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The development of multiphysics heart model has grown tremendously 
over the past decade. In this paper, we compare two multiphysics 
approaches: electromechanics and fluid-electromechanics, in 
simulating left ventricular mechanics and the output of mechanical 
metrics. Cardiac electromechanical (EM) model refers to the approach 
of simulating heart mechanical deformation, triggered by cardiac 
action potential, while the generated ventricular pressure is 
determined by a penalty function and applied uniformly across the 
endocardium. Fluid-electromechanics (Fluid-EM) approach relies on 
similar action potential wave to trigger mechanical deformation but the 
ventricular pressure is determined by solving the Navier-Stokes 
equations within the ventricular cavity. Thus, Fluid-EM is more 
accurate as it models the two-way blood-ventricular interaction, 
producing more realistic loading on the endocardium and enabling 
analysis of ventricular blood flow dynamics. Due to its complexity, the 
Fluid-EM approach is more computationally demanding than the EM 
approach. We assessed several mechanical metrics within the ventricle 
namely stresses and strains to assess regional differences in the heart 
by implementing both approach in a heart geometry extracted from a 
healthy patient. Differences in the mechanical metrics were noted 
indicating both models were loaded differently due to differences in 
modelling the blood. This suggests that in greater differences can be 
expected should there be more regional differences in the myocardium 
such as in infarct cases. 
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1. Introduction 
Computational study has been increasingly useful in complementing physical experiments in answering crucial 
cardiac research questions. Cardiac muscle involves interaction of different physical domains where the electrical 
action potential triggers muscle contraction and in turns help eject the blood into the circulation. While simulating 
these interactions offer greater model fidelity, it can be time consuming and computationally expensive to develop 
and run. Therefore, some simplifications along with assumptions are necessary to develop a workable model. 

In earlier models of ventricular motion, the entire ventricle is assumed to contract uniformly by the 
contraction of all the cardiac muscles at the same time [1].  In reality, cardiac activation follows a certain sequence, 
which helps to optimize pumping mechanism [2]. The endocardium is applied with the ventricular pressure, 
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determined by the afterload, obtained via the Windkessel circulation and atrial pressure [3]. With 
electromechanical model, the effect of electrical activation propagation across ventricles can be simulated, 
opening possibility of studying the impact of abnormalities in cardiac activation on mechanical performance [3-
5]. The incorporation of this electrical and mechanical model opens avenue to study diseases such as myocardial 
infarction [6, 7]. fibrillation, and cardiac dyssynchrony while enabling medical device optimization study such as 
placement of lead in resynchronization therapy [8]. More recently, the incorporation of Navier-Stokes equations 
to simulate blood flow dynamics has been increasingly common. These added capabilities to observe mechanical 
impact on the flow pattern as well as interaction with internal structure such as valves [9] or septal defects [10].  

Understanding the change in flow pattern provides a new development in disease diagnosis and development 
of prosthesis such as artificial valves and cardiac patches. Nonetheless, combining Navier-Stokes equations with 
electromechanical model of the heart is rarely applied due to complexity of the equations and often necessitates 
large computing power. The mechanical deformation of the heart, triggered by the action potential, helps to 
squeeze the blood and ejects it out to the entire circulation system. Once the muscle relaxes, the mitral valve opens 
and the blood rushes into the chamber, expanding the myocardium for the next cardiac cycle. As such, the inclusion 
of Navier-Stokes provides a more accurate representation of heart physics. 

In this study, we compare the mechanical metrics generated by two different approaches in cardiac modelling, 
electromechanical alone (EM) and electromechanically driven fluid-structure interaction model (EM-FSI). In EM 
model, pressure load is applied uniformly on the endocardium of the ventricles while EM-FSI produces a 
heterogenous loading depending on regional fluid total stress. To the best of our knowledge, the comparison of 
both approaches had been scarcely investigated. Using Navier-Stokes equations, a more realistic load can be 
simulated by the contribution of both fluid pressure and viscous stress due to the flow, which constitutes the fluid 
total stress. It is expected that the mechanical metrics will be different in both approaches since the fluid load in 
EM-FSI is heterogenous across the endocardium or the inner wall of the heart. We assess mechanical metrics such 
as pressure-volume relations, mechanical torsion, regional work, as well as stress and strains. 

