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Abstract. The degree of restoration of pump function by ventricular pacing depends on the pacing site and timing
of pacing. Numerical models of cardiac electromechanics could be used to investigate the relation between the
ventricular pacing site and timing on the one side, and pump function on the other. In patient-specific models, these
numerical models could be used to optimize location and timing for best pump function. The aim of this study was
to demonstrate the potential for modeling patient-specific electromechanic during ventricular pacing by means of
the extension of an existing three-dimensional finite-element model of LV electromechanics with the right vent-
ricle. A parametrized geometry of the LV and RV was made from canine (non-invasively obtained) cine-MR short
axis images. Depolarization was modeled using the eikonal-diffusion equation. Mechanics was computed from
balance of momentum, with nonlinear anisotropic passive and time-, strain-, and strainrate-dependent uniaxial
active behavior. Simulations of complete cardiac cycles were performed for a normal heart beat with synchronous
activation and ventricular pacing at the right ventricular apex and left ventricular free wall. We focused on timing
of LV and RV hemodynamics, asynchrony in depolarization and myofiber shortening, regional stroke work, and
systolic septal motion. In the simulation of sinus rhytm, ventricular ejection was found to start earlier for the
right side than for the left side, which is in agreement with experimental data. In simulations with ventricular
pacing, results agreed with experimental findings in the following aspects: 1) depolarization sequence; 2) the
spatial distributions of sarcomere length and stroke work density depended mainly on timing of depolarization;
3) maximum pressure and maximum increase of pressure were lower than during sinus rhythm; 4) the earliest
activated ventricle had the earliest start of ejection, and 5) the septum moved towards the last activated ventricle at
the onset of systole. As a first step, the potential of patient-specific modeling in simulating conduction disturbances
has been demonstrated by inserting a ventricular geometry, obtained from non-invasively measured short axis
MR images. Later steps would include the implementation of adaptation models to estimate patient myofiber
orientation and to assess the effects of pacing in the long term.
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1. Introduction

The heart consists of two pumps, located side-by-side (Figure 1). The right ventricle (RV)
pumps the blood to the lungs and the left ventricle (LV) to the rest of the body. Depolarization
is normally initiated by self-depolarization of the sinoatrial (SA) node located at the transition
between the right atrium and superior vena cava.

Next, the depolarization wave propagates over the atria through the atrioventricular (AV)
node to the His bundle. The His bundle splits in a right and left branch, depolarizing the right
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Figure 1. Cross-section of the heart, showing atria and
ventricles, and the specialized conduction system. A
part of the pulmonary artery is cut away. SA node: sino-
atrial node, AV node: atrio-ventricular node. Adapted
from [45, p. 395].

Figure 2. Fitted contours (lines) for four cross-sections
from base (1) to near the apex (4). The dots represent the
original data, as obtained manually from the MRI short
axis images. The heart bound Cartesian coordinates x
and y are shown, as well as the circumferential angle φ

and radial coordinate ξ from the ellipsoidal coordinate
system.

and left ventricle, respectively, via networks of fast-conducting Purkinje fibers. The whole
ventricular myocardium is depolarized within 40–50 ms [1]. The RV is activated somewhat
earlier than the LV [2, 3]. Stress develops in all myofibers and leads to an increase of ventricu-
lar pressures. Myofiber shortening leads to ejection and equal amounts of blood are ejected by
the LV and RV cavities. During ejection, systolic pressure is about 4 times higher in the LV
than in the RV. Normally, contraction is approximately homogeneous and coherent.

The normal contraction pattern of the heart may be affected by abnormal conduction of the
depolarization wave [4, 5], for instance when the left bundle branch is blocked [6], or during
ventricular pacing. In a ventricularly paced heart, depolarization is not as synchronous as in
a normal heart and stroke-work density is distributed non-uniformly [7]. The resulting more
pronounced asynchrony of contraction of the myofibers affects pump function [8], myocar-
dial tissue structure [9], and may even contribute to the development of heart failure [10,
11]. In the early years of clinical pacing, most attention was paid to proper thresholds and
synchronization between atria and ventricles [12]. Recently, interest in a proper sequence and
synchrony of ventricular depolarization is growing. The sequence of depolarization depends
on the choice of the pacing site and on timing of pacing. Optimizing this choice is often a
matter of trial and error.

