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ABSTRACT 

MULTI-ORGAN FINITE ELEMENT MODELING OF THE HUMAN HEART WITH 

 VENTRICULAR-ARTERIAL INTERACTIONS 

By 

Sheikh Mohammad Shavik 

Computer heart models with realistic description of cardiac geometry and muscle architecture have 

advanced significantly over the years. Despite these significant advancements, there are 

nevertheless, some unresolved issues and aspects that need improvements. The goal of this 

dissertation was to address some of those issues as well as to develop new computational modeling 

framework to understand the underlying mechanics in heart failure with preserved ejection fraction 

(HFpEF) and pulmonary arterial hypertension (PAH).  

Clinical studies have found that global longitudinal strain is reduced in HFpEF, suggesting 

that LV contractility is impaired in this syndrome. This finding is, however, contradicted and 

confounded, respectively, by findings that end-systolic elastance (Ees) and systolic blood pressure 

(SBP) are typically also increased in HFpEF. To reconcile these issues, we developed and 

validated a multiscale computational modeling framework consisting of detailed cell‐based 

descriptors of the cross‐bridge cycling against well‐established organ‐level physiological 

behaviors. This framework is then used to isolate the effects of HFpEF features in affecting systolic 

function metrics by quantifying the effects on Ees and myocardial strains due to 1) changes in LV 

geometry found in HFpEF patients, 2) active tension developed by the tissue (Tref), and 3) 

afterload. Our study suggests that it is likely that the LV contractility as indexed by the tissue’s 

active tension is reduced in HFpEF patients. 



Right ventricular assist device (RVAD) has been considered as a treatment option for the 

end-stage pulmonary arterial hypertension (PAH) patients, but, its effects on biventricular 

mechanics are, however, largely unknown. To address this issue, we developed an image-based 

modeling framework consisting of a biventricular finite element (FE) model that is coupled to a 

lumped model describing the pulmonary and systemic circulations in a closed-loop system. Our 

results showed that RVAD unloads the RV, improves cardiac output and increases septum 

curvature, which are more pronounced in the PAH patient with severe RV remodeling. These 

improvements, however, are also accompanied by an adverse increase in the PA pressure, 

suggesting that the RVAD implantation may need to be optimized depending on disease 

progression.  

While it has long been recognized that bi-directional interaction between the heart and 

vasculature plays a critical role in the pathophysiological process of HFpEF and PAH, a 

comprehensive study of this interaction is hampered by a lack of modeling framework capable of 

simultaneously accommodating high-resolution models of the heart and vasculature. To address 

this issue, we developed a computational modeling framework that couples FE models of the LV 

and aorta to simulate ventricular-arterial coupling in the systemic circulation. We show that the 

model is able to capture the physiological behaviors in both the LV and aorta that are consistent 

with in vivo measurements. We also showed that the framework can reasonably predict the effects 

of changes in geometry and microstructural details the two compartments have on each other. The 

model is extended to accommodate a biventricular FE heart model together with FE models of the 

aorta and pulmonary artery to simulate the ventricular-vascular interactions in both systemic and 

pulmonary circulation.  



 iv 

TABLE OF CONTENTS 

 

LIST OF TABLES ...................................................................................................................... vii 

LIST OF FIGURES ................................................................................................................... viii 

CHAPTER 1 ...................................................................................................................................1 

Introduction ....................................................................................................................................1 

1.1 General discussion .......................................................................................................1 

1.1.1 Anatomy of the heart ....................................................................................1 

1.1.2 Pressure - volume relationship ....................................................................2 

1.1.3 Contractility, preload and afterload ...........................................................4 

1.2 Background of the theses .............................................................................................6 

1.2.1 Multiscale validation of detailed cross-bridge cycling model ...................7 

1.2.2 Understanding pathophysiological mechanism in heart failure with 

preserved ejection fraction (HFpEF) ...................................................................8 

1.2.3 Image-based biventricular model of pulmonary arterial hypertension 

(PAH) ......................................................................................................................9 

1.2.4 Modeling framework with bidirectional ventricular-vascular 

interactions ...........................................................................................................11 

1.3 Specific aims ...............................................................................................................12 

CHAPTER 2 .................................................................................................................................14 

Organ - level validation of a left ventricular finite element model with detailed cross-bridge 

cycling descriptor .........................................................................................................................14 

2.1 Introduction ................................................................................................................14 

2.2 Methods .......................................................................................................................15 

2.2.1 Mechanical description of the left ventricle ..............................................15 

2.2.2 Closed-loop circulatory model ...................................................................18 

2.2.3 End-systolic and end-diastolic pressure-volume relationships ...............20 

2.2.4 Calculation of myocardial oxygen consumption ......................................22 

2.2.5 Calculation of myocardial strain ...............................................................22 

2.2.6 Calculation of left ventricular torsion .......................................................23 

2.3 Results .........................................................................................................................24 

2.3.1 Isometric twitch behavior...........................................................................24 

2.3.2 Pressure-volume loops ................................................................................25 

2.3.3 MVO2-PVA relationships ..........................................................................27 

2.3.4 Myocardial strain ........................................................................................29 

2.3.5 LV torsion ....................................................................................................32 

2.4 Discussion ...................................................................................................................34 

2.4.1 Limitations ...................................................................................................37 



 v 

CHAPTER 3 .................................................................................................................................38 

Computational investigation of the pathophysiological mechanisms in heart failure with 

preserved ejection fraction (HFpEF) .........................................................................................38 

3.1 Introduction ................................................................................................................38 

3.2 Methods .......................................................................................................................39 

3.2.1 Computational modeling framework ........................................................39 

3.2.2 Left ventricular geometry and boundary conditions ...............................39 

3.2.3 Simulation cases ..........................................................................................40 

3.2.4 Analysis of pressure-volume loops and strains ........................................42 

3.3 Results .........................................................................................................................43 

3.3.1 Effects of changes in geometry, passive stiffness and preload ................43 

3.3.2 Effects of changes in active tension ...........................................................45 

3.3.3 Effects of changes in afterload resistance .................................................46 

3.3.4 Effects of simultaneous changes of both peripheral resistance and active 

tension ...................................................................................................................47 