2. Methods 

2.1 Geometry 
The geometry was extracted from CT-Scan images of a healthy patient, available online via an open-source website 
(SimVascular.com). We segmented the images into a 3D myocardial geometry using open-source tool 3DSlicer 
(3DSlicer.org). The segmented aortic artery geometry was available on the website and later merged with the 
myocardial geometry in COMSOL Multiphysics 6.1 (COMSOL A.B. Sweden) geometry tool. For EM model, the aortic 
geometry was not included as the fluid compartment is not modelled. Myocardial microstructure, namely, fibre, 
sheet and normal-to-sheet orientations were defined by using Poisson-type formulation approached as described 
by [11]. The fibre is set to be -60 degrees relative to the circumferential orientation at the epicardium (outer 
surface) and 60 degrees in the endocardium (inner surface) as shown in Fig. 1 (c). The sheet is assumed to be 
oriented radially across the wall thickness whilst the normal-to-sheet is assumed to be orthonormal to both fibre 
and sheet. 

 
(a)                                                            (b)                                                                  (c) 

Fig. 1 (a) The geometry for EM model, where blood domain is not simulated; (b) Geometry for EM-FSI model, with 
inlet and aortic tract visible; (c) Orientation of defined muscular fibre angle relative to the circumferential direction 
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2.2 Electromechanical formulation 
Electromechanical formulations have been described extensively in these works [12-14]. In general, a 
phenomenological action potential model is utilized to describe the momentary spike of myocardial electric 
potential. The formulations consist of two variables, namely the membrane potential, V, and relaxation variable, 
R as shown in equations (1-3). Electrical conductivity is assumed to be orthotropic where it is most conductive 
along the fibre 𝐹𝐹�, followed by the sheet, 𝑆̂𝑆, and the normal-to-sheet, 𝑁𝑁�. Thus, the electrical conductivity tensor is 
presented in Equation 4. 

𝛽𝛽 �𝐶𝐶𝑚𝑚
𝜕𝜕𝑉𝑉𝑚𝑚
𝜕𝜕𝜕𝜕

+ 𝑖𝑖𝑖𝑖𝑖𝑖𝑖𝑖� = 𝛻𝛻𝑋𝑋 . (𝝈𝝈𝛻𝛻𝑋𝑋𝑉𝑉𝑚𝑚)      (1) 

𝑖𝑖𝑖𝑖𝑖𝑖𝑖𝑖 = 𝑘𝑘1𝑘𝑘2(𝑉𝑉𝑚𝑚 − 𝐵𝐵)(�𝑉𝑉𝑚𝑚−𝐵𝐵
𝐴𝐴

− 𝑎𝑎� (𝑉𝑉𝑚𝑚 − 1) + 𝑘𝑘2𝑅𝑅(𝑉𝑉𝑚𝑚 − 𝐵𝐵)               (2) 

𝜕𝜕𝜕𝜕
𝜕𝜕𝜕𝜕

= (𝜀𝜀0 + 𝜇𝜇1𝑅𝑅

�𝑉𝑉𝑚𝑚−𝐵𝐵
𝐴𝐴 �+𝜇𝜇2

(−𝑅𝑅 − 𝑘𝑘1 �
𝑉𝑉𝑚𝑚−𝐵𝐵
𝐴𝐴

� ��𝑉𝑉𝑚𝑚−𝐵𝐵
𝐴𝐴

� − 𝑎𝑎 − 1�)    (3)  

𝝈𝝈 = 𝜎𝜎𝑓𝑓�𝐹𝐹� ⊗ 𝐹𝐹��+ 𝜎𝜎𝑠𝑠�𝑆̂𝑆 ⊗ 𝑆̂𝑆� + 𝜎𝜎𝑛𝑛�𝑁𝑁� ⊗𝑁𝑁��                                        (4) 

The membrane potential, V, triggers the activation of active mechanical stress, Ta, by the following equation, 
which produced an isometric tension when V rises. This phenomenological active stress is governed by following 
ordinary differential equation in Equation 5 and activation function in Equation 6. The active stress is coupled to 
the myocardial mechanics by adding the term to the 2nd Piola Kirchoff Stress, T as shown in Equation 7. A cross-
fibre active stress of 40% Ta was added based on [15]. This provides active deformation to the myocardium, whilst 
the passive myocardial property is governed by a transversely isotropic hyperelastic strain-energy function, 
developed by Holzapfel-Ogden (2009), shown in Equation 8 [16]. The parameters for each parameters are 
available in the original work (Bakir et al. 2018) and listed in Table 1 [13]. E for Equation 8 refers to Green-
Lagrange strain, 𝐼𝐼1 is first invariants of the isochoric elastic right Cauchy-Green tensor, C whilst 𝐼𝐼4𝑓𝑓 =  𝐹𝐹� ∙ (𝐂𝐂𝐹𝐹�). J 
denotes the determinants of deformation gradient tensor, F. 
 