An interesting challenge is to develop mathematical models incorporating patient-specific
characteristics with the goal to optimize timing and location of ventricular pacing for a bet-
ter pump function. Models of cardiac mechanics have been used to investigate the effect of
myofiber orientation [13–15] and regional ischemia [16–18] on the distribution of myofiber
stress and strain. Such models have also been used to investigate the relation between timing
of depolarization and contraction [19, 20] for a normal heart beat, but not yet for ventricular
pacing.
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The aim of this study was to demonstrate the potential for modeling patient-specific elec-
tromechanics during ventricular pacing by means of extension of an existing three-dimensional
finite-element model of LV electromechanics [19] with the right ventricle. The geometry of the
LV and RV was obtained from non-invasively acquired MR short axis images of the canine
heart. The myofiber helix angle [21] was assumed to vary linearly across the wall. Values
of parameters describing depolarization wave propagation and mechanical properties were
as presented before [19, 22]. Complete cardiac cycles were simulated for a normal heart with
synchronous activation and ventricular pacing. Pacing was initiated from the endocardial right
ventricular apex (RVA) of from the epicardial left ventricular free wall (LVFW). We focused
on timing of LV and RV hemodynamics, asynchrony of depolarization, myofiber shortening,
stroke work, and systolic septal wall motion.

2. Material and methods

2.1. GEOMETRY AND MYOFIBER ORIENTATION

LV and RV geometries were derived from five Magnetic Resonance (MR) short axis im-
ages (1·17 × 1·17 × 8·0 mm3 voxel volume) in end-diastolic state of an anesthetized dog.
Interpolation was performed between the images in the long axis (z)-direction with custom
software, obtaining the contours of the heart in 20 short axis sections. The contours of the RV
endocardium were subdivided in a RV free-wall partition and a RV septum partition. Thus,
four sets of datapoints were obtained for the epicardial (20 contours), LV endocardial (18
contours) and RV free wall and septal (each 13 contours) surfaces (Figure 2).

From the contours, the position �r of each data point was obtained in Cartesian MR co-
ordinates {xMR, yMR, zMR}. First, these coordinates were tranformed by rigid rotations and
translations to coordinates {x, y, z} with respect to a heartbound Cartesian system, with the
origin at the intersection of the LV long axis and the most basal slice. The z-axis was aligned
with the long axis of the LV, and the x-axis from RV free wall to LV free wall. To enable
an efficient mathematical description of the cardiac surfaces, the latter Cartesian coordinates
were transformed to prolate spheroidal coordinates {ξ, θ, φ}:

x = C sinh(ξ) sin(θ) cos(φ),

y = C sinh(ξ) sin(θ) cos(φ),

z = C sinh(ξ) cos(θ), (1)

where C is the focal length of the system, ξ the radial coordinate, φ the circumferential
angle, and θ the longitudinal angle. All four surfaces were described by a prolate spheroidal
harmonic series [23, 24]:

ξ(θ, φ) =
L∑

l=0

m=1∑
m=−l

almP m
l (cos θ)eimφ. (2)

Here P m
l are associated Legendre polynomials, and alm are coefficients, resulting from a

least-squares fit (with highest order L) to the experimental datasets.
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Figure 3. The mesh of the left and right ventricle, show-
ing epicardium and RV and LV endocardium. The heart
bound Cartesian coordinate system with orthonormal
vectors �ex , �ey , �ez is shown. The radial direction �eξ

for a constant θ is shown at circumferential angle φ.
The local wall-bound coordinate system for an epi-
cardial node is shown with �er the radial direction, �ec

circumferential direction, and �el longitudinal direction.

Figure 4. Distribution of depolarization wave velocity c
and of anisotropy ratio a. The locations for pacing at the
left ventricular free wall, and right ventricular apex are
denoted by LVFW, and RVA, respectively.