3.3.5 Comparison of geometry, hemodynamics and strains with clinical 

measurements .......................................................................................................48 

3.4 Discussion....................................................................................................................51 

3.4.1 Limitations ...................................................................................................54 

CHAPTER 4 .................................................................................................................................55 

Image based biventricular modeling framework of pulmonary arterial hypertension (PAH)

........................................................................................................................................................55 

4.1 Introduction ................................................................................................................55 

4.2 Methods .......................................................................................................................56 

4.2.1 Image and data acquisition ........................................................................56 

4.2.2 Biventricular geometry and microstructure ............................................57 

4.2.3 Closed-loop circulatory model ...................................................................58 

4.2.4 Finite element formulation .........................................................................63 

4.2.5 Mechanical behavior of the cardiac tissue ................................................65 

4.2.6 Model parameterization and simulation of the cardiac cycles ...............67 

4.2.7 Post processing of the septum curvature ..................................................68 

4.3 Results .........................................................................................................................69 

4.3.1 Comparison between simulations and measurements .............................69 

4.3.2 Effect of RVAD on hemodynamics ............................................................71 

4.3.3 Effect of RVAD on septum curvature .......................................................73 

4.3.4 Effect of RVAD on myofiber stress ...........................................................73 

4.4 Discussion....................................................................................................................75 

4.4.1 Limitations ...................................................................................................78 

CHAPTER 5 .................................................................................................................................80 

Multi-organ finite element model for simulating ventricular-vascular interaction ..............80 

5.1 Introduction ................................................................................................................80 



 vi 

5.2 Methods .......................................................................................................................81 

5.2.1 Closed-loop systemic circulatory model....................................................81 

5.2.2 Finite element formulation of the left ventricle and aorta ......................84 

5.2.3 Geometry and microstructure of the LV ..................................................86 

5.2.4 Constitutive law of the LV .........................................................................87 

5.2.5 Geometry and microstructure of the aorta ..............................................89 

5.2.6 Constitutive law of the aorta ......................................................................89 

5.3 Results .........................................................................................................................92 

5.3.1 Effect of a change in aorta wall thickness .................................................94 

5.3.2 Effect of changes in mass fractions of the aorta constituents .................96 

5.3.3 Effects of a change in LV contractility ....................................................100 

5.3.4 Effects of a change in LV passive stiffness..............................................100 

5.4 Discussion..................................................................................................................100 

5.4.1 Limitations .................................................................................................104 

5.5 Extension to biventricular model with ventricular-vascular interaction  ..........105 

5.5.1 Methods ......................................................................................................106 

5.5.2 Results ........................................................................................................108 
5.5.3 Future work ...............................................................................................109 

CHAPTER 6 ...............................................................................................................................110 

Conclusions .................................................................................................................................110 

BIBLIOGRAPHY ......................................................................................................................112 

  



 vii 

LIST OF TABLES 

 

Table 2.1. Modified parameters of the Rice model133 ...................................................................17 

Table 2.2. Modified parameters of the cellular electrophysiology model173 which result change in 

the contractility ..............................................................................................................................17 

Table 2.3. Normal parameter values of the circulatory model ......................................................20 

Table 2.4. Parameters of time varying elastance model for left atrium ........................................20 

Table 2.5. Parameters associated with ESPVR and EDPVR as found by the regression analysis

........................................................................................................................................................25 

Table 3.1. Simulation cases in this study ......................................................................................41 

Table 3.2. Left ventricular geometry at end-diastole ....................................................................44 

Table 3.3. Parameters related to ESPVR and EDPVR calculated by regression analysis ............44 

Table 4.1. Characteristics of the normal and PAH patients ..........................................................57 

Table 4.2. Model parameters for Normal and PAH cases. ............................................................68 

Table 5.1. Parameters of time varying elastance model for the left atrium ..................................84 

Table 5.2. Parameters of the closed loop lumped parameter circulatory framework ....................84 

Table 5.3. Parameters of the LV model ........................................................................................89 

Table 5.4. Parameters of the aorta model ......................................................................................92 

Table 5.5. Mass fractions of the aorta constituents for different cases investigated in the study (For 

collagen fibers, the distribution of mass in four collagen fiber families was kept the same, i.e.,  

𝜙1 = 0.1𝜙𝑐 , 𝜙2 = 0.1𝜙𝑐,  𝜙3 = 0.4𝜙𝑐, 𝜙4 = 0.4𝜙𝑐 for all cases) ...............................................92 

  



 viii 

LIST OF FIGURES 

 

Figure 1.1. Structure of the heart, and course of blood flow through the heart chambers and heart 

valves. Adapted from Guyton and Hall62 . .......................................................................................2 

Figure 1.2. (A) A typical pressure – volume (PV) loop, (B) PV loop with identifiable physiological 

parameters, and (C) PV loop with ESPVR and EDPVR. Adapted from Burkhoff27. ......................3 

Figure 1.3. Effect of change in (A) contractility, (B) preload, and (C) afterload on PV loop. 

