement of the cardiac geometry in the end-diastolic phase is extracted from
the EM simulation and imposed to the Monodomain and torso lifting problem. Overall,
based on the results obtained from our model, we concluded that the influence of cardiac
contraction on EP outputs should not be underestimated, particularly when simulating
pathological conditions.
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Appendices

A Cardiac electro-mechanical model

In this Appendix we report the mathematical models employed to define cardiac electrome-
chanics and cardiovascular hemodynamics. These models are also briefly described and
accounted for in Section 2. Finally, the 12-lead ECG system is described in the last section.

A.1 Electrophysiological model

The cardiac transmembrane potential u is computed by solving the Monodomain model
endowed with gradient deformation tensors to account for the the mechanical displacement
on the potential propagation. Specifically, the formulation of the Monodomain model reads:

χ

[
Cm

∂u

∂t
+ Iion(u,w, c)

]
−∇ · (JHF−1

H DmF−TH ∇u)

= JHχmIapp(t) in {Ω0
H ∪ Ω0

C} × (0, T ],

∂w

∂t
−H(u,w) = 0 in {Ω0

H ∪ Ω0
C} × (0, T ],

dz

dt
= G(u,w, z) in {Ω0

H ∪ Ω0
C} × (0, T ],

(JHF−1
H DmF−TH ∇u) · nH = 0 on ∂{Ω0

H ∪ Ω0
C} × (0, T ],

u = um,0, w = w0, z = z0 in {Ω0
H ∪ Ω0

C} × {t = 0}.

(7a)

(7b)

(7c)

(7d)

(7e)

where Cm is the capacitance per unit area, and χ is the surface-to-volume ratio of the
membrane. Here Iapp is a function representing the activation sites used as pacing protocol
(referred to Section 4), and Dm is the conductivity tensor, computed as:

Dm = µσm`
FHf0 ⊗ FHf0
‖FHf0‖2

+ µσmt
FHs0 ⊗ FHs0

‖FHs0‖2
+ µσmn

FHn0 ⊗ FHn0

‖FHn0‖2
,

The conduction coefficients σm`,t,n are strictly related to the extracellular and intracellular
conduction coefficients by means of the following formula:

σm`,t,n =
σi`,t,nσ

e
`,t,n

σi`,t,n + σe`,t,n
.

Equations (7b)-(7c) stand for the ionic model.
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A.2 Cardiomyocyte active contraction

The cardiomyocyte active contraction is modelled with either the RDQ18 and RDQ20
models, which have the following structure:

∂s

∂t
= K(s, [Ca2+]i, SL,

dSL

dt
) in {Ω0

H ∪ Ω0
C} × (0, T ],

s = s0 on {Ω0
H ∪ Ω0

C} × {t = 0},

(8a)

(8b)

where the unknown is the vector s of state variables, K a suitable function (see [78]), and
SL is obtained from the mechanical model as:

SL = SL0

√
I4f (dH).

The variable SL0 is the sarcomeres length at rest, while I4f = FHf0 ·FHf0 is a measure of
the tissue stretch along the fibers direction.

The active tension Ta is computed as:

Ta(s) = Tmax
a G(s, P )

[
ξ̂ + CLRV (1− ξ̂)

]
,

where P is the permissivity, that is the fraction of contractile units being in the force-
generation state, Tmax

a is the total tension generated (obtained when P = 1), G(s) is a
linear function related to the permissivity [79], ξ̂ ∈ [0, 1] is the normalized intra-ventricular
distance, and CLRV ∈ (0, 1] is the left-right ventricular contractility ratio.

A.3 Cardiac active and passive contraction

The large deformation of the cardiac tissue is described through the finite elasticity theory.
The displacement dH is obtained by solving the momentum conservation equation endowed
with proper boundary conditions and a formulation for of the Piola-Kirchhoff stress tensor
P. This yields to the following model:

ρs
∂2dH

∂t2
−∇ ·P(dHTa(s)) = 0 in {Ω0

H ∪ Ω0
C} × (0, T ],

P(dH , Ta(s))N = KepidH + Cepi∂dH

∂t
on Γepi

H × (0, T ],

P(dH , Ta(s))N = −pLV(t) JF−TN on ΓLV × (0, T ],

P(dH , Ta(s))N = −pRV(t) JHF−TH N on ΓRV × (0, T ],

P(dH , Ta(s))N

= |JHF−TH N|
[
pLV(t)vbase

LV + pRV(t)vbase
RV

]
on Γbase

H × (0, T ],

dH = d0,H in {Ω0
H ∪ Ω0

C} × {t = 0},

(9a)

(9b)

(9c)

(9d)

(9e)

(9f)
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where vbase
LV and vbase

RV are the following vectors [82]:

vbase
i =

∫
Γendo,i
H

JF−TH NdΓi
H∫

Γendo,i
H

|JF−TH N|dΓi
H

i = LV,RV.

The myocardial tissue is assumed to be an hyperelastic material [36, 63], while active
mechanics is described by means of an active stress approach [34, 90]. The Piola-Kirchhoff
P = P(d, Ta) stress tensor is decomposed in a first term, representing the strain energy
density function W : Lin+ → R, and a second one corresponding to the orthotropic active
stress, namely:

P(dH , Ta) =
∂W(FH)

∂FH
+ Ta(ξ̂, s)

[
nf

FHf0 ⊗ f0√
I4f

+ nn
FHn0 ⊗ n0√

I4n

]
.