𝜕𝜕𝑇𝑇𝑎𝑎
𝜕𝜕𝜕𝜕

= 𝜖𝜖(𝑉𝑉𝑚𝑚) �𝑘𝑘𝑇𝑇𝑇𝑇 �
𝑉𝑉𝑚𝑚−𝐵𝐵
𝐴𝐴

� − 𝑇𝑇𝑎𝑎�               (5) 

𝜖𝜖(𝑉𝑉𝑚𝑚) = 𝜖𝜖0 + (𝜖𝜖∞ − 𝜖𝜖0)𝑒𝑒𝑒𝑒𝑒𝑒 �−𝑒𝑒𝑒𝑒𝑒𝑒�−𝜉𝜉(𝑉𝑉𝑚𝑚 − 𝑉𝑉𝑡𝑡ℎ𝑟𝑟𝑟𝑟𝑟𝑟ℎ𝑜𝑜𝑜𝑜𝑜𝑜)��            (6) 

𝐓𝐓 = 𝜕𝜕𝜕𝜕
𝜕𝜕𝐄𝐄

+ 𝑇𝑇𝑎𝑎�𝐹𝐹� ⊗ 𝐹𝐹��+ 0.4𝑇𝑇𝑎𝑎�𝑆̂𝑆 ⊗ 𝑆̂𝑆� + 0.4𝑇𝑇𝑎𝑎(𝑁𝑁� ⊗𝑁𝑁�)   (7) 

𝜓𝜓 =
𝑎𝑎𝑖𝑖

2𝑏𝑏𝑖𝑖
𝑒𝑒𝑒𝑒𝑒𝑒(𝑏𝑏(𝐼𝐼1 − 3) − 1) +

𝑎𝑎𝑓𝑓
2𝑏𝑏𝑓𝑓

𝑒𝑒𝑒𝑒𝑒𝑒 �𝑏𝑏𝑓𝑓�𝐼𝐼4𝑓𝑓 − 1�
2
− 1� +

𝜅𝜅(𝐽𝐽 − 1)𝑙𝑙𝑙𝑙(𝐽𝐽)
2

       (8) 

2.3 Left ventricular pressure formulation for EM model 
The model was run in a purely electromechanical setting where the Navier-Stokes equations were not 
implemented. This mode of simulation was performed to compare EM-FSI model behavior against the more 
common approach in which the endocardium is applied with a spatially uniform left ventricular pressure, 
𝑃𝑃𝐿𝐿𝐿𝐿  from Eq.10). In this mode of simulation, the fluid domain was removed as it was no longer necessary. The 𝑃𝑃𝐿𝐿𝐿𝐿 , 
during the isovolumic phases was determined as in Eq. 9  based on work by Usyk et al (2002) [17]. 

 
𝑃𝑃𝐿𝐿𝐿𝐿,𝑖𝑖𝑖𝑖𝑖𝑖 =  𝑃𝑃𝐿𝐿𝐿𝐿,𝑝𝑝𝑝𝑝𝑝𝑝𝑝𝑝𝑝𝑝𝑝𝑝𝑝𝑝𝑝𝑝 + 𝑘𝑘𝑏𝑏(𝑉𝑉𝐿𝐿𝐿𝐿,𝑝𝑝𝑝𝑝𝑝𝑝𝑝𝑝𝑝𝑝𝑝𝑝𝑝𝑝𝑝𝑝 − 𝑉𝑉𝐿𝐿𝐿𝐿)                                                              (9) 
 

where, 𝑘𝑘𝑏𝑏  is the proportionality constant set to 1000 mmHg/ml to control the pressure needed to maintain a 
certain volume. This value was found sufficient to obtain the isovolumic phases of the LV. 𝑃𝑃𝐿𝐿𝐿𝐿,𝑝𝑝𝑝𝑝𝑝𝑝𝑝𝑝𝑝𝑝𝑝𝑝𝑝𝑝𝑝𝑝  and 
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𝑉𝑉𝐿𝐿𝐿𝐿,𝑝𝑝𝑝𝑝𝑝𝑝𝑝𝑝𝑝𝑝𝑝𝑝𝑝𝑝𝑝𝑝  are the pressure and volume of the previous time step respectively.  The LV pressure for the whole 
cardiac cycle was governed by the following relation: 