Using the fit, for each arbitrary point on each arbitrary surface, an orthonormal wall bound
pheroidal coordinate system {�er , �ec, �el} was defined (Figure 3):

�er =
∂�r
∂ξ∥∥∥∥ ∂�r
∂ξ

∥∥∥∥
,

∂�r
∂φ∥∥∥∥ ∂�r
∂φ

∥∥∥∥
,

∂�r
∂θ∥∥∥∥ ∂�r
∂θ

∥∥∥∥
. (3)

Here the base vectors �er , �ec and �el point in the local radial (transmural), circumferential
and longitudinal direction, respectively. For points within the cardiac wall, the local coordinate
system was obtained by interpolation of the coordinate systems at the nearest points on the
inner and outer surfaces. The coordinate system was used to define the orientation of the
myofibers in the wall. Myofibers were assumed to be in planes spanned by the local circumfer-
ential and longitudinal direction. The in-plane myofiber orientation was characterised by the
helix angle, defined as the angle between the myofiber direction and the local circumferential
direction [21]. The helix angle was assumed to vary linearly from −70◦ at the epicardium and
70◦ at both the RV and LV endocardium. Similarly, in the septum the helix angle ranged from
−70◦ at the RV side to 70◦ at the LV side.



Intra- and interventricular asynchrony 205

Figure 5 Electric representation of the three-element Windkessel model used [31] for the LV. plv left ventricular
pressure [Pa]; part arterial pressure [Pa]; qa0 aortic flow [m3/s]; Zao aortic impedance [Pa ·/m3]; Rper peripheral
resistance [Pa·s/m3]; Cart arterial compliance [m3/Pa].

2.2. DEPOLARIZATION WAVE

For RVA and LVFW pacing (Figure 4) the moment of depolarization tdep was determined from
solving the eikonal-diffusion equation [25] for the gradient of tdep ( �∇tdep):

c
√

�∇tdep · M · �∇tdep − k �∇ · (M · �∇tdep) = 1. (4)

The parameter c represents the velocity of the depolarization wave along the myofiber
direction. Subendocardial wave velocities were prescribed higher than those in the rest of the
myocardium to represent the influence of the Purkinje system (Figure 4).

The constant k (2·1 × 10−4 m2 s−1) determines the influence of wave-front curvature on
wave velocity. The dimensionless tensor M describes anisotropy of wave propagation in the
global coordinate system. It is related to the tensor M∗, which in its turn is referred to a local
coordinate system, aligned with the myofiber:

M = RM ∗ RT . (5)

The rotation tensor R is associated with the myofiber orientation; the indexT indicates the
transpose. The largest principal component along the myofiber direction is m∗

11 = 1. The other
principal components are m∗

22 = m∗
33 = a−2, where a is defined as the ratio of the velocity

along the myofiber and that perpendicular to the myofiber (Figure 4).
With the assumption that the LV is electrically insulated, the wave fronts are perpendicular

to the boundary �ext, being the basal, endocardial, and epicardial surface of the cardiac wall:

�n · M �∇tdep = 0 at �ext. (6)

The vector �n is the unit vector normal to the boundary �ext. Depolarization was started by
prescribing essential boundary conditions tdep = 0 at �stim (Figure 4):

tdep = 0 at �stim. (7)
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2.3. MECHANICS

The geometry, as obtained from the MR images, was defined as the reference state of zero
transmural pressure in the simulations of cardiac mechanics.

Within the cardiac wall the equation of conservation of momentum was used while neg-
lecting volumetric and inertial forces:

�∇ · σ = �0. (8)

The total Cauchy stress σ in the tissue was composed of a passive (σp) and an active
component (σa) along the myofiber direction �ef :

σ = σ P + σa�ef �ef . (9)

Passive tissue stress σp was related to the deformation-gradient tensor F and the Green-
Lagrange strain tensor E by:

σ p = 1

det(F)
F · ∂Wp

∂E
· FT with E = 1

2
(FT · F − I). (10)

Symbol I represents the identity tensor. Wp represents the deformation-energy density as
a function of strain E, being composed of an isotropic component Wi , related to tissue-shape
change, a component Wf , related to the extra stiffness of the material in the myofiber direction,
and a component Wv , related to volume change [19]

Wp = Wi + Wf + Wv (11)

with

Wi = a0 · (ea1I2
1+a2I2 − 1), (12)

Wf = a3 · (ea4E2
f − 1), (13)

Wv = a5[det(FT · F) − 1]2, (14)

where I1 and I2 represent the first and second invariants of E, respectively [26, p. 89].
Material parameter values a0 through a5 are listed in Table 1.

