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Abstract

Recent advances in the development of non-invasive cardiac imaging technologies have made
it possible to measure longitudinal and circumferential strains at a high spatial resolution also
at intramural level. Local mechanical activation times derived from these strains can be used
as non-invasive estimates of electrical activation, in order to determine e.g. the origin of pre-
mature ectopic beats during focal arrhythmias or the pathway of reentrant circuits. The aim
of this work is to assess the reliability of mechanical activation time markers derived from lon-
gitudinal and circumferential strains, denoted by ATell and ATecc, respectively, by means of
three-dimensional cardiac electromechanical simulations. These markers are compared against
the electrical activation time (ATv), computed from the action potential waveform, and the
reference mechanical activation markers derived from the active tension and fiber strain wave-
forms, denoted by ATta and ATeff , respectively. Our numerical simulations are based on a
strongly coupled electromechanical model, including Bidomain representation of the cardiac
tissue, mechano-electric (i.e. stretch-activated channels) and geometric feedbacks, transversely
isotropic strain energy function for the description of passive mechanics and detailed membrane
and excitation-contraction coupling models. The results have shown that, during endocardial
and epicardial ectopic stimulations, all the mechanical markers considered are highly correlated
with ATv, exhibiting correlation coefficients larger than 0.8. However, during multiple endo-
cardial stimulations, mimicking the ventricular sinus rhythm, the mechanical markers are less
correlated with the electrical activation time, because of the more complex resulting excitation
sequence. Moroever, the inspection of the endocardial and epicardial isochrones has shown that
the ATell and ATecc mechanical activation sequences reproduce only some qualitative features
of the electrical activation sequence, such as the areas of early and late activation, but in some
cases they might yield wrong excitation sources and significantly different isochrones patterns.

Keywords: cardiac electro-mechanical coupling; electrical and mechanical activation time;
electro-mechanical delay; finite elasticity; Bidomain model; parallel numerical simulations.

1 Introduction

Nowadays, the procedure widely used for surgical treatment of cardiac arrhythmias via ablation is
highly invasive, time-consuming and operator dependent, because it consists of a detailed mapping
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of electrical activation to determine the source and pathway of arrhythmia. Consequently, several
research studies have been devoted to the development of effective non-invasive technologies for
estimating the cardiac electrical activation with the aim of identifying the ablation sites. A non-
invasive method to determine the arrhythmic sources and pathways is cardiac electrocardiography,
based on the solution of the inverse problem of electrocardiology, see e.g. [62].

At the end of diastolic phase, the cardiac electrical activation induces cardiac muscle contraction
and the associated deformation of the cardiac wall. The timing of mechanical activation follows
the timing of electrical activation through the excitation-contraction coupling, which relates the
membrane depolarization to myofilament activation and tension development, and gives rise to
a fairly synchronous contraction see e.g. [47]. Mapping the cardiac contraction times in the
normal human heart may give valuable insight into normal contraction patterns and may serve
as a reference for interpreting data of patients considered for cardiac resynchronization therapy
(CRT) and patients with ischemia. Contraction time maps can also be useful in order to estimate
the fractional shortening of regional endocardial surface at the end systole for the characterization
of chronic myocardial infarction, see e.g. [28].

In order to quantify the global and regional left ventricular function, several techniques to assess
myocardial deformation and local myocardial strain parameters have been developed, see e.g. [64,
63, 4, 65, 56]. Previous experimental studies have partially validated different mechanical activation
time markers as estimates of local electrical activation time in both healthy and pathological hearts,
see [4, 3]. Recently, a novel non-invasive ultrasound based imaging method named electromechanical
wave imaging (EWI) has been developed, providing measurements of local displacement evolution,
i.e. deformation, of myocardium after electrical activation,see e.g. [49, 50, 48, 19]. Strains can
be computed from high resolution displacements, and then the mechanical activation sequence can
be evaluated by defining suitable markers of mechanical activation derived from strain waveforms.
Feasibility studies have compared EWI maps with the usual map of the electrical excitation sequence
using animal experiments, see e.g. [19, 29]. These studies have shown that the EWI map is able
to identify the site of stimulus sources and to map reentrant excitation circuits. However, due
to the difficulty of detecting simultaneously electrical potential and displacements in vivo, these
experimental validation studies have been limited to low spatial resolution.

In recent years, several research groups have performed cardiac computational studies based on
three-dimensional electro-mechanical models, see [59, 40, 7, 9, 34, 2, 17, 61, 1, 27, 39, 14, 51, 38].
Numerical simulations might be an effective tool to validate mechanical activation markers at high
spatial resolution, because cardiac electromechanical models provide information both on trans-
membrane electrical potential and displacement. Previous computational studies on this regard
have mainly considered weakly coupled electromechanical models and Monodomain representation
of the electrical current flow through the cardiac tissue.