Adapted from Burkhoff27. ................................................................................................................5 

Figure 2.1. (A) Model schematic showing the coupling of LV FE model to a closed-loop lumped 

parameter circulatory model, (B) Schematic showing the calculation of pressure-volume area 

(PVA), (C) Schematic showing the definition of LV torsion. .......................................................21 

Figure 2.2. Isometric twitch profiles for different contractility cases. Force values were normalized 

by the maximum force of the baseline contractility case. ..............................................................24 

Figure 2.3. Effects on pressure-volume loop by due to a change in (A) preload at a constant 

afterload, (B) afterload at a constant preload, (C) contractility (solid) c.f. baseline (dotted), Values 

indicate corresponding ejection fraction. .......................................................................................26 

Figure 2.4. Myocardial oxygen consumption (MVO2) vs. pressure-volume area (PVA) 

relationship predicted by the model. Data points are calculated at different preload, afterload and 

contractility.  ..................................................................................................................................27 

Figure 2.5. Longitudinal (first column), circumferential (second column), radial (third column) 

strain-time profiles. (A) Comparison of the model predictions with previously published in vivo 

2D STE measurements 37,52,65. Strain-time profiles predicted by the model with, (B) different 

preload (with constant afterload), (C) different afterload (with constant preload) and, (D) different 

contractility for a representative case (case P2 shown in Figure 2.3A and 2.3C). ........................28 

Figure 2.6. Regional variation of (A) longitudinal, (B) circumferential and (C) radial strain 

profiles for a specific case corresponding with normal hemodynamic conditions (case P2, Figure 

2.3A). .............................................................................................................................................30 

Figure 2.7. (A) Longitudinal, (B) circumferential, (C) radial strain profiles calculated using 

different strain definitions. .............................................................................................................31 



 ix 

Figure 2.8. Left ventricular torsion for varying (A) preload, (B) afterload and (C) contractility 

(case P2 in Figure 2.3A and 2.3C) compared with echocardiographic measurements by Mondillo 

et al. 116...........................................................................................................................................33 

Figure 3.1. (A) Schematic of the computational framework consisting of a LV FE model coupled 

to a closed loop lumped parameter circulatory model. For a detailed description of the model 

parameters, refer to Shavik et al.144, (B) Schematic of the normal and HFpEF unloaded LV 

geometry (all dimensions are in cm). .............................................................................................40 

Figure 3.2. (A) PV loops (numbers with percentage indicate EF), (B) global longitudinal, (C) 

circumferential and (D) radial strains for normal, G and GSS cases. Refer to Table 3.1 for 

description of the simulation cases. Case GSS has same geometry, active tension and afterload 

resistance as case G. Only passive stiffness C was decreased in case GSS (120Pa in case GSS vs. 

155Pa in case G) to determine its effect on PV loop and strains. ..................................................45 

Figure 3.3. (A) PV loops (numbers with percentage indicate EF), (B) global longitudinal, (C) 

circumferential and (D) radial strain waveforms for cases GC1, GC2 and GC3 when Tref was 

decreased by 30%, 50% and 70%, respectively. Dotted lines in (A) denote PV loops (at different 

preload) used for computing Ees. ...................................................................................................46 

Figure 3.4. (A) PV loops (numbers with percentage indicate EF), (B) longitudinal, (C) 

circumferential and (D) radial strain for cases GA1, GA2 and GA3 when Rper was increased by 

100%, 150% and 200%, respectively. ...........................................................................................47 

Figure 3.5. Comparison of (A) PV loops (numbers with percentage indicate EF), (B) longitudinal, 

(C) circumferential and (D) radial strain of the GCA case (30% decrease of Tref + 15% increase in 

Rper) with cases GC1 (30% decrease in Tref), case G and normal.  ................................................48 

Figure 3.6. Comparison of model predictions of EDV, ESV and EF from all the simulation cases 

with clinical measurements.93,112 ...................................................................................................49 

Figure 3.7. Comparison of model predictions of SBP and DBP in all the simulation cases with 

clinical measurements.93,112 ............................................................................................................50 

Figure 3.8. Comparison of model predictions of peak longitudinal strains with clinical 

measurements.93,118 ........................................................................................................................50 

Figure 4.1. Left: Biventricular FE geometry reconstructed from MR images with LVFW (red), 

septum (green), and RVFW (blue) material regions. Right: Unloaded FE geometry of normal, 

PAHN and PAHR cases respectively. ...........................................................................................58 



 x 

Figure 4.2. (A) Schematic of the coupled biventricular FE - closed loop modeling framework, (B) 

pump characteristics curve used to model the RVAD, (C) schematic showing the contours used to 

calculate the septum and LVFW local curvature in the LV endocardium in Cartesian coordinate.59 

Figure 4.3. (A) Scatter plot of the simulated vs. measured volume (left) and pressure (right) at all 

cardiac time points for the three cases. A y = x line is also plotted to show the zero-error reference. 

(B) Measurements and model predictions of LV and RV PV loops (first row), volume waveforms 

(2nd row) and pressure waveforms (3rd row) for the normal, PAH patient with severe RV 

remodeling (PAHR) and PAH patient with normal RV (PAHN). .................................................70 

Figure 4.4. (A) RV, (B) LV PV loops, (C) RV, PA and RA pressure waveforms, (D) LV, SA and 

LA pressure waveforms for the PAHR and PAHN cases with different RVAD speed. Scattered 

points show the measurements.......................................................................................................72 

Figure 4.5. (A) LVFW, septum and LV curvature for normal, PAHR and PAHN cases, (B) 

comparison of the normalized septum curvature between normal, PAHR and PAHN cases (left), 

normalized septum curvature for PAHR (middle) and PAHN (right) cases with different RVAD 

speeds, (C) mid-ventricular short-axis slice of the PAHR (left) and PAHN (right) cases showing 

the motion of septal wall with RVAD over a cardiac cycle. .........................................................74 

Figure 4.6. Average LVFW (left), Septum (middle) and RVFW (right) fiber stress (A) in the 

normal, PAHR and PAHN. (B) PAHR case with different RVAD speed. (C) PAHN case with 

different RVAD speed. (D) Myofiber stress shown by color map in long-axis slices at mid-

ventricular level in Normal, PAHR and PAHN cases at end-systole. ...........................................75 

Figure 5.1. (A) Schematic diagram of the ventricular-arterial modeling framework, (B) unloaded 

aorta geometry with ek (k = 1 - 4) showing the directions of the four collagen fiber families, (C) 

unloaded LV geometry with fiber directions varying from 60° at the endocardium to −60° at the 

epicardium wall (all dimensions are in cm). ..................................................................................81 

Figure 5.2. Effects of a change in aorta wall thickness on (A) its ex-vivo pressure–diameter 

relationship, (B) LV pressure–volume loop and (C) pressure - diameter both operating in-vivo. 93 