Ef represents the Green-Lagrange strain component along the myofiber direction:

Ef = 1

2
[( ls

ls0
)2 − 1] (15)

with actual sarcomere length ls , and sarcomere length in the reference state ls0 = 1·9 µm.
The characteristics of active stress σa were modeled using a contractile element, with

length lc, in series with an elastic element, with length ls − lc [29]. The magnitude of σa

was described by

σa = f1(ta, ls , lc), (16)

where ta represents time elapsed since depolarization. The time course of lc is described by a
first-order differential equation:

∂lc

∂t
= f2(ls − lc). (17)
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Table 1. Passive material tissue proper-
ties based on uni and bi-axial measure-
ments of myocardial tissue slabs [27] and
on the pressure-volume relationship of
passive inflation of the LV [28].

a0 a1 a2 a3 a4 a5

kPa – – kPa – kPa

0·5 3·0 6·0 0·01 60 55

The used functions f1 and f2 are described in the Appendix.

2.4. BOUNDARY CONDITIONS

To prevent rigid-body motion, motion in the base-to-apex direction was set to zero at the base.
In three points (anterior, posterior, and lateral) at the LV basal endocardium circumferential
motion was also set to zero. Pressure loads on the LV and RV endocardium were assumed to
be homogeneous, and equal to LV cavity pressure plv and RV cavity pressure prv, respectively,
while the load on the epicardium was assumed zero:

�n · σ · �n = 0 at the epicardium, (18)

�n · σ · �n = plv at the LV endocardium, (19)

�n · σ · �n = prv at the RV endocardium. (20)

LV mitral and RV tricuspid inflows were simulated by prescribing a realistic pressure
increase in the non-activated ventricles from 0 to 1 kPa in the LV and from 0 to 0·25 kPa
in the RV. LV and RV pressures in the isovolumic contraction and relaxation phases were
estimated [30] such that LV and RV cavity volumes remained constant within ±0·5%. During
ejection, LV and RV pressures were related to aortic and pulmonary flow, respectively with
three-element Windkessel models [31] (Figure 5).

The aortic and pulmonary Windkessel models were not coupled. For the LV and RV, a
characteristic input impedance Za0 (1·2 × 107 and 0·6 × 107 Pa·s·m3, respectively) was put
in series with a compliance Cart (1·4 × 10−9 and 5·8 × 10−9 m3·Pa−1) that was parallel to the
peripheral flow resistance Rper (1·2 × 108 and 1·65 × 107 Pa·s·m−3). The aortic and pulmonary
valves opened when cavity pressures exceeded end-diastolic aortic and pulmonaric pressures,
which were set at 10 and 2 kPa, respectively. Reversal of flows closed the valves.

2.5. COMPUTATIONAL METHOD

The equations were solved using the finite-element package SEPRAN (SEPRA, Leidschen-
dam, the Netherlands) on a 64-bit Origin 200 computer (SGI, Mountain View, CA, USA),
using a single processor at 225 MHz on a UNIX platform. The eikonal-diffusion equation was
discretized with 8-noded Galerkin-type hexahedral elements having trilinear interpolation of
the field of depolarization times. The ventricles were subdivided into 33536 elements with
37405 degrees of freedom with a mean spatial resolution 1·1 mm. The solution was facilitated
by gradual increase of the nonlinear term in each successive Newton iteration [32, Chapter 1],
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[33, p. 55]. A classical upwind scheme (Streamline Upwind Petrov Galerkin, [34]) was used
to stabilize the finite-element calculations [35].

The equations related to mechanics were discretized with 27-noded hexahedral elements
with triquadratic interpolation of the displacement field. The ventricles were subdivided into
224 elements, with 6723 degrees of freedom.

The calculation time for simulation of a complete cardiac cycle was approximately 30
hours.

2.6. SIMULATIONS AND DATA ANALYSIS

Three simulations were performed. A normal cardiac cycle was simulated in which myofibers
were activated synchronously (SYNC simulation) as described [19]. Furthermore, simulations
of pacing at the RV apex (PACERV simulation) and LV free wall (PACELV simulation) were
performed.