 

𝑃𝑃𝐿𝐿𝐿𝐿 = �
𝑃𝑃𝑠𝑠𝑠𝑠𝑠𝑠𝑠𝑠𝑠𝑠𝑠𝑠𝑠𝑠𝑠𝑠 + 𝑄𝑄𝑎𝑎𝑎𝑎𝑎𝑎𝑎𝑎𝑎𝑎  𝑅𝑅𝑎𝑎𝑎𝑎𝑎𝑎𝑎𝑎𝑎𝑎                                     𝑃𝑃𝐿𝐿𝐿𝐿,𝑖𝑖𝑖𝑖𝑖𝑖 > 𝑃𝑃𝑠𝑠𝑠𝑠𝑠𝑠𝑠𝑠𝑠𝑠𝑠𝑠𝑠𝑠𝑠𝑠  
𝑃𝑃𝐿𝐿𝐿𝐿,𝑖𝑖𝑖𝑖𝑖𝑖                               𝑃𝑃𝐿𝐿𝐿𝐿,𝑖𝑖𝑖𝑖𝑖𝑖 ≤ 𝑃𝑃𝑠𝑠𝑠𝑠𝑠𝑠𝑠𝑠𝑠𝑠𝑠𝑠𝑠𝑠𝑠𝑠  𝑎𝑎𝑎𝑎𝑎𝑎 𝑃𝑃𝐿𝐿𝐿𝐿,𝑖𝑖𝑖𝑖𝑖𝑖 ≥ 𝑃𝑃𝐿𝐿𝐿𝐿

𝑃𝑃𝐿𝐿𝐿𝐿 +𝑄𝑄𝑚𝑚𝑚𝑚𝑚𝑚𝑚𝑚𝑚𝑚𝑚𝑚  𝑅𝑅𝑚𝑚𝑚𝑚𝑚𝑚𝑚𝑚𝑚𝑚𝑚𝑚                                                         𝑃𝑃𝐿𝐿𝐿𝐿 ,𝑖𝑖𝑖𝑖𝑖𝑖 < 𝑃𝑃𝐿𝐿𝐿𝐿
                        (10) 

 
where 𝑃𝑃𝑠𝑠𝑠𝑠𝑠𝑠𝑠𝑠𝑠𝑠𝑠𝑠𝑠𝑠𝑠𝑠  is given by the three-element Windkessel in Eq. 15 while 𝑄𝑄𝑎𝑎𝑎𝑎𝑎𝑎𝑎𝑎𝑎𝑎  and 𝑄𝑄𝑚𝑚𝑚𝑚𝑚𝑚𝑚𝑚𝑚𝑚𝑚𝑚  and is the time-
derivative of LV volume, 𝑉𝑉𝐿𝐿𝐿𝐿 . 

2.4 Additional Formulations for EM-FSI   
In the EM-FSI model, the inner cavity, housing the blood, is governed by the conservation of mass and conservation 
of momentum, also known as the Navier-Stokes equations. We assumed the blood as incompressible and laminar 
and Newtonian fluid for simplicity. The system is set as a two-way coupled interaction where the blood exerts the 
fluid pressure and the total stress onto the endocardial wall, while the deformation of the wall exerts change in 
fluid wall velocity.  