Figure 5.3. Pressure in LV, aorta and LA during cardiac cycle with increasing aorta wall thickness 

in ascending order from the Baseline to T3 case. ...........................................................................94 

Figure 5.4. Effects of active tone and aorta constituent mass fractions on (A) its ex-vivo pressure–

diameter relationship, (B) LV pressure–volume loop and (C) pressure - diameter both operating 

in-vivo. (Refer to Table 5.5 for cases). ...........................................................................................95 



 xi 

Figure 5.5. Pressure in LV, aorta and LA during cardiac cycle for different aorta constituent mass 

fractions and active tone. ...............................................................................................................96 

Figure 5.6.  Effects of changes in LV contractility on (A) pressure-volume loop, (B) pressure 

waveform in LV, aorta and LA during cardiac cycle, and (C) peak stress in aorta. Contractility 

decreases in the following order:  Baseline, C1, C2. ......................................................................98 

Figure 5.7. Effects of changes in LV passive stiffness on (A) pressure-volume loop, (B) pressure 

waveform in LV, aorta and LA during cardiac cycle, and (C) peak stress in aorta. Passive stiffness 

increases in the following order:  Baseline, P1, P2.  .......................................................................99 

Fig. 5.8. Schematic of the ventricular-vascular coupling modeling framework. Model consists of 

image-based high resolution biventricular, aorta and pulmonary artery FE models that are coupled 

to closed-loop lumped parameter model in systemic and pulmonary circulation. ......................106 

Fig. 5.9. (A) LV, (B) RV PV loops, (C) LV, aorta and LA pressure waveforms, and (D) RV, PA 

and RA pressure waveforms as predicted by the model. .............................................................108 

  



 

 1 

CHAPTER 1 

Introduction 

1.1 General discussion 

1.1.1 Anatomy of the heart 

The heart is a muscular organ that pumps blood through the systemic and pulmonary vascular 

systems. The primary job of the heart and vasculature is to maintain an adequate supply of oxygen 

and nutrients to all of the tissues of the body under a wide range of operating conditions. The 

normal adult human heart is divided into four distinct muscular chambers, two atria and two 

ventricles, which are arranged to form functionally separate left and right heart pumps (Fig. 1.1). 

The left heart is composed of the left atrium and left ventricle which pumps blood from the 

pulmonary veins to the aorta. The human left ventricle has an axisymmetric, truncated ellipsoid 

shape with approximately 1 cm wall thickness. The right heart consists of right atrium and right 

ventricle that pumps blood from the vena cava to the pulmonary arteries. Less powerful than the 

left ventricle, the right ventricle is crescent-shaped and has a thinner wall. The heart wall is 

composed of myofibers that are arranged in a highly organized manner. The local myofiber 

orientation varies along the transmural direction from the inner (endocardium) to the outer 

(epicardium) wall, and is predominantly circumferential at the mid-wall.  The tricuspid valve in 

the right heart and the mitral valve in the left heart separate the atria from their corresponding 

ventricle, and are arranged in a manner to ensure one-way flow through the heart and prohibits 

backward flow during the contraction of the ventricles. The aortic and pulmonary valve separate 

each ventricle from its arterial connection and ensure unidirectional flow by preventing blood from 

flowing from the artery back into the ventricle. The cardiovascular system is closed-loop. 
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Figure 1.1. Structure of the heart, and course of blood flow through the heart chambers and heart 

valves. Adapted from Guyton and Hall62. 

1.1.2 Pressure - volume relationship 

The cardiac cycle is divided into two major phases, systole and diastole. In systole the ventricular 

muscles transform from its totally relaxed state to the point of maximal mechanical activation or 

force. On the other hand, diastole is the period of time during which the muscle relaxes from the 

end-systolic (maximally activated) state back towards its resting state. In each cardiac cycle, the 

ventricular wall contracts and relaxes. Correspondingly, mechanical properties of the ventricle are 

time-varying during a cardiac cycle. The time-varying mechanical properties are related to the 

pressure-volume relationship of the ventricle over the cardiac cycle (Fig. 1.2A), which is a 

convenient way to interpret the ventricular function.  

 As time proceeds in cardiac cycle, the PV points go around the loop in a counter clockwise 

direction. Point A denotes the end of diastole or, start of the systole. Using this point as a reference,  
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Figure 1.2. (A) A typical pressure – volume (PV) loop, (B) PV loop with identifiable physiological 

parameters, and (C) PV loop with ESPVR and EDPVR. Adapted from Burkhoff27. 

pressure rises but volume stays the same in the first part of the cycle, which is known as the 

isovolumic contraction phase where the ventricle contracts with both valves remaining closed. 

Ultimately ventricular pressure rises above the aortic pressure, the aortic valve opens (B), ejection 

begins and volume starts to decrease during the ejection phase. After the ventricle reaches its 

maximum activated state (C, upper left corner of PV loop), the ventricular pressure falls below 

aortic pressure, following which the aortic valve closes and isovolumic relaxation commences. 

Finally, filling begins when the mitral valve opens (D, bottom left corner) and ceases when the 

valve closes (A) and the cycle repeats.  

Several parameters and variables of physiologic importance can be obtained from analysis 

of the PV loop (Fig 1.2B). Specifically, the maximum volume of the cardiac cycle is referred as 

the end-diastolic volume (EDV), which can be readily determined from point A (Fig. 1.2A). Also, 

the minimum volume known as the end-systolic volume (ESV) can be retrieved from point D, 

which is the ventricular volume at the end of the ejection phase. The difference between EDV and 

ESV represents the amount of blood ejected during the cardiac cycle and is referred as the stroke 

volume (SV). Near the top right of the loop we can identify the point at which the ventricle begins 

to eject (the point at which ventricular pressure just exceeds aortic pressure and volume starts to 

SV 
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decrease). This pressure therefore reflects the pressure existing in the aorta at the onset of ejection 

and is called the diastolic blood pressure (DBP). During the ejection phase, aortic and ventricular 

pressures are essentially equal. Therefore, the point of greatest pressure on the loop also represents 

the greatest pressure in the aorta which is called the systolic blood pressure (SBP). The end-systolic 

pressure (Pes) is identified as the pressure of the left upper corner of the loop. The pressure of the 

point at the bottom right corner (point D in Fig. 1.2A) of the loop is the pressure in the ventricle at 

the end of the cardiac cycle and is called the end-diastolic pressure (EDP).  