Despite the large number of electro-mechanical simulation studies, only a few works [60, 35, 36,
30, 17, 31] have investigated the complex spatio-temporal relationships and differences between the
electric cardiac excitation sequence and the subsequent pattern of mechanical myocardial contrac-
tion and the cardiac electromechanical delay. We remark that the development of local myocyte
active tension is delayed with respect to the local electric activation due to the excitation-contraction
coupling. Moreover, strain development throughout the tissue is affected not only from the local
active tension but also from the non-local passive mechanical behavior of myocardium. Evaluat-
ing the effects of such distortions on mechanical activation markers is important to assess their
reliability as estimators of the electrical excitation sequence.
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The novelty of the present study is to provide a quantitative analysis, based on electro-mechanical
numerical simulations, of the reliability of mechanical activation markers derived from longitudinal
and circumferential strains, that can be measured in vivo. They are compared against the electri-
cal activation time, computed from the action potential waveform, and the reference mechanical
activation markers, computed from the active tension and fiber strain waveforms, that can not be
measured in vivo at a high resolution. We also investigate the correlations and differences between
electrical activation and mechanical contraction patterns under different stimulation protocols.

The numerical simulations presented are based on the strongly coupled electro-mechanical model
developed in our previous works [13, 14], which takes into account the Bidomain representation
of the cardiac tissue, mechano-electric (i.e. stretch-activated channels) and geometric feedbacks,
transversely isotropic strain energy function for the description of passive mechanics and detailed
membrane and excitation-contraction coupling models. The outcomes of our electro-mechanical
solver, in particular in terms of strain waveforms and pressure-volume loop, have been validated
by a comparison with experimental data in our previous works [26, 20].

2 Methods

2.1 The cardiac electro-mechanical coupling model

The strongly coupled electromechanical model that we adopt to describe the cardiac function is
composed by four submodels, two for the mechanical activity and two for the electrical one.

a) Mechanical model of passive cardiac tissue. Denoting by Ω(t) the deformed cardiac
domain at time t, we model the cardiac tissue as a non-linear hyperelastic material in the quasi-
steady state regime. Thus, neglecting gravitational forces, the Cauchy stress tensor satisfies the
following equilibrium equation

div σ = 0, x ∈ Ω(t).

According to the active stress approach, the Cauchy stress tensor σ is given by the sum of passive
(pas), volumetric (vol) and active (act) components, i.e.

σ = σpas + σvol + σact. (1)

The material coordinates of the undeformed cardiac domain Ω̂ are denoted by X = (X1, X2, X3)T ,
the spatial coordinates of the deformed cardiac domain Ω(t) at time t by x = x(X, t), the defor-

mation gradient by F(X, t) =
∂x

∂X
and the displacement field by u(X, t) = x−X.

Then the passive and volumetric components in (1) are defined as

σ = J−1F

(
∂W pas(E)

∂E
+

∂W vol(E)

∂E

)
FT ,

where E = 1
2(C − I) is the Green-Lagrange strain tensor, C = FTF is the Cauchy - Green de-

formation tensor. Moreover, W pas is the exponential strain energy function modeling the passive
mechanical behavior of myocardium as a transversely isotropic hyperelastic material. Its analytical
expression is derived from the orthotropic law proposed in [32, 23]). We added a volume change
penalization term W vol = K (J − 1)2 in order to model the myocardium as a nearly incompressible
material; here K is a positive bulk modulus and J = detF.
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b) Mechanical model of active tension. The ventricles contraction results from the active
tension generated by the myofilaments dynamics activated by calcium. We assume that the gen-
erated active tension acts only along the fiber direction, so that the active Cauchy stress is given
by

σact(x) = Ta(x, t) af (x)⊗ af (x).

Here af is a unit vector parallel to the local fiber direction and Ta is the active tension (fiber
stress) related to the deformed domain.

In the Lagrangian framework, after the pull-back on the reference configuration Ω̂, we have the
equilibrium equation

Div(FS) = 0 X ∈ Ω̂, (2)

where the second Piola-Kirchhoff stress tensor S is given by the sum of passive (pas), volumetric
(vol) and active (act) components, i.e.

S = Spas,vol + Sact, (3)

with

Spas,vol =
∂W pas(E)

∂E
+
∂W vol(E)

∂E

and

Sact(X, t) = J F−1σactF−T = J T̂a(X, t)
âf ⊗ âf

âTf C âf
.

Here, T̂a(X, t) = Ta((x(X, t), t) and we have written the unit vector parallel to the local fiber
af in the deformed configuration in terms of the unit vector of fiber direction in the reference
configuration âf , i.e.

af (x(X, t)) =
Fâf
||Fâf ||

=
Fâf√
âTf Câf

,

from which it follows

af ⊗ af =
Fâf ⊗ Fâf
||Fâf ||2

=
Fâf â

T
f FT

âTf C âf
. (4)

The biochemically generated active tension T̂a(X, t) depends on the intracellular calcium concen-

tration Cai, the fiber stretch λ =
√

âTf Câf , and the stretch-rate dλ
dt along the fiber direction

T̂a(X, t) = Ta

(
Cai(X, t), λ(X, t),

dλ

dt
(X, t)

)
,

and it evolves according to an active tension generation model based on calcium kinetic and my-
ofilament dynamics, see e.g. [33, 41, 52]. In this work, we consider the model proposed in [33],
updated in [41] and recently modified in Land et al. [37].