 

𝜌𝜌𝑓𝑓
𝜕𝜕𝑢𝑢𝑓𝑓
𝜕𝜕𝜕𝜕

+ 𝜌𝜌�𝑢𝑢𝑓𝑓 ∙ ∇�𝑢𝑢𝑓𝑓 = ∇ ∙ �−𝑝𝑝𝚰𝚰 +  𝜇𝜇(∇𝑢𝑢𝑓𝑓 + (∇𝑢𝑢𝑓𝑓)𝑇𝑇)�                                 (11) 

𝜌𝜌𝑓𝑓∇ ∙ 𝑢𝑢𝑓𝑓 = 0                                                                                              (12) 

where 𝑢𝑢𝑓𝑓  and p, are the blood velocity vector and pressure respectively. The mitral valve inlet is set to a fully 
developed flow rate, 𝑄𝑄𝑚𝑚𝑚𝑚𝑚𝑚𝑚𝑚𝑚𝑚𝑚𝑚 , determined by constant left atrial pressure of 12 mmHg. The aortic outlet flow rate, 
𝑄𝑄𝑎𝑎𝑎𝑎𝑎𝑎𝑎𝑎𝑎𝑎 , is determined by a three-element Windkessel to govern its afterload, imposed by external circulation. 
𝑄𝑄𝑎𝑎𝑎𝑎𝑎𝑎𝑎𝑎𝑎𝑎  is then applied as a fully developed flow rate condition to the aortic outlet. All parameters are available in 
Table 1, as taken from [13, 18] . The rest of the wall is set with no-slip boundary conditions. 

 

𝑄𝑄𝑚𝑚𝑚𝑚𝑚𝑚𝑚𝑚𝑚𝑚𝑚𝑚 = �
𝑃𝑃𝐿𝐿𝐿𝐿−𝑃𝑃𝐿𝐿𝐿𝐿,𝑚𝑚𝑚𝑚𝑚𝑚𝑚𝑚𝑚𝑚𝑚𝑚

𝑅𝑅𝑚𝑚𝑚𝑚𝑚𝑚𝑚𝑚𝑚𝑚𝑚𝑚
, 𝑃𝑃𝐿𝐿𝐿𝐿 > 𝑃𝑃𝐿𝐿𝐿𝐿,𝑚𝑚𝑚𝑚𝑚𝑚𝑚𝑚𝑚𝑚𝑚𝑚

0, 𝑃𝑃𝐿𝐿𝐿𝐿 ≤ 𝑃𝑃𝐿𝐿𝐿𝐿,𝑚𝑚𝑚𝑚𝑚𝑚𝑚𝑚𝑚𝑚𝑚𝑚
   (13) 

𝑄𝑄𝑎𝑎𝑎𝑎𝑎𝑎𝑎𝑎𝑎𝑎 = �
𝑃𝑃𝐿𝐿𝐿𝐿,𝑎𝑎𝑎𝑎𝑎𝑎𝑎𝑎𝑎𝑎−𝑃𝑃𝑠𝑠𝑠𝑠𝑠𝑠𝑠𝑠𝑠𝑠𝑠𝑠𝑠𝑠𝑠𝑠

𝑅𝑅𝐴𝐴𝐴𝐴𝐴𝐴𝐴𝐴𝐴𝐴
, 𝑃𝑃𝐿𝐿𝐿𝐿,𝑎𝑎𝑎𝑎𝑎𝑎𝑎𝑎𝑎𝑎 > 𝑃𝑃𝑠𝑠𝑠𝑠𝑠𝑠𝑠𝑠𝑠𝑠𝑠𝑠𝑠𝑠𝑠𝑠

0, 𝑃𝑃𝐿𝐿𝐿𝐿,𝑎𝑎𝑎𝑎𝑎𝑎𝑎𝑎𝑎𝑎 ≤ 𝑃𝑃𝑠𝑠𝑠𝑠𝑠𝑠𝑠𝑠𝑠𝑠𝑠𝑠𝑠𝑠𝑠𝑠
             (14) 

𝑃𝑃𝑠𝑠𝑠𝑠𝑠𝑠𝑠𝑠𝑠𝑠𝑠𝑠𝑠𝑠𝑠𝑠  is determined from Windkessel ODE: 