Here, FH is the deformation tensor, while Ta(ξ̂, s) is the active tension provided by the
activation model. I4f = FHf0 ·FHf0 and I4n = FHn0 ·FHn0 represent the tissue stretches
along the fiber and sheet-normal directions, respectively, being nf and nn the prescribed
portion of active stress tensor in fiber and sheet-normal directions.

The strain energy function W is described by the Guccione constitutive law [36]:

W =
κ

2
(J − 1) log(J) +

ã

2
(eQ − 1), (10)

where the first term accounts for the volumetric energy, including the bulk mudulus κ. The
term ã is a stiffness scaling parameter ã = a[µ + (1 − µ)4.56], see [84], where µ is the
parameter that account for possible scars and gray zones in the myocardium.

In equation (10), the exponent Q is related to the Green-Lagrange strain tensor E =
1

2
(C− I), being C = FT

HFH the right Cauchy-Green deformation tensor, by:

Q = bffE
2
ff + bssE

2
ss + bfs(E

2
fs + E2

sf) + bfn(E2
fn + E2

nf) + bsn(E2
sn + E2

nf),

where b is the stiffness scaling parameter and Eij = Ei0 · j0, for i,j ∈ {f,s,n} and i0, j0 ∈
{f0,n0, s0} are the entries of the Green-Lagrange strain tensor E.

Boundary conditions (9b)-(9e) are prescribed to model the interaction of the endo-
cardium with the blood, as well as the tension due to the continuity of the heart muscle on
the base and the pericardium [30, 67, 94]. The blood-endocardium interaction is modeled
through normal stress boundary conditions (9c)-(9d) prescribed at the endocardial surface

Γendo,LV
H and Γendo,RV

H and on the cap surfaces Γendo,LV
C and Γendo,RV

C . The energy-consistent
boundary condition accounting for the effect of the neglected part of the biventricular do-
main is instead imposed through (9e) on Γbase

H (see [69, 80]) . Finally, the effect of the
pericardium is accounted for by means of generalized Robin boundary conditions at the
epicardial surfaces Γepi

H (9b) trough the tensors Kepi = Kepi
‖ (N⊗N− I)−Kepi

⊥ (N⊗N) and

Cepi = Cepi
‖ (N⊗N− I)−Cepi

⊥ (N⊗N), with Kepi
⊥ , Cepi

⊥ , Kepi
‖ , Cepi

‖ ∈ R+ the stiffness and
viscosity parameters of the epicardium in normal and tangential directions, respectively.
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A.4 Circulation

The role of blood circulation in the cardiac contration is included by the 0D description of
the complete cardiovaluscar system proposed in [69, 82] that models the systemic and the
pulmonary circulations as RLC circuits, the heart chambers with time-varying elanstance
elements, and the heart valves through non-ideal diodes. The resulting ODE system:

dc(t)

dt
= D(t, c(t), pLV(t), pRV(t)) t ∈ (0, T ],

c = c0 t = 0,

(11a)

(11b)

represents therefore the blood circulation. Pressures, volumes and fluxes of the different
vascular compartments are included in the unknowns vector c.

The coupling of the 0D circulatory model with the 3D biventricular model EM model
is achieved by replacing the time-varying elastance elements of the LV and RV with their
corresponding 3D descriptions in the circulation model. A suitable volume-consistency
coupling conditions, given by:

V 3D
i (c(t)) =

∫
Σendo,i

0

J(t)((h⊗ h)(x + dH(t)− bi)) · F−T (t)NdΓ0, i = LV, RV

is introduced, being h an orthogonal vector to the LV and RV centerline, while bi is a vector
inside the LV and RV. Therefore, pressures of the LV and RV in the 3D-0D coupled model
can be determined through the Lagrange multipliers associated to the constraints:{

VLV(c(t)) = V 3D
LV (dH(t)) t ∈ (0, T ],

VRV(c(t)) = V 3D
RV (dH(t)) t ∈ (0, T ],

(12a)

(12b)

rather than via the 0D circulation model.

A.5 12 lead ECG system

The standard 12-lead ECG is a system of 12 leads obtained by combining the values of
uT recorded from 9 electrodes on the surface of the human body, named R, L, F , and
Vi, i = 1, . . . , 6 (referred to Figure 14 for a representation of the electrodes distribution).
Defining by xR, xL, xF , xVi , the spatial location of the electrodes, the 6 limb leads are
computed as:

I = uT (xL)− uT (xR), II = uT (xF )− uT (xR), III = uT (xF )− uT (xL),

aV R = uT (xR)− 1

2
(uT (xL) + uT (xF )), aV L = uT (xL)− 1

2
(uT (xR) + uT (xF )),

aV F = uT (xF )− 1

2
(uT (xL) + uT (xR)),

whereas the 6 precordial (or chest) leads are defined as:

Vi = uT (xVi)−WCT, i = 1, . . . , 6,
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with WCT denoting the Wilson central terminal signal, given by:

WCT =
1

3
[uT (xL) + uT (xR) + uT (xF )] .
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“Modeling cardiac muscle fibers in ventricular and atrial electrophysiology simula-
tions”. In: Computer Methods in Applied Mechanics and Engineering 373 (2021),
p. 113468.

[69] R. Piersanti, F. Regazzoni, M. Salvador, A. F. Corno, L. Dede’, C. Vergara, and
A. Quarteroni. “3D–0D closed-loop model for the simulation of cardiac biventricular
electromechanics”. In: Computer Methods in Applied Mechanics and Engineering 391
(2022), p. 114607.

41
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