c) Bioelectrical model of cardiac tissue: the Bidomain model. In [13], we have shown
how, starting from the charge conservation law on the deformed configuration, imposing the quasi-
static regime and disregarding ionic diffusion with respect to drift current, the Bidomain model,
usually written on a fixed domain, can be extended to a moving domain. Denoting by v, ue, w, c the
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transmembrane potential, the extracellular potential, the gating and ionic concentrations variables
on the deformed configuration and by v̂, ûe, ŵ, ĉ the same quantities on reference configuration, the
parabolic-elliptic formulation of the Bidomain model can be written on the deformed configuration
Ω(t) as {

cm
∂v

∂t
− div(Di∇(v + ue)) + iion(v,w, c, λ) = iiapp

−div(Di∇v)− div((Di +De)∇ue) = iiapp + ieapp,
(5)

with cm and iion the membrane capacitance and ionic current per unit volume, respectively. In

order to satisfy the compatibility condition

∫
Ω(t)

(iiapp + ieapp)dx = 0, we choose iiapp = −ieapp = iapp.

These two partial differential equations (PDEs) are coupled through the reaction term iion with
the ordinary differential equations (ODEs) system of the membrane model, given in Ω(t) × (0, T )
by

∂w

∂t
−Rw(v,w) = 0,

∂c

∂t
−Rc(v,w, c) = 0. (6)

Assuming transversely isotropic properties of the intra- and extracellular media, the conductivity
tensors on the deformed configuration are given by

Di,e = σi,et I + (σi,ef − σ
i,e
t )af ⊗ af ,

where σi,ef , σ
i,e
t are the conductivity coefficients of the intra- and extracellular media measured

along the fiber direction af and any cross fiber direction, respectively.

In the Lagrangian framework, after the pull-back on the reference configuration Ω̂× (0, T ), the
Bidomain system (5) becomes cmJ

(
∂v̂

∂t
− F−T Grad v̂ ·V

)
−Div(JF−1D̂iF

−T Grad(v̂ + ûe)) + Jiion(v̂, ŵ, ĉ, λ) = Jîapp,

−Div(JF−1D̂iF
−T Grad v̂)−Div(JF−1(D̂i + D̂e)F

−T Grad ûe) = 0,

(7)

where V =
∂u

∂t
is the rate of deformation; see [13] for the detailed derivation.

From (4), it follows that the tensors Di,e(x, t) written in the reference configuration are

D̂i,e(X, t) = Di,e(x(X, t), t) = σi,et I + (σi,ef − σ
i,e
t )

Fâf â
T
f FT

âTf CâTf
. (8)

Therefore, the equivalent conductivity tensors appearing into the Bidomain model (7) written in
the reference configuration are given by

JF−1D̂i,e(X, t)F
−T = σi,et C−1 + (σi,ef − σ

i,e
t )

âf â
T
f

âTf CâTf
.

The bioelectrical system (7-6) is completed by prescribing initial conditions on v̂,w, c, insulating
boundary conditions on ûe, ûi = v̂+ûe, and the intra- and extracellular applied current îapp = îiapp =

−îeapp. Since the extracellular potential ûe is defined up to a time dependent constant in space R(t)
determined by the choice of the reference potential, we consider as a reference potential the average

of the extracellular potential over the cardiac volume, i.e. we impose

∫
Ω̂
ûe(X, t)J(X, t)dX = 0.
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x = a(r) cos θ cosφ φmin ≤ φ ≤ φmax,
y = b(r) cos θ sinφ θmin ≤ θ ≤ θmax,
z = c(r) sin θ 0 ≤ r ≤ 1,

where:
a(r) = a1 + r(a2 − a1),
b(r) = b1 + r(b2 − b1),
c(r) = c1 + r(c2 − c1),
a1 = b1 = 1.5, a2 = b2 = 2.7, c1 = 4.4, c2 = 5 (cm)

φmin = −π
2
, φmax =

3π

2
, θmin = −3π

8
, θmax =

π

8
.

Figure 1: Truncated ellipsoidal domain modeling the left ventricle (left) and associated ellipsoidal
coordinates (right).

d) Ionic membrane model and stretch-activated channel current. The ionic current
in the Bidomain model (7) is given by iion = χIion, where χ is the membrane surface to volume
ratio and the ionic current per unit area of the membrane surface. Iion is given by the sum
Iion(v,w, c, λ) = Imion(v,w, c) + Isac of the ionic term Imion(v,w, c) given by the Faber-Rudy model
(FR00) [24] (see also models.cellml.org/cellml), and the stretch-activated current Isac proposed in
[42]; see also [16] for further details. The FR00 ionic model also specifies the functions Rw(v,w)
and Rc(v,w, c) in the ODE system (6), consisting of 25 equations modeling the dynamics of the
ionic currents.

2.2 Numerical methods, parameters calibration and simulations setup

Domain geometry. We consider as cardiac domain Ω̂ = Ω(0) the image of a cartesian periodic
slab using ellipsoidal coordinates, namely the left ventricular geometry is modeled as a truncated
ellipsoid modeling as shown in Fig. 1. We will refer to the inner surface of the truncated ellipsoid
(r = 0) as endocardium and to the outer surface (r = 1) as epicardium. The domain size corresponds
to the left ventricle of a canine heart.