Ventricular filling occurs along the end-diastolic pressure-volume relationship (EDPVR), 

or passive filling curve for the ventricle. The curvature of this line is determined by the mechanical 

properties of the muscle as well as the structural and geometrical features of the ventricle (e.g., 

wall thickness). The maximal pressure that can be developed by the ventricle is defined by the 

end-systolic pressure-volume relationship (ESPVR). Example of a PV loop bounded by the 

ESPVR and EDPVR are shown in Fig. 1.2C. The upper left-hand corner (end-systolic point) of 

each loop falls on the ESPVR, while the bottom right part of the loop falls on the EDPVR. The 

slope of the ESPVR is known as the end-systolic elastance, Ees which is a measure of the 

ventricular contractility. 

1.1.3 Contractility, preload and afterload 

Contractility, preload and afterload are three important concepts that are related to the ventricular 

function. Contractility refers to the intrinsic strength of the ventricle or cardiac muscle. It 

represents the intrinsic ability of the cardiac muscle to generate force that is independent of 

external loads or stretch. Myocardial contractility results from the excitation-contraction coupling, 

the sequence of events that lead to myocardial contraction triggered by electrical depolarization of 

the cells. Myocardial contractility can be changed by altering one or combination of events (for  
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Figure 1.3. Effect of change in (A) contractility, (B) preload, and (C) afterload on PV loop. 

Adapted from Burkhoff27. 

instance, the amount of calcium released, number of myofilaments available to participate in the 

contraction process, etc.) related to the excitation-contraction coupling process. The end systolic 

elastance Ees is considered to be an index of contractility as it varies with the ventricular 

contractility (Fig. 1.3A) but is not affected by the changes in the arterial system (preload and 

afterload). 

Preload is the hemodynamic load or stretch on the myocardial wall at the end of diastole 

just before contraction begins. Ventricular preload can be estimated by measuring 1) EDP, 2) EDV, 

3) wall stress at end-diastole and 4) end-diastolic sarcomere length. In the clinical setting, EDP 

probably provides the most meaningful measure of preload in the ventricle which is assessed by 

measuring the pulmonary capillary wedge pressure (PCWP) using a catheter that is placed through 

the right ventricle into the pulmonary artery. A change in preload influences the SV and pressure 

but end systolic elastance Ees remains same (Fig. 1.3B). 

Afterload is the hydraulic load imposed on the ventricle during ejection. This load is 

usually imposed on the heart by the arterial system. There are several measures of afterload that 
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are used in different settings, namely, 1) aortic pressure, 2) total peripheral resistance (TPR), 3) 

arterial impedance and, 4) myocardial peak wall stress. The change in afterload also influences the 

SV and pressure of the ventricle but the Ees remains unchanged (Fig. 1.3C). 

1.2 Background of the theses 

Heart disease is one of the major causes of the death in the United States. According to Centers 

for Disease Control and Prevention (CDC), about 610,000 people die every year in heart disease 

in the United States, that is 1 in every 4 deaths32. Computational models are used increasingly to 

better understand the mechanics of the normal as well as diseased heart.  Specifically, finite 

element (FE) modeling of the intact heart having realistic geometry and architectural assembly of 

cardiac muscle descriptor has advanced significantly over the years.  Such models are now capable 

of describing the coupling between electrophysiology and mechanics60,85,156, as well as long-term 

remodeling of the heart49,84,100,101. Although animal and clinical studies were predominantly used 

to understand the mechanisms and effects of novel treatments and diseases in the past, computer 

models are increasingly used to elucidate the pathophysiology of heart diseases and mechanisms 

of treatments such as cardiac resynchronization therapy68,81 and surgical ventricular restoration103. 

Because of their versatility and low cost, computational models are increasingly used to 

supplement the animal and clinical studies. Often only a limited number of parameters can be 

manipulated in animal studies without affecting the others, which makes it very difficult to 

distinguish between the contributions of different factors that may affect the pathophysiology of 

heart diseases. On the other hand, computer heart models that are validated based on physiological 

principles are reproducible and allow one to investigate the isolated effects of each parameter 

without the confounding effects of others16,82. However, despite the continuous efforts that have 

substantially improved the computational heart models over the years, much remain to be done. 
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There are some unresolved issues and aspects that need improvements. Moreover, accurate heart 

models could be very useful to address important unanswered questions about human heart 

diseases that cannot be resolved through experimentation. We have identified some of those issues, 

which are discussed in detail in the subsequent sections. 

1.2.1 Multiscale validation of detailed cross-bridge cycling model 

Accurate description of ventricular active contraction behavior is particularly important in 

ensuring that the model predictions are consistent with well-established physiological principles 

at the whole heart level. Available contraction models vary in sophistication and detail depending 

on the number of intermediate cross-bridge states used in dynamically modeling muscle fiber 

shortening.  Such descriptions range from being purely phenomenological56,83 that do not model 

the different states of the cross-bridge cycle, to detailed models26,71,133 that describe some (if not 

all) the states of the cross-bridge cycle. For the latter case, models were usually developed based 

on small-sample measurements of force-calcium and force-velocity relationships under different 

loading conditions using multicellular (papillary or trabecular muscles), intact single-cell or 

skinned fiber preparations. Although able to recapitulate key features found in these small-scale 

measurements, it is unknown if these descriptors, when scaled up with realistic ventricular 

geometry and muscle fiber organization in the ventricular wall, can reproduce key features of 

measurements made at the whole organ level. Correspondingly, there exists a question as to 

whether the gap between sub-cellular and tissue-organ level phenomena can be bridged by simply 

applying these detailed cross-bridge models to describe the mechanical behavior of the whole 

heart.  