𝑄𝑄𝑎𝑎𝑎𝑎𝑎𝑎𝑎𝑎𝑎𝑎 = 𝐶𝐶𝑠𝑠𝑠𝑠𝑠𝑠𝑠𝑠𝑠𝑠𝑠𝑠𝑠𝑠𝑠𝑠
𝑑𝑑𝑃𝑃𝑠𝑠𝑠𝑠𝑠𝑠𝑠𝑠𝑠𝑠𝑠𝑠𝑠𝑠𝑠𝑠

𝑑𝑑𝑑𝑑 + 𝑃𝑃𝑠𝑠𝑠𝑠𝑠𝑠𝑠𝑠𝑠𝑠𝑠𝑠𝑠𝑠𝑠𝑠
𝑅𝑅𝑠𝑠𝑠𝑠𝑠𝑠𝑠𝑠𝑠𝑠𝑠𝑠𝑠𝑠𝑠𝑠

    (15) 

where 𝑃𝑃𝐿𝐿𝐿𝐿 ,𝑚𝑚𝑚𝑚𝑚𝑚𝑚𝑚𝑚𝑚𝑚𝑚 and 𝑃𝑃𝐿𝐿𝐿𝐿 ,𝑎𝑎𝑎𝑎𝑎𝑎𝑎𝑎𝑎𝑎  are the average pressure at mitral inlet and aortic outlet respectively.  
A moving mesh formulation is used to govern the mesh deformation of the inner cavity where a pseudo-

hyperelastic Yeoh function is used to govern the mesh deformation, with Yeoh stiffening factor set to 100. The full 
formulation and parameters are s available in our previous work [13].  The fluid-solid boundary, where the 
myocardial wall and blood interacts, is set to have similar displacement. The aortic tract and mitral inlet domains 
were set as rigid. 
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Table 1 List of model parameters 

Parameter Value [unit] Description 
𝛽𝛽 160000 [1/m] Cell surface-to-volume ratio 
𝐶𝐶𝑚𝑚  1[uF/(cm^2)] Cell capacitance 
𝑘𝑘1 8 [1] Action potential parameter 
𝑘𝑘2 0.1 [1/ms] Action potential parameter 
𝐵𝐵 -0.08 [V] Membrane potential scaling 
𝐴𝐴 0.1 [V] Membrane potential scaling 
𝜀𝜀0 0.0002[1/ms] Action potential parameter 
𝜇𝜇1 0.02[1/ms] Action potential parameter 
𝜇𝜇2 0.3[1] Action potential parameter 
𝑎𝑎 0.12 Membrane potential scaling 
𝜎𝜎𝑓𝑓  0.015 [S/m] Electrical conductivity in fibre direction 

𝜎𝜎𝑠𝑠 0.5 ∗ 𝜎𝜎𝑓𝑓 Electrical conductivity in sheet direction 

𝜎𝜎𝑛𝑛 0.25 ∗ 𝜎𝜎𝑓𝑓  Electrical conductivity in normal-to-sheet direction 

𝑘𝑘𝑇𝑇𝑇𝑇  170 [kPa] Isometric muscle stress 
𝜖𝜖0  0.00045 [1/ms] Active stress parameter 
𝜖𝜖∞ 0.03 [1/ms] Active stress parameter 

𝑉𝑉𝑡𝑡ℎ𝑟𝑟𝑟𝑟𝑟𝑟ℎ𝑜𝑜𝑜𝑜𝑜𝑜 -0.03 [V] Active stress parameter 
𝑎𝑎𝑖𝑖 2.280[kPa] Tissue stiffness parameter 
𝑏𝑏𝑖𝑖 9.726 Tissue stiffness parameter 
𝑎𝑎𝑓𝑓  1.685[kPa] Tissue stiffness parameter along fibre 

𝑏𝑏𝑓𝑓 15.779 Tissue stiffness parameter along fibre 

𝜅𝜅 250 [kPa] Bulk modulus 
𝑅𝑅𝑎𝑎𝑎𝑎𝑎𝑎𝑎𝑎𝑎𝑎 0.05 [mmHg*s/ml] Aortic valve resistance 
𝑅𝑅𝑚𝑚𝑚𝑚𝑚𝑚𝑚𝑚𝑚𝑚𝑚𝑚  3.47e6 [Pa*s/(m^3)] Mitral valve resistance 
𝜌𝜌𝑓𝑓  1060 [kg/m^3] Blood density 