Cardiac fibers structure. The fibers rotate intramurally linearly with the depth for a total
amount of 120o proceeding counterclockwise from epicardium to endocardium. More precisely, in
a local ellipsoidal reference system (eφ, eθ, er), the fiber direction af (x) at a point x is given by
af (x) = bf (x) cos(β) + n(x) cos(β), where

bf (x) = eφ cosα(r) + eθ sinα(r),

with

α(r) =
2

3
π(1− r)− π

4
, 0 ≤ r ≤ 1,

where n(x) is the unit outward normal to the ellipsoidal surface at x and β is the imbrication angle
calibrated as in [11] given by β = arctan(cosα tan γ), with γ = θ(1− r)60/π.
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Space discretization. We discretize the cardiac domain with a hexahedral structured grid Thm
for the mechanical model (2) and The for the Bidomain model (7), where The is a refinement of Thm ,
i.e. hm is an integer multiple of he. We consider the variational formulations of both mechanical
and bioelectrical models and then approximate all scalar and vector fields by isoparametric Q1

finite elements in space. In all the electromechanical simulations, we employ an electrical mesh size
he = 0.01 cm in order to properly resolve the sharp excitation front, while the smoother mechanical
deformation allows us to use a coarse mechanical mesh of size hm = 0.08 cm. The resulting electrical
mesh consists of Nφ ×Nθ ×Nk = 384 × 192 × 48 elements, yielding about 3.63 · 106 nodes, while
the mechanical mesh consists of 48× 24× 6 elements, yielding about 8400 nodes.

Time discretization. The time discretization of the electromechanical model is performed by
the following semi-implicit splitting method, where the electrical and mechanical time steps could
be different. At each time step, we solve the following three subproblems.

a) Ionic update. Given vn, wn, cn at time tn, solve the ODE system of the membrane model
(6) with a first order implicit-explicit (IMEX) method to compute the new wn+1, cn+1.

b) Mechanical update. Given the calcium concentration Can+1
i , which is included in the

concentration variables cn+1, solve the variational formulation of the mechanical problem (2) and
the active tension system to compute the new deformed coordinates xn+1, providing the new
deformation gradient tensor Fn+1. More in detail, denoting by Vh the finite element space for the
displacement field, the discrete mechanical problem reads: find the displacement u ∈ Vh such that,
∀v ∈ Vh, ∫

Ω̂
FS(u) : Grad v = 0, (9)

with F = Grad u. The k−Newton iteration of the non-linear system (9) reads: find δu ∈ Vh such
that, ∀v ∈ Vh,∫

Ω̂
Grad δu S(uk) : Grad v +

∫
Ω̂

FT
k Grad v :

∂S(uk)

∂Ck
: FT

k Grad δu = −
∫

Ω̂
FkS(uk) : Grad v,

with Fk = Grad uk and Ck = FT
kFk. Then set uk+1 = uk + δu. In order to avoid numerical

instabilities, in point b) the finite elasticity equations (9) and the active tension model are solved
in a coupled way using the update method proposed in [43], which consists of updating the variables
of the active tension model at each Newton iteration together with the solution of the mechanical
deformation; for detailed investigations on the numerical treatment of cardiac mechanical models,
we refer e.g. to [44, 58].

c) Electrical update. Given wn+1, cn+1, Fn+1 and Jn+1 = det(Fn+1), solve the variational
formulation of the Bidomain system (7) with a first order IMEX method and compute the new
electric potentials vn+1, un+1

e with an operator splitting method, consisting of decoupling the
parabolic from the elliptic equation.

In our simulations, the electrical time step size is ∆et = 0.05 ms, while the mechanical times
step is ∆mt = 0.25 ms. In order to approximate the convective term in the variational formulation
of (7), an upwind computation of the nodal gradient of vn is derived, projected onto the deformation

rate xn+1−xn

∆tn
vector and then integrated against the test function. We refer to [13] for more details

about the numerical scheme.
Computational kernels and parallel solvers. Due to the employed space and time dis-

cretization strategies, at each time step, the main computational kernels are:
i) solving the non-linear system deriving from the discretization of the mechanical problem
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(2) by a parallel Newton-GMRES-Algebraic Multigrid method, see [12]; an alternative Newton-
GMRES-BDDC solver could be used as well, see [46];

ii) solving the two linear systems deriving from the discretization of the elliptic and parabolic
equations in the Bidomain model (7) by a parallel Conjugate Gradient method preconditioned with
a Multilevel Additive Schwarz preconditioner studied in [45, 55].
Our parallel simulations have been performed on a Linux cluster using the parallel library PETSc
[6] from the Argonne National Laboratory, while visualization of the results have been obtained
with Paraview and Matlab software.

Parameters calibration. a) Mechanical model. The parameters of the transversely isotropic
strain energy function are adapted from [23]. The bulk modulus is K = 200 kPa.
b) Active tension model. The active tension model and its parameters are as in Land et al. [37].
c) Bidomain model. The values of the transversely isotropic conductivity coefficients in (8), that
we use in all the numerical tests, are σif = 3, σit = 0.31525, σef = 2, σet = 1.3514, all expressed in

mΩ−1cm−1. These values, coupled with the FR00 membrane model, predict conduction velocities
of about 0.061 and 0.027 cm/ms for excitation wavefronts propagating along and across the fiber
direction, respectively. We remark that these conduction velocities are within the physiological
range. The membrane surface to volume ratio is χ = 103 cm−1 and the membrane capacitance per
unit volume is cm = χCm, where Cm = 1 µF/cm2 is the membrane capacitance per unit area.
d) FR00 membrane model. We consider the calibration of the FR00 model proposed in [24].