Global hemodynamics and myofiber natural strains εf were computed as a function of time
[19]. Stroke-work density Wf [J · m−3] was computed from εf and Cauchy myofiber stress σf

by

Wf =
∮

cardiac cycle
σf d εf . (21)

3. Results

3.1. GEOMETRY

Fit orders L (Equation (2)) for the epicardial, LV endocardial, and RV free wall and septal
surface (Figure 2) were set to 6, 6, 5, and 5, respectively. For these surfaces, the root-mean-
squared distance between the original and fitted position of the data points was 0·80 mm,
0·86 mm, 0·36 mm and 0·48 mm, respectively. LV cavity, LV wall (LV free wall and septum),
and RV free-wall volumes were 26·2, 17·2, 57·6, and 7·90 ml, respectively (Figure 3).

3.2. GLOBAL BEHAVIOR

Maximum ventricular pressures and ejection fractions in the SYNC simulation were slightly
larger than in both simulations of pacing (Figure 6, Table 2). dp/dtmax for both the LV and RV
was largest in the SYNC simulation as compared to the simulations of pacing, except for the
LV in the PACELV simulation. When the LV was paced, left ventricular dp/dtmax was larger
than left ventricular dp/dtmax when the RV was paced. Similarly, when the RV was paced,
right ventricular dp/dtmax was larger then right ventricular dp/dtmax when the LV was paced.

In both the SYNC and PACERV simulations, dp/dtmax was reached earlier in the RV
than for the LV. In the PACELV simulation, dp/dtmax was reached earlier in the LV. In all
simulations, stroke volume was larger for the LV than the RV. In the SYNC and PACERV
simulations, the RV entered the ejection phase 24 and 26 ms before the LV, respectively
(Table 2). In the PACELV simulation, the LV entered this phase 12 ms before the RV. The
ejection phase lasted longer for the LV than for the RV in all simulations.
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Table 2. Hemodynamic variables in the SYNC, PACERV, and
PACELV simulations; pmax maximum cavity pressure; dp/dtmax
maximum first time derivative of cavity pressure; qmax maximum
outflow; Vbe and Vee cavity volume at beginning and end of the
ejection phase; respectively; Vw wall volume; Vs stroke volume; EF
ejection fraction; tdp/dtmax moment of dp/dtmax; �tic duration of
isovolumic contraction phase; tbej beginning of ejection phase; �tej
duration of ejection phase

SYNC PACERV PACELV

LV RV LV RV LV RV

pmax kPa 13·2 3·2 12·9 3·15 13·1 2·98

dp/dtmax kPa/s 206 84·9 137 73·5 240 55·1
qmax ml/s 221 207 199 190 213 159

Vbe/Vw – 0·95 3·25 0·95 3·26 0·95 3·29

Vee/Vw – 0·54 1·31 0·57 1·33 0·55 1·34

Vs ml 23·5 15·3 22·3 15·2 23·4 15·3
EF % 42·9 59·7 40·5 59·1 42·5 59·1
tdp/dtmax ms 234 230 282 280 300 314

�tic ms 58 34 106 80 114 212

tbej ms 258 234 306 280 314 126

�tej ms 176 164 174 170 174 164

Figure 6. Global hemodynamics in the LV (−) and RV (- .) in the SYNC, PACERV, and PACELV simulations. The
left panels for each simulation represent from top to bottom: cavity pressure [kPa]; cavity volume [ml] and flow
[l/s] as a function of time. Mitral and tricuspid inflow were defined as negative and aortic and pulmonary outflow
as positive. Dots indicate moments of opening and closure of the valves. The right panels for each simulation
represent the pressure-volume loops.
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Figure 7. Anterior views of the heart, showing cross-sections of the walls, and LV and RV endocardium. Top
panel: depolarization times [ms] for the SYNC, PACERV, and PACELV simulations, represented on the deformed
mesh at end-diastole. Mid panel: sarcomere length [µm] for the latter mentioned simulations. Sarcomere length is
represented on the deformed mesh at the beginning of LV ejection. Bottom panel: stroke work density [kJ·m−3]
for the simulations. The stroke work is represented on the undeformed mesh in the reference state.