For instance, a widely used detailed cross-bridge cycling descriptor developed by Rice et 

al.133 was originally calibrated using experimental data from rats. This model has been adopted 
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subsequently in many multiscale computational frameworks that were used to investigate diseases 

and treatments in relation to data acquired from other species, such as humans1–3,67 and 

canine34,60,68,105. While model predictions using this cross-bridge descriptor have been compared 

to some myocardial strain and single pressure-volume (PV) loop measurements31,60,160 in the past, 

there are no existing studies investigating whether the model can reproduce features found in an 

analysis of human heart behavior in the face of varying preload and afterload, such as a linear, 

relatively load-independent end-systolic pressure-volume relationship (ESPVR). It is also not 

known whether the Rice cross-bridge descriptor, when scaled up to organ-level, is able to 

reproduce the experimentally observed linear relationship between total myocardial oxygen 

consumption (MVO2) and total mechanical work (indexed by the pressure-volume area, PVA). 

1.2.2 Understanding pathophysiological mechanism in heart failure with preserved ejection 

fraction (HFpEF) 

Heart failure with preserved ejection fraction (HFpEF) is a syndrome accounting for about one-

half of all chronic heart failure (HF) patients.18,123 The incidence and prevalence of HFpEF are 

increasing at a rate of about 1%/year,23,123 with mortality rates comparable to HF with reduced 

ejection fraction (HFrEF).123,151,161  Compared to HFrEF, patients diagnosed with HFpEF are older 

and have a higher prevalence rate of hypertension.123  While new therapies have been 

proposed,11,107,150,158,175 no proven treatment option currently exists for HFpEF patients.126,135  

Because of the presence of many pathological features impairing LV filling140 (e.g., slow 

LV relaxation,178 cardiomyocyte stiffening,178 concentric hypertrophy166), diastolic dysfunction 

was initially believed to be the sole mechanism underlying HFpEF, which was previously referred 

to as diastolic HF.23,179  Mounting evidence, however, has suggested that myocardial contractility 

in HFpEF patients may also be impaired, thus calling into question the original notion that systolic 
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function is preserved in this syndrome.93,118,142,180 However, seemingly contradictory observations 

have been challenging to reconcile and resolve the question of myocardial contractility in HFpEF.  

On the one hand, studies have shown that end-systolic elastance (Ees) and LV ejection fraction 

(EF) are normal or increased in HFpEF (suggesting preserved or increased global ventricular 

contractility).22,76  On the other hand, these hearts exhibit decreased global longitudinal strain, 

suggesting decreased myocardial contractility.  These seemingly conflicting observations (normal 

or increased chamber contractility but decreased myocardial motion) are difficult to resolve purely 

through basic or clinical experimental studies. This difficulty arises because of the differing 

influences of increased vascular resistance (afterload), altered LV geometry, increased LV mass 

(all encountered in HFpEF patients) on longitudinal strain, which potentially confound the link 

between longitudinal strain and myocardial contractility. 

Computational modeling has the inherent advantage to isolate factors affecting LV function 

and motion in HFpEF patients so as to clarify their individual role(s) and contribution(s). There 

are, however, only a few prior studies that have explored the use of computational modeling to 

understand ventricular mechanics in HFpEF.3,36,45,109 Seemingly conflicting observations and 

multiple confounding factors as described above, to the best of our knowledge, have not been 

resolved in any of those studies. 

1.2.3 Image based biventricular model of pulmonary arterial hypertension (PAH) 

Pulmonary arterial hypertension (PAH) is a cardio-pulmonary disease that is characterized by an 

abnormally elevated pulmonary artery (PA) pressure (> 25 mmHg), which can be due to idiopathic 

reasons or caused by other conditions (e.g., presence of ventricular septal defect). Without 

treatment, PAH progresses rapidly and adversely affects the right ventricular (RV) function, 

eventually leading to right heart failure and death69. There are currently no effective treatments for 
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PAH, and existing therapies for this disease have been mostly palliative72. Given the success of 

left ventricular assist device (LVAD) as a treatment for left heart failure,  right ventricular assist 

device (RVAD) is recently proposed as a therapeutic option for PAH patients, especially when the 

disease is refractory to vasodilator therapy128. Unlike its LVAD counterpart, however, the effects 

of this device on RV mechanics are not well understood. Moreover, our understanding on the 

effects of PAH on RV mechanics in humans is also lacking as most patient studies of this disease 

are based largely on measuring regional myocardial deformation or kinematics from clinical 

images42. 

Computational models are increasingly developed to improve our understanding on the 

effects of PAH on RV mechanics, although the number of models is significantly lesser compared 

to those developed to study left ventricular (LV) mechanics33,102,144,167. While able to produce 

insights of PAH, existing computational heart models developed to investigate this disease 

currently suffer from one or more of the following limitations: (a) not calibrated based on human 

data13,51,  (b) focusing only on RV passive mechanics and ignore active mechanics12, and (c) do 

not couple both systemic and pulmonary circulatory systems13,51,174. Specifically, the latter 

limitation places a restriction on our ability to fully assess how alterations in the pulmonary 

circulation consisting of the RV, such as by RVAD implantation, can impact the systemic 

circulation (including LV mechanics), and vice versa. On the other hand, while it is possible to use 

a simplified lumped circulatory modeling framework128 to simulate the effects and interactions of 

RVAD with the systemic and pulmonary circulations in PAH, this approach cannot be used to 

quantify the effects of RVAD and its different operating configurations on important physiological 

quantities such as septal curvature and RV myofiber stress, which is directly related to oxygen 

consumption152.  
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1.2.4 Modeling framework with bidirectional ventricular-vascular interaction 

The heart and vasculature are both key components of the cardiovascular system and they operate 

in tandem to accomplish the very important task of delivering oxygen and nutrients to the human 

body. Physiological adaptation, deterioration, and/or malfunctioning of one component often 

affects the operation of the other. Indeed, optimal ventricular-arterial interaction (or coupling) is 

critical to the normal functioning of the cardiovascular system. Any deviations from optimal 

ventricular-arterial interaction in the cardiovascular system (as indexed by the ratio between 

arterial stiffness and ventricular elastance) are usually associated with heart diseases21 . For 

instance, in the systemic circulatory system, heart failure with preserved ejection fraction (HFpEF) 

has been associated with a progressively impaired ventricular-arterial interaction between the left 

ventricle (LV) and the systemic arteries21,76. Ventricular-arterial interaction is also reflected at the 

microstructural level. In particular, remodeling of the vasculature found in these diseases (e.g., 

smooth muscle hypertrophy/ proliferation and deposition of the collagen)48,146 are often 

accompanied by similar remodeling in the heart (e.g., myocyte hypertrophy and cardiac 

fibrosis)64,129,154. 