Initial and boundary conditions. The initial conditions for the electrical model are the
resting values for all the potentials and gating variables of the FR00 model, while the boundary
conditions for the Bidomain model are for insulated tissue. Regarding the mechanical boundary
conditions, in order to prevent rigid body motion, we set to zero the total displacement vector at the
circumferential basal line meeting the endocardial surface and the third displacement component on
the rest of the basal surface. Moreover, on the endocardial surface we impose a Neumann boundary
condition given by the intracavitary blood pressure, whose dynamics is modeled according to a
simple pressure-volume loop model; see [23, 15].

Electrical and mechanical activation time markers. Mechanical activation is related
to the moment of local tension development, reflecting the local myocytes contraction, hence to
the rising phase of the active tension Ta(t). Unfortunately, the local active tension can not be
measured in in vivo heart tissue, but it is possible to measure strains along different directions,
usually circumferential and longitudinal. Mechanical activation time markers are computed during
the shortening phase of such strain waveforms. Numerous approaches have been used in the past
to define mechanical activation markers, see [5, 47, 21, 64, 63, 25, 60, 53, 54, 4, 57, 30, 29].

Given a unit vector a, using the symmetric Green-Lagrange strain tensor, we compute the
projected strain aTE(X, t)a, which is a measure of the change of the deformation state at time t
with respect to the reference configuration, along the direction identified by a. The previous strain
measure is usually considered along different preferential directions, i.e. along the fiber direction
af or along the circumferential (c), longitudinal (l) and radial (r) directions as, with s = c, l, r,
respectively.

We consider this measure of the strain change with respect to the deformed configuration of
the end diastole (the moment when ejection starts), i.e. we compute Ess(X, t) := aTs E(X, t)as −
aTs E(X, tED)as, where as, s = f, l, c, r is the unit vector along the fiber, longitudinal, circumferential
and radial directions, respectively.

In the literature, mechanical activation time markers at a given location X are introduced in
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Figure 2: Examples of electrical and mechanical activation markers for waveforms associated with
an epicardial basal point in the case of an ectopic endocardial stimulation.
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different ways by considering the strain temporal waveform aTE(X, t)a. We recall that, depending
on the pacing protocol, the simulated strain waveforms show different temporal patterns, such as:
i) prestretched regions displaying a peak of lengthening, due to contraction of other region after the
diastolic phase, followed by a shortening; ii) weakly and early shortening followed by stretching;
iii) no stretching before shortening.

At selected nodes X ∈ Ω̂, we computed the following electrical activation time marker:

• ATv(X), defined as the unique instant of maximum time derivative of the transmembrane
potential v̂(X, t) during the upstroke phase of the action potential,

and four mechanical activation time markers:

• ATta(X), defined as the unique instant when the active tension Ta increases above the thresh-
old 10% maxt Ta(X, t);

• ATeff (X), defined as the unique instant when, starting from the onset of myofiber shortening,
the fiber strain Eff (X, t) decreases below the threshold maxtEff (X, t)−10%(maxtEff (X, t)−
mintEff (X, t));

• ATell(X), defined as the unique instant when, starting from the onset of myofiber shortening,
the longitudinal strain Ell(X, t) decreases below the threshold maxtEll(X, t)−10%(maxtEll(X, t)−
mintEll(X, t));

• ATecc(X), defined as the unique instant when, starting from the onset of myofiber short-
ening, the circumferential strain Ecc(X, t) decreases below the threshold maxtEcc(X, t) −
10%(maxtEcc(X, t)−mintEcc(X, t)).

Figure 2 displays some representative electrical and mechanical waveforms and the left ventric-
ular pressure waveform, in case of an ectopic endocardial stimulation. In our simulations, several
strain waveforms do not show an initial peak followed by a shortening, thus we adopt as a mechan-
ical activation time marker the one proposed in [4, 30], which seems to be more robust than other
choices.

3 Results

3.1 Endocardial ectopic beat simulation

In this test, we apply an extracellular-intracellular stimulus, i.e. iapp = ieapp = −iiapp, on a small
tissue volume located at the center of the anterior endocardial surface. The resulting anterior
endocardial electric excitation sequence (see Fig. 3, first column) proceeds fast along the endocar-
dial fiber direction oriented roughly at 75 degree, with isochrones presenting the typical flattened
quasi-elliptical shape. The posterior endocardial electric excitation sequence shows that apical and
lateral regions are activated earlier and displays a typical V-shaped pattern converging toward the
latest activated basal regions. Moreover, due to the change of the wavefronts curvature, a fast
propagation occurs along the vertical V-shaped line as confirmed by the space between subsequent
excitation fronts, according to the previous simulation results reported e.g. in [11].