3.3. REGIONAL BEHAVIOR

Depolarization times for the SYNC, PACERV, and PACELV simulations are shown in the
top row of Figure 7. Depolarization for the SYNC simulation was completely synchronous,
with depolarization times tdep = 0 for all myofibers. Complete depolarization of the heart was
faster in the PACERV (92 ms) than in the PACELV simulation (129 ms). In the PACERV and
PACELV simulations, the waves ended at the base of the left and right ventricular free wall,
respectively.

Sarcomere length [µm] at the beginning of LV ejection and stroke-work density [kJ·m−3]
are shown in the mid and bottom row of Figure 7, respectively. For the SYNC simulation,
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Figure 8. Basal contours of the epicardium and LV and RV endocardium at the beginning of LV ejection for the
SYNC (−), PACERV (...), and PACELV (- .) simulations. Notice the movement of the septum to the LV and RV
side relative to the SYNC simulation for RV apex pacing and pacing at the LV free wall, respectively.

sarcomere length was larger in the LV subendocardium than in the RV subendocardium.
Sarcomere length and stroke work were distributed relatively homogeneously, except for a
region in the LV base. Furthermore, in both simulations of pacing, sarcomere length and stroke
work were dependent on the sequence of depolarization: low values were observed in the early
depolarized regions, and high values in late ones. In the PACERV simulation, the septum and
RV free wall thickened early, whereas the LV free wall was still relatively thin. The LV apex
moved towards the RV side. In the PACELV simulation, the LV free wall thickened early,
whereas the septum and RV free wall were still relatively thin. The LV apex moved away
from the RV.

For a better view on septal motion, a short-axis view of the basal area has been depicted in
Figure 8 for the beginning of LV ejection. Relative to the septum in the SYNC simulation, the
septum in the PACERV moved towards the LV side. In the PACELV simulation, the septum
moved towards the RV side.

4. Discussion and conclusions

We have presented a three-dimensional finite-element model of RV and LV electromechanics.
With the model, complete cardiac cycles of a normal heart beat and pacing at the RVA and
LVFW were simulated. Myofiber strain and stroke-work density were found to be determined
by the sequence of depolarization. The earliest activated ventricle had the earliest start of
ejection, while at the beginning of ejection the septum moved towards the last activated
ventricle. The potential of the model for simulating conduction disturbances in a realistic
cardiac geometry has been demonstrated: the geometry of the mesh was based on short axis
MR images of a dog obtained non-invasively.
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4.1. RESULTS

The depolarization sequence for LVFW pacing was in agreement with previously reported
measurements [36]. In the simulations with ventricular pacing, during the isovolumic contrac-
tion phase, myofibers shortened rapidly in the early depolarized regions, whereas in the late
depolarized regions, myofibers were pre-stretched, as has been reported previously [37, 38].
The pattern of stroke-work density was also similar to experimentally determined patterns [7].

In both simulations of pacing, maximum pressure and dp/dtmax (except for dp/dtmax,LV for
LV pacing) decreased as compared to normal sinus rhythm, as has also been reported earlier
[39].

Considering interventricular asynchrony, the following agreement with experiments has
also been observed. In the SYNC simulation the RV entered the ejection phase before the LV,
as was also reported previously for the canine heart [3]. In simulating pacing of the LV, this
ventricle entered the ejection phase first [3], while the septum moved towards the RV. In sim-
ulating pacing of the RV, the opposite was observed: the RV entered the ejection phase before
the LV. A behavior as found in the simulations has also been reported in measurements on
patients with a left bundle branch block (LBBB), where the depolarization sequence is similar
to RV apex pacing [6]. The septum flattened and moved towards the LV [6, 2]. Therefore,
good qualitative and quantitative agreement has been found between model and experiment,
not only for regional mechanical behavior, but also for the timing and degree of pressure
development and timing of volume ejection, as well as septal displacement.

4.2. LIMITATIONS

The simulations were performed to demonstrate the potential for patient-specific modeling
of cardiac electromechanics during ventricular pacing. Due to simplifications, some non-
physiological behavior is still observed.

The reference geometry corresponds to the end-diastolic state of a canine heart. Since the
depolarization wave propagates mainly during this phase, the latter geometry is suitable for
solving timing of depolarization. However, for solving mechanics, this state does not corres-
pond to the unloaded reference state. In the model, the cavity-to-wall volume ratios in the
reference state was 0·51. In the real LV, cavity-to-wall volume ratio in the state of zero cavity
pressure is about 0·30 [40].