Computational modeling is particularly useful for understanding ventricular-arterial 

interaction, especially when there are potentially many parameters that can affect this interaction 

bi-directionally. While ventricular-arterial interactions may be described using electrical analog 

(or lumped parameter) models of the cardiovascular system10,148, the heart and vasculature in such 

models are represented using highly idealized electrical circuit elements such as resistor, capacitor 

and voltage generator. It is difficult, if not impossible, to separate or distinguish between 

geometrical, material, and microstructural changes from the parameters of these electrical 

elements.  Previous finite element (FE) modeling efforts of the cardiovascular system, however, 
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have focused on either the heart or the vasculature. Specifically, FE models of the heart were 

developed either in isolation44,46,103,172, or coupled to an electrical analog of the circulatory system 

in open101,160,164,168,174 or closed loop fashions83,145. In an open-loop circulatory modeling 

framework, the FE ventricular model is generally coupled to a Windkessel model via outlet 

boundary conditions to simulate the ejection of blood, while the filling and isovolumic phases are, 

respectively, simulated by increasing and constraining the ventricular cavity volume. Parameters 

in the modeling framework are then adjusted so that the four distinct cardiac phases form a closed 

pressure-volume loop. On the other hand, coupling the FE ventricular model to a closed loop 

circulatory modeling framework is (arguably) more physical since the total blood volume is 

naturally conserved in the cardiovascular system.  Simulation of multiple cardiac cycles is 

required, however, to obtain a steady state solution. Conversely, FE models of the vasculature were 

developed either in isolation66,177 or coupled to simplified representation of the heart based on a 

time-varying elastance function88,99. Although able to describe the heart or vasculature in greater 

details, these FE modeling frameworks cannot be used to simulate detailed bidirectional 

ventricular-arterial interactions e.g., how changes in the vasculature mechanical properties affect 

the deformation and function of the heart and vice versa. Therefore, a modeling framework with 

the ability of describing the bidirectional ventricular-vascular coupling could be very useful to 

elucidate the detailed bidirectional interactions between the vasculature and heart. 

1.3 Specific aims 

In this dissertation, we seek to overcome the issues and limitations discussed earlier, namely,  

1. We have validated a detailed cross-bridge cycling descriptor against well-established 

organ-level physiological behaviors using a left ventricular finite element modeling 

framework. The model is discussed in detail in chapter 2. 
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2. We have used our methodically validated model discussed in chapter 2 to understand the 

pathophysiological mechanisms that affect systolic functions in Heart Failure with 

Preserved Ejection Fraction (HFpEF) patients as discussed in detail in chapter 3. 

3. We have developed an image based biventricular FE modeling framework that is coupled 

to a lumped parameter model describing both the pulmonary and systemic circulations in 

a closed-loop system. We have calibrated this model against measurements from a normal 

subject as well as pulmonary arterial hypertension (PAH) patients as well as investigated 

the effects of right ventricular assist device (RVAD) on ventricular hemodynamics and 

mechanics in PAH patients. The methodology and results are discussed in chapter 4. 

4. We have formulated a modeling framework accommodating the bidirectional ventricular-

arterial interactions in systemic circulation. The model has been calibrated to reproduce the 

physiological behavior of normal human and able to successfully simulate the bidirectional 

changes in the functional behaviors of both left ventricle (LV) and aorta when geometrical 

or, material parameter(s) were changed that are consistent with experimental observations. 

The model is discussed in chapter 5. This model is extended to accommodate a 

biventricular FE heart model together with FE models of the aorta and pulmonary artery to 

simulate the ventricular-vascular interactions in both systemic and pulmonary circulation 

which is described at the end of this chapter.  
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CHAPTER 2 

Organ - level validation of a left ventricular finite element model with detailed cross-bridge 

cycling descriptor 

2.1 Introduction 

High-resolution left ventricular (LV) finite element (FE) models are useful in understanding 

ventricular mechanics associated with normal and abnormal heart functions59,61,83,121. These 

models are usually constructed using active contraction models that are developed based on 

experimental data at the cellular level. As such, it is unknown if these models are able to reproduce 

physiological behavior at the organ level. To the best of our knowledge, there have been no 

rigorous attempts to show that the models can simultaneously reproduce key organ–level 

physiology measured in the intact heart, specifically,  

1. a linear load-independent end-systolic pressure volume relationship (ESPVR) and, a 

curvilinear end-diastolic pressure volume relationship (EDPVR) generated from PV loops 

of different loading conditions, 

2. a linear, load-independent myocardial oxygen consumption (MVO2) and pressure-volume 

area (PVA) relationship.  

3. a consistent strain-time profile. 