All the mechanical activation sequences on the anterior endocardial surface share the same
qualitative features of the ATv sequence, characterized by a minimum approximatively located
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near the stimulation site. However, the ATell and ATecc isochrones loose the quasi-elliptical shape
around the stimulation site. On the posterior endocardial surface (see Fig. 3 second row), only
the ATta and ATecc markers display the V-shaped pattern. We remark that ATell marker yields
unreliable estimates near the apical region.

From a global point of view, i.e. comparing the markers patterns on the entire ventricular
volume, the ATta sequence is highly correlated with the ATv sequence, with a correlation coefficient
(CC) amounting to 0.96. The three mechanical markers derived from the strain tensor E are less
correlated with, in fact the CC ranges between 0.85 (ATecc vs ATv) and 0.90 (ATeff vs ATv).

The vertical line intercept of the regression line quantifies the average electro-mechanical delay
between the two compared markers. From Fig. 4, we can estimate a delay of 35 ms for ATta, 14
ms for ATeff , 18 ms for ATell, 10 ms for ATecc, all compared versus ATv.

The slope of the regression line is instead a measure of the electro-mechanical delay distribution.
A slope larger than 1 indicates that the delay is larger in regions of late activation, while a slope
smaller than 1 indicates that the delay is larger in regions of early activation. The slopes of the
regression lines reported in Fig. 4 are 0.85 for ATta, 1.12 for ATeff , 0.95 for ATell and 1.24 for
ATecc.

We report in Fig. 5 the fiber, longitudinal and circumferential strain waveforms at three selected
endocardial anterior sites, located at the base, at the center and at the apex of the ventricular
volume. We observe that most of these waveforms, after the associated time of local electrical
activation, are monotone decreasing during the contraction phase, without or with a very small a
prestretch dome. The ATeff and ATell markers are in good agreement, while the ATecc marker is
delayed at all sites.

Then we report in Fig. 6 the distributions of the electro-mechanical delays ATta−ATv, ATeff−ATv,
ATell−ATv and ATecc−ATv on the endocardial surface. All the strain derived delays (ATeff−ATv,
ATell−ATv and ATecc−ATv) present patterns significantly different from the ATta−ATv, that
should be considered as the reference one.

We have also run a simulation in a transmural heterogeneous left ventricle, by modifying the
IKs and ICaL currents, based on the data reported in the previous works [18, 8, 10]. In particular,
we have subdivided the ventricular wall into three transmural layers of the same depth. The IKs
current is scaled by 1, 0.7 and 1.7 in the sub-endo-, mid- and sub-epicardial layers, respectively.
The ICaL current is scaled by 1, 1.5 and 1.5 in the sub-endo-, mid- and sub-epicardial layers,
respectively. The stimulation protocol is the same of the homogeneous case, thus endocardial
ectopic. The results (not shown) exhibit a markers performance comparable to the homogeneous
simulation, with relative errors lower than 3% for all mechanical markers.

3.2 Epicardial ectopic beat simulation

In this simulation, an extracellular-intracellular stimulus is applied on a small tissue volume lo-
cated at the center of the anterior epicardial surface. As a result, the anterior epicardial electrical
activation sequence, reported in Fig. 7 (first column), related to the ATv marker, presents a min-
imum located at the stimulation point and quasi-elliptical isochrones with the major axis aligned
as the local epicardial fiber direction, roughly oriented at −45o. On the posterior epicardial side,
the excitation sequence presents a typical V-shaped pattern, proceeding mainly from the apical
to the latest activated basal regions. On the endocardium (see Fig. 8, first column), the anterior
electric excitation sequence shows a minimum corresponding to the endocardial activation break-
through and quasi-elliptical isochrones, more rounded than the epicardial ones, with the major axis
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aligned mainly along the local fiber direction, oriented roughly at 75 degree. From the breakthrough
site, the excitation propagates fast in all directions as confirmed by the space between subsequent
isochrones.

On the epicardial surface, all the mechanical markers, except ATell, display a distribution similar
to ATv, with a minimum located at the central anterior region where the stimulus has been applied
and a V-shaped pattern on the posterior side. The ATecc and ATell patterns show the appearance
of a spurious excitation source located at the basal and apical region, respectively.

On the anterior endocardial surface, all mechanical markers present the same features of the
ATv sequence, characterized by a minimum located near the endocardial excitation breakthrough
point. Instead, on the posterior side, only the ATta and ATecc markers reproduce well the V-
shaped pattern. However, ATecc exhibits a significantly delayed excitation sequence, reaching the
ventricular base at about 280 ms compared to the 180 ms of ATeff and ATell. As in the previous
simulation, we remark that the ATell marker yields unreliable estimates near the apical region.

The ATta pattern is highly correlated with the ATv sequence, yielding a CC of 0.94, see Fig.
9. Among the mechanical markers derived from the strain tensor E, the most correlated with ATv

is ATeff (CC=0.89). The vertical line intercept values of the regression lines are 34 ms for ATta,
16 ms for ATeff , 31 ms for ATell, -1 ms for ATecc. The slopes of the regression lines are: 0.86 for
ATta, 1.12 for ATeff , 0.86 for ATell and 1.34 for ATecc.