We assumed mechanical and electrical properties to be the same in the ventricles. However,
the RV and LV are somewhat different regarding the electromechanical properties [41].

Myofiber orientation was assumed to vary linearly from endocardium to epicardium. Pre-
viously [30, 14, 42], it has been shown that spatial distribution of local wall mechanics is very
sensitive to the choice of the myofiber orientation. We attribute the inhomogeneity of stroke
work (Figure 7) to a suboptimal choice of the myofiber orientation.

Filling and stroke volume were not similar for both ventricles. For one heart beat it is pos-
sible that one ventricle ejects slightly more blood than the other. However, on average, filling
and ejection have to be equal for the LV and RV. We attribute the difference in stroke volume
to the settings of end-diastolic filling pressure and aortic/pulmonary pressure at the beginning
of ejection, because the two Windkessel models, for the aortic and pulmonary arteries, were
uncoupled. Also, pressures and volumes at the end of the cycle were not equal to pressure and
volumes at the beginning of the cycle, i.e., the solution was not periodic. Equal LV and RV
ejection and periodicity will be obtained by embedding the heart model in a lumped-parameter
model of the complete circulation.
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In conclusion, a three-dimensional finite-element model of electromechanics in the left and
right ventricles has been developed. During sinus rhythm ventricular ejection started earlier
for the right side than for the left side.

In simulations with ventricular pacing, results agreed with experimental findings in the
following aspects: 1) depolarization sequence; 2) the spatial distributions of sarcomere length
and stroke-work density depended mainly on timing of depolarization; 3) maximum pressure
and maximum increase of pressure were lower than during sinus rhythm; 4) the earliest ac-
tivated ventricle had the earliest start of ejection, and 5) the septum moved towards the last
activated ventricle at the onset of systole.

As a first step, the potential of patient-specific modeling in simulating conduction disturb-
ances has been demonstrated by inserting a ventricular geometry (rms error 0·8 mm), obtained
from non-invasively measured short axis MR images of a dog. Next steps would include the
implementation of adaptation models to estimate patient myofiber orientation and to assess
the effects of pacing in the long term.
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Appendix A, model of active stress development

Active stress was dependent on sarcomere length ls , length lc of the contractile element, and
time ta , elapsed since the moment of electrical depolarization:

σa = f1(ta, ls , lc) = ls

ls0
fiso(lc)ftwitch(ta, ls)(ls − lc)Ea, (A1)

where ls0 represents the sarcomere length in the reference state, and Ea is the stiffness of the
serial elastic element.

The dependency of isometrically developed active stress on lc was represented by

fiso(lc) =
{

0 lc ≤ a7

T0 · tanh2(a6(lc − a7)) lc > a7
, (A2)

which is similar to measurements reported in [43] on rat cardiac trabecula at an intracellular
calcium concentration of approximately 7 µM.

The dependency of myofiber stress on ta and ls was represented by

ftwitch(ta, ls) =



0 ta < 0
tanh2( ta

tr
) tanh2( tmax−ta

td
) 0 ≤ ta ≤ tmax

0 ta > tmax

, (A3)

with

tmax = b(ls − ld ), (A4)

where tr is the activation rise time constant, td the activation decay time constant, and tmax the
activation duration. Parameter b relates activation duration to the length of a sarcomere ls . ld
is the sarcomere length for which this duration is 0.
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Table 3. Active material properties used

a6 a7 T0 Ea v0 ls0 tr td b ld

µm−1 µm kPa µm−1 µm·s−1 µm s s s·µm−1 µm

2·0 1·5 180 20 7·5 1·9 0·075 0·075 0·15 −0·4

The time course of the contractile element length lc was simulated by a first-order differ-
ential equation (function f2 in Equation (17)):

∂lc

∂t
= (Ea(ls − lc) − 1)v0, (A5)

where v0 represents the unloaded shortening velocity. The values of the parameters are listed
in Table 3. Equation (26) was solved using an Adams-Bashfort-Moulton multi-step integration
scheme [44, pp. 952–954].
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