𝜇𝜇 3.5e-3 [Pa*s] Blood viscosity 
𝑃𝑃𝐿𝐿𝐿𝐿 12 [mmHg] Atrial pressure 

𝐶𝐶𝑠𝑠𝑠𝑠𝑠𝑠𝑠𝑠𝑠𝑠𝑠𝑠𝑠𝑠𝑠𝑠  3 [ml/mmHg] Systemic circulation capacitance 

𝑅𝑅𝑠𝑠𝑠𝑠𝑠𝑠𝑠𝑠𝑠𝑠𝑠𝑠𝑠𝑠𝑠𝑠  1.15[mmHg*s/ml] Systemic circulation capacitance 

𝜉𝜉 10 [1/V] Active stress parameter 
 

2.5 Model settings 
The model is run as fully coupled in COMSOL Multiphysics 6.1 (COMSOL A.B. Sweden) using second-order BDF 
time-marching solver. Output time step and maximum time step is set to 2 ms. Extrasystole electrical stimulus 
was applied at the endocardial surface at time t = 2 ms. The model was run for 3 cycles until stability of the results. 
Analysis is performed at the third cycle. We used default “normal” mesh setting in COMSOL for this preliminary 
assessment. A total of 63610 mesh elements were built for EM-FSI model with 0.7 cm average mesh size in solid 
domain and 0.47 cm for fluid domain. 4193 elements were built for EM model 0.95 cm average mesh size. Do note 
that the mesh for EM-FSI is slightly smaller in myocardium because of fine boundary layer mesh at the interface. 
A mesh independence study was held on the myocardium, looking at myocardial apex displacement as index for 
mesh independence. The results compared against Finer setting (14017 element in myocardium with average 
mesh size of 0.6 cm) showed less than 2% difference in time-averaged apex displacement. Overall, it took 1 day 
15 hours, 54 minutes to run the EM-FSI, while it took only 1 hour 2 min 14 s on the EM model on an Intel i7-8700 
3.20 GHz machine with 32 Gb RAM. 

3. Results and Discussion 
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Upon application of stimulus at t = 2 ms, the action potential spreads from the inner surface (endocardium) 
towards the outer surface (epicardium). As the myocardium is activated, the heart muscle twists and the inner 
cavity volume is squeezed out, indicating the blood ejection phase. As the muscle relaxes, the myocardium 
gradually returns to the original stage as the blood is being filled up. Looking at the pressure-volume relation of 
the blood cavity, it can be seen a “box” shape plot was achieved, indicating a typical cardiac cycle. However, slight 
differences can be observed for EM-FSI where ejection fraction is slightly lower, and ejection pressure is slightly 
higher than the EM model. This can be attributed to the extra flow resistance imposed in EM-FSI by the aortic 
outlet and aortic tract, which is not considered in the EM model. Furthermore, some noise can be observed in EM-
FSI likely due to flow oscillation. This additional resistance can be difficult to quantify as it can be greatly 
dependent on patient-specific geometry and wall stiffness, of which resistance can be greatly influenced [19]. 

 

 
Fig. 2 The time-course of membrane potential (Vm) and general deformation of myocardium at third cycle. Gray 

outline indicates the end-diastolic shape. Peak ejection occurs at t = 2100 ms and peak filling phase occurs at 2400 
ms 

 
The advantage of running the EM-FSI model vs EM model is it can provide spatial information on blood 

pressure and blood velocity. This can be seen in Fig. 3 and Fig. 4 describing the distribution of pressure and 
velocity in the blood domain. Such information can be crucial in investigating implant interaction with the blood. 
Fig. 3 shows the distribution of blood pressure in the blood domain. A large pressure range is noted initially 
following the stimulus possibly due to the sudden movement of the myocardium to initiate contraction, until the 
start of ejection (t = 2030 ms). At peak ejection (t = 2100 ms), the range of blood pressure is large at nearly 30 
mmHg, however, most of the pressure variation is at the aortic tract, while the pressure is quite uniform within 
the ventricle. In the filling phase, blood pressure variation is minuscule, often less than 1 mmHg. The streamline 
of blood velocity can also be simulated with EM-FSI model where a nearly straight streamline can be seen at peak 
ejection while vortices can be seen forming at peak filling phase. These vortices have been proposed as key 
measure to diagnose diastolic function of the heart, which can be accessed via non-invasive echocardiogram [18].  
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Fig. 3 Time course of fluid pressure within the ventricle at third cycle 

 

 
Fig 4 Fluid streamlines at peak ejection (t =2100 ms) and peak filling phase (t=2400 ms) 
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Fig. 5 Internal LV pressure and aortic pressure over three cardiac cycles. 