Different from the previous endocardial stimulation, almost all the endocardial strain waveforms
reported in Fig. 10 show a prestretch dome before the contraction phase. Again the ATeff and ATell

markers are in good agreement, while the ATecc marker yields a reduced electro-mechanical delay
in the basal and central sites. We also show in Fig. 11 the posterior endocardial strain waveforms
at three selected locations. All these posterior waveforms present a significant prestretch dome
before the contraction phase. Analogously to the anterior waveforms, the ATecc marker exhibits a
reduced delay with respect to the electric activation time.

3.3 Multiple endocardial stimulations

In this case, excitation starts from several endocardial sites located mainly on the anterior apical
side of the ventricle. The aim is to mimick the stimulation elicited from the Purkinjie Ventricular
Junctions (PVJs). In this way, the resulting activation sequence behaves similarly to the one
occurring during sinus rhythm, which in the left ventricle proceeds mainly from endocardium to
epicardium, reaching earlier the apical regions and later the basal ones, see [22].

As a result of this stimulation setup, activation is slightly faster on the anterior endocardial
surface than on the posterior one, see Fig. 12. Only the ATta and ATeff patterns are able
to identify the number and location of the source excitation sites. In fact, due to the complex
resulting activation sequence, with many wavefront collisions, the performance of the mechanical
markers in reproducing the ATv excitation pattern is worse than in the ectopic stimulation cases,
as confirmed by the low CC reported in Fig. 13. The vertical line intercept values of the regression
lines are 37 ms for ATta, 12 ms for ATeff , 9 ms for ATell, 63 ms for ATecc. The slopes of the
regression lines are: 0.61 for ATta, 1.28 for ATeff , 1.10 for ATell and 1.42 for ATecc.

The strain waveforms displayed in Fig. 14 confirm the good agreement, observed in the previous
two simulations, between the ATeff and ATell markers, while the ATecc marker is significantly
delayed.
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4 Discussion

We have investigated by means of three-dimensional electromechanical simulations the reliability
of mechanical activation time markers, derived from active stress (ATta) and fiber (ATeff ), lon-
gitudinal (ATell) and circumferential (ATecc) strains, as estimates of the electrical activation time
(ATv), computed from the action potential waveform.

While local active stress and fiber strain can not be measured non-invasively in vivo, longitudinal
and circumferential strains can be detected using recent non-invasive imaging technologies, see e.g.
[25, 49, 50, 29], at a high resolution not only on the endocardial and epicardial surfaces but also
through the transmural wall. Local mechanical activation times derived from these strains can be
used as non-invasive estimates of electrical activation, e.g. to determine the origin of premature
ectopic beats during focal arrhythmias or the pathway of reentrant circuits. In order to validate
the reliability of these mechanical activation markers, simultaneous measurements of electrical and
mechanical activation sequences should be performed in vivo, but current experimental technologies
do not allow such measurements at a high spatial resolution covering the whole ventricular wall.
Hence, at the moment, only detailed electromechanical models and simulations make it possible an
in-depth validation of mechanical activation time markers, as done in the pioneering study [48].

Different from previous computational studies, mainly based on weakly coupled electromechan-
ical Monodomain models, the numerical simulations performed in the present investigation are
based on a strongly coupled electromechanical model, including Bidomain representation of the
cardiac tissue, mechano-electric (i.e. with stretch-activated channels) and geometric feedbacks,
transversely isotropic strain energy function for the description of passive mechanics and detailed
membrane and excitation-contraction coupling models.

We have studied the performance of four mechanical activation markers by considering three
different stimulation protocols yielding different electrical activation sequences: ectopic endocardial
stimulation, ectopic epicardial stimulation and multiple sites endocardial stimulation, mimicking
the sinus rhythm triggered by PVJs.

The results have shown that, during endocardial and epicardial ectopic stimulations, all the
mechanical markers are highly correlated with ATv (CC> 0.8). ATta presents the highest CC
(> 0.9), whereas the three markers derived from strain are comparable, with CC ranging between
0.85 and 0.9. However, despite the high correlation, the regression plots displayed in Figures 4 and
9 show that the range of mechanical activation times associated to a specific electrical activation
time is large, especially for the middle range of electrical activation times, in agreement with
the experimental findings reported in [25], which only refer to epicardial circumferential strains.
This result could be due to the fact that the ventricular regions in the middle range of electrical
activation times are larger than the regions of early and late activation, thus they exhibit a more
heterogeneous mechanical behavior. Moreover, the slightly worse performance of the strain-derived
mechanical markers with respect to ATta could be attributed to the influence of non-local passive
mechanical behavior on the strain waveforms. Indeed, although the shortening phase of the strain
waveforms Eff , Ecc and Ell reflects the local mechanical contraction, it is also affected from the
loads imposed on adjacent regions and by the global heterogeneous tissue deformation. ATta is
instead more related to the local mechanical contraction, because it depends directly on the local
intracellular calcium evolution.