 
Fig 6 Pressure-volume taken at third cycle for both EM and EM-FSI model 

By looking at global mechanical metrics such as apex displacement and myocardial torsion (or twist), some 
differences can also be observed. Both metrics are commonly used to assess global mechanical function of the 
heart and can be easily quantified view echocardiogram. Apex displacement is measured by placing a point probe 
at the bottom-most or apex of the heart, and the total upward displacement was measured. Torsion was measured 
by calculating the twist at the apex relative to the base, with zero twist considered at the end-diastole (t = 0). 
Negative torsion indicates a counterclockwise twist, which is common in the heart due to larger mass of outer 
surface muscle, contributing to greater counterclockwise moment. The amount of apex displacement and torsion 
are comparable to what observed in healthy human heart [20]. Comparing EM and EM-FSI, some phase shift can 
be observed in both plots, with EM-FSI showing slightly higher peak magnitude. These phase-shifts are likely due 
to the need for initial pressure build-up in the EM-FSI model. A spike is also observed following the stimulus in 
EM-FSI model, likely caused by redistribution of fluid as the wall is contracting.  
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Fig. 7 Apex displacement comparison between EM and EM-FSI models 

 
Fig. 8 Myocardial torsion comparison between EM and EM-FSI models 

To assess local stress and strain, we extract fibre stress and fibre strain data from one point at the LV free wall 
and one point at septum, taken midway between the apex and base (top) of the heart as shown in Fig. 9. The stress 
and strain waveforms, despite showing similar shapes, have some phase-shift and magnitude differences, similar 
to what we observed earlier in pressure plot. The phase shift and initial spike in EM-FSI could be due to 
redistribution of blood in early phase of contraction. Higher magnitude is observed in EM model, possibly due to 
uniform pressure being applied while in EM-FSI, the more heterogenous fluid load helps to relief stress in some 
regions. These differences contributed to a different shape of stress-strain loop, a measure of mechanical work 
that correlates with heart muscle remodeling [21]. We also assess regional work of both models, calculated by the 
sum of product of stress and strain across the cardiac cycle. This measure is assessed at the third cycle of the 
model, as shown in Fig. 10. Overall, no discernable differences can be seen qualitatively. However, EM-FSI shows 
an elevated regional work magnitude. However, it is worth noting that this difference might be enhanced in the 
presence of regional mechanical differences such as presence of infarct, which is not the focus of our study.  
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Fig. 9 Comparison of mechanical metrics taken at a single epicardial (outer) point at LV freewall (near the mitral 
valve) and septum (near the aortic outlet). Measurement is taken at a distance halfway along the heart’s long axis. 
Strain (a-b) and stress (c-d) behaviour taken at mid-point of apicobasal distance at LV freewall and septum. (e-f) 

Stress and strain loop for the third cycle of the heart. 

 

 
Fig. 10 Regional work (N m-2) taken at third cycle, calculated by summing the product of fibre stress and strain 

over the entire time cycle 
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4. Limitations and Future Directions 
The main advantage of using EM-FSI model is the ability to relate blood haemodynamics and myocardial 
mechanics, in addition to being the more accurate representation of heart physiology as it simulates the two-way 
interactions of heart muscle and blood. This is beneficial in assessing change in blood metrics and even modelling 
performance of internal implant (i.e. valve) with myocardial contraction. However, this results in higher 
computational cost. Whilst we are seeing some differences in the result, the general trend of both models is similar 
with minor changes in magnitude and some phase shift in the quantity reported. The current study was held in a 
healthy state model, where the entire ventricle nearly contracts in unison. Thus, it can be expected the trend might 
be greater in disease cases. Our current study will also need to be corroborated further with clinical findings such 
as verifying regional strain and regional remodeling, which can be a focus in future work. 

5. Conclusions 
The present work has shown that the inclusion of FSI model can alter the mechanical metrics of the myocardium, 
relative to running the model as electromechanical configuration alone. Whilst the general trend shows similarity, 
small differences are noted such as some phase shift and slight difference in magnitude. This is prominent in global 
metrics such as pressure-volume loop, apex displacement and myocardial torsion. Local metrics such as stress 
and strain show greater differences in terms of magnitude and phase shift, which likely alter assessment such as 
regional work. As shown in the results, for cases with nearly uniform myocardial properties, we can expect 
minimal differences in behavior. However, it is worth noting that in cases where regional differences of myocardial 
properties are accounted for, such as in infarction, differences between both modelling approaches might be more 
pronounced. 
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