During multiple endocardial stimulations, the mechanical markers are less correlated with the
electrical activation time (CC≤ 0.82), especially ATecc (CC= 0.5). This poor performance in case
of multiple endocardial stimulations has been also observed experimentally in the previous work
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[29], even though the definition of mechanical activation is different. Indeed, Grondin et al. defined
the mechanical activation time as the first instant of zero-crossing of the strain time derivative after
QRS. In our simulated signals, many waveforms do not present a zero-crossing of the derivative
slightly after the electrical activation, thus we have used the more robust definition of mechanical
activation time reported in Sec. 2.2, and previously used by [4, 30].

The inspection of the endocardial and epicardial isochrones has shown that the mechanical
activation sequences reproduce the same qualitative features of the electrical activation sequence,
with the same location of early and late activation areas. However, the ATell and ATecc mechanical
activation sequences display significant discrepancies with respect to the reference electrical excita-
tion sequence, yielding spurious excitation sources and different isochrones morphology, especially
in the case of multiple endocardial stimulations modeling the excitation triggered by PVJs.

Moreover, all mechanical activation sequences present a delay, the so-called electro-mechanical
delay (EMD), with respect to the electrical one. We remark that the intercept of the regression
lines displayed in Figures 9, 4 and 13 is an estimate of the associated EMD. In all the stimulation
protocolos considered, the ATta and ATeff markers exhibit intercept values ranging between 34-
37 and 12-16 ms, respectively, while the ATell and ATecc markers exhibit a much larger range.
This indicates that the performance of the two latter markers in measuring EMD is much more
affected from the stimulation protocol and the resulting electrical activation sequence. The slope
of the regression lines indicates that EMD, especially the one associated with the ATeff and ATecc

markers, is larger in the regions of late activation, corresponding to the posterior and basal ones.
These results are in agreement with those previously reported in [30].

Regarding the morphology of the simulated strain waveforms, we finally observe that the regions
of late activation present longitudinal and circumferential strains waveforms with a large prestretch
dome preceding the contraction phase, see Fig. 11. These observations, which hold on the entire
ventricular volume and irrespectively of the stimulation protocol, agree with the experimental
findings obtained in [25], related to an epicardial stimulation protocol and epicardial strain mapping.

4.1 Limitations and future works

We have considered an idealized left ventricular geometry instead of a realistic patient-specific
biventricular geometry. We have also not included complex boundary conditions such as the contact
with pericardium. A more realistic and detailed representation of PVJs could be also included as in
[38]. Further heterogeneities in Ca2+ handling might affect the reliability of mechanical markers as
well. Our choice to reduce the degree of complexity of modeling assumptions was done in order to
better estimate the effective role of deformation on the mechanical activation markers, in particular
on their spatial distribution. Future works should investigate the reliability of mechanical activation
markers including further heterogeneities as well as in the presence of pathological situations, such
as myocardial ischemia and infarct scars. However, our results have shown that under idealized
and homogeneous conditions the mechanical markers considered do not yield completely reliable
estimates of the electrical excitation sequence. Thus, we believe that their performance would
even worsen in the presence of heterogeneities, realistic geometries and further complex modeling
assumptions.
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Figure 3: Ectopic endocardial stimulation. ATv, ATta, ATeff , ATell and ATecc endocardial distri-
butions, anterior and posterior view. Below each panel are reported the minimum, maximum and
step (all in ms) of the displayed map.
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Figure 4: Ectopic endocardial stimulation. Regression plots. Each panel reports the correlation
coefficient CC(ATs,ATv) on the entire ventricular volume for the mechanical activation markers
s = ta, eff, ecc.
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Figure 5: Ectopic endocardial stimulation. Strain waveforms with associated mechanical activation
markers at three selected endocardial anterior sites located in the basal region (first row), central
region (second row) and apical region (third row).
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Figure 6: Ectopic endocardial stimulation. Endocardial distributions, anterior and posterior view,
of the electro-mechanical delays ATta−ATv, ATeff−ATv, ATell−ATv and ATecc−ATv. Below each
panel are reported the minimum, maximum and step (all in ms) of the displayed map.
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Figure 7: Ectopic epicardial stimulation. ATv, ATta, ATeff , ATell and ATecc epicardial distribu-
tions, anterior and posterior view. Same format as in Fig. 3.
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Figure 8: Ectopic epicardial stimulation. ATv, ATta, ATeff , ATell and ATecc endocardial distribu-
tions, anterior and posterior view. Same format as in Fig. 3.
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Figure 9: Ectopic epicardial stimulation. Regression plots. Same format as in Fig. 4.
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Figure 10: Ectopic epicardial stimulation. Strain waveforms with associated mechanical activation
markers at three selected endocardial anterior sites located in the basal region (first row), central
region (second row) and apical region (third row).
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Figure 11: Ectopic epicardial stimulation. Strain waveforms with associated mechanical activation
markers at three selected endocardial posterior sites located in the basal region (first row), central
region (second row) and apical region (third row).
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Figure 12: Multiple endocardial stimulations. ATv, ATta, ATeff , ATell and ATecc endocardial
distributions, anterior and posterior view. Same format as in Fig. 3.
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Figure 13: Multiple endocardial stimulations. Regression plots. Same format as in Fig. 4.
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Figure 14: Multiple endocardial stimulations. Strain waveforms with associated mechanical acti-
vation markers at three selected endocardial anterior sites located in the basal region (first row),
central region (second row) and apical region (third row).
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