Here, we have filled this void and showed that a LV FE model based on the active contraction 

descriptor of Rice et al. 133, with appropriate adjustment of model parameters, was able to 

reproduce these measured physiological features when coupled to a closed-loop lumped parameter 

circulatory model. The content of this chapter has been published in the journal physiological 

reports144. 
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2.2 Method 

2.2.1. Mechanical description of the left ventricle 

The mechanical behavior of the left ventricle (LV) was modeled using a previously described cell-

based coupled cardiac electromechanics model156. Given that the focus here is on the mechanics, 

homogeneous activation of the LV was employed via prescribed stimulus current Is throughout the 

ventricle. Consequently, the resultant model can be expressed by the following system of ordinary 

differential equations and partial differential equations: 

𝜕𝐬

𝜕𝑡
= 𝑓(𝑣, 𝐬, 𝜆),                                                              (2.1a) 

𝜕𝑣

𝜕𝑡
+ 𝐼𝑖𝑜𝑛(𝑣, 𝐬, 𝜆) =  𝐼𝑠,                                                      (2.1b) 

∇ ∙ 𝛔 = 0.                                                                      (2.1c) 

Equations (2.1a, b) consist of a system of ordinary differential equations describing the local 

coupling between the cellular electrophysiology173 and cross-bridge cycling133. Here, v is the 

transmembrane potential, s denotes a vector of state variables consisting of various membrane 

channels and intracellular ionic concentrations, Iion is the total ionic current that is scaled with the 

membrane capacitance, and λ is the myofiber stretch. Equation (2.1c) enforces local mechanical 

equilibrium of the LV with σ denoting the Cauchy stress tensor. The stress tensor σ was additively 

decomposed into a passive component σp and an active component σa, allowing for dynamic 

changes in the tissue during the cross-bridge cycling process, i.e., 

𝛔 =  𝛔𝐩 + 𝛔𝐚(𝐬, 𝜆, 𝜆 ̇ ; 𝑇𝑟𝑒𝑓).                                                   (2.2) 

The active stress σa, applied along the local fiber orientation, was based on the active descriptor 

by Rice et al.133, and depends on the time evolution of the state variables s, myofiber stretch λ, rate 
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of myofiber stretch 𝜆̇ and the reference tension Tref. Parameter values of the Rice descriptor were 

modified to obtain a twitch profile with a longer time to peak duration and a reasonable relaxation 

behavior (cf. to that computed using the original values) that are both necessary to reproduce the 

in-vivo strain-time profile measured in healthy humans. These parameters are associated to the Ca-

binding with troponin (Ca-based activation) and transition rate between different states in the 

cross-bridge cycle. Some of these parameters were also adjusted in a previous study127 to reproduce 

end-systolic pressure and pressure twitch recorded experimentally in the canine. The modified 

parameters are tabulated in Table 2.1. Contractility was varied by scaling the calcium transient 

through adjusting the maximum RyR channel Ca-flux 𝑣1, scaling factor of Ca-ATPase 𝐾𝑆𝑅, and 

maximum sarcolemmal Ca-pump current 𝐼𝑝̅(𝐶𝑎) in the electrophysiology model173 as listed in 

Table 2.2.  Modified parameters of the electrophysiology model (Table 2.2) reflect the 

corresponding changes in the isometric twitch profiles (Figure 2.2) for different contractility. 

On the other hand, the passive stress σp was described using a Fung-type transversely-

isotropic hyperelastic constitutive model57 with the strain energy function given by  

𝛹 = 
1

2
𝐶(𝑒𝑄 − 1) + 𝐶compr(𝐽𝑙𝑛𝐽 − 𝐽 + 1),                               (2.3a) 

where, 

𝑄 = 𝑏𝑓𝑓𝐸𝑓𝑓
2 + 𝑏𝑥𝑥(𝐸𝑠𝑠

2 + 𝐸𝑛𝑛
2 + 𝐸𝑠𝑛

2 + 𝐸𝑛𝑠
2 ) + 𝑏𝑓𝑥(𝐸𝑓𝑛

2 + 𝐸𝑛𝑓
2 + 𝐸𝑓𝑠

2 + 𝐸𝑠𝑓
2 ).        (2.3b) 

In the above equation, Eij with (i, j) ∈ (f, s, n) are components of the Green-Lagrange strain tensor 𝐄 

with f, s, n denoting the myocardial fiber, sheet and sheet normal directions, respectively. 

Furthermore, J = det (F) is the Jacobian of the deformation gradient tensor F. Material parameters 
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Table 2.1. Modified parameters of the Rice model133  

Parameter Unit Value 

perm50 Unitless 0.38 

nperm Unitless 13 

kon M-1s-1 60 

kn_p s-1 15 

kp_n s-1 550 

gapp s-1 10 

hf s-1 750 

hb s-1 70 

gxb s-1 20 

 

Table 2.2. Modified parameters of the cellular electrophysiology model173 which result change in 

the contractility  

Parameter Unit Baseline contractility Lower contractility Higher contractility 

V1 ms-1 1.8 1.2 4.2 

KSR unitless 1.3 0.7 1.4 

Ip(Ca)max AF-1 0.05 0.3 0.008 

of the passive constitutive model are denoted by Ccompr, C, bff, bxx and bfx. The passive stress tensor 

depends on this strain energy function by  

𝛔𝐩 =
1

𝐽
𝐅
𝜕𝛹

𝜕𝐄
𝐅𝐓.                                                                   (2.4) 

The governing equations describing the LV mechanical behavior were solved using the FE 

method. 

An idealized prolate ellipsoid was used to describe the LV geometry, which was discretized 

using 960 quadratic tetrahedral elements. The LV base was constrained from moving out of the 

plane and the epicardial edge was fixed46,171. Based on previous experimental measurements153, 

myofiber helix angle was prescribed to vary with a linear transmural variation from 60° at the 

endocardium to −60° at the epicardium in the LV wall.  
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2.2.2 Closed-loop circulatory model 

The LV FE model was coupled to a closed-loop lumped parameter circulatory model (Fig. 2.1A). 

The total mass of blood for the closed-loop system needs to be conserved, so, the rate of change 

of volume for the cardiac chambers (LV and LA) and blood vessels (Aorta and vena cava) can be 

related to the flowrates by the following equations, 

𝑑𝑉𝐿𝐴

𝑑𝑡
= 𝑞𝑣𝑒𝑛 − 𝑞𝑚𝑣                                                               (2.5a) 

𝑑𝑉𝐿𝑉

𝑑𝑡
= 𝑞𝑚𝑣 − 𝑞𝑎𝑜                                                                 (2.5b) 

𝑑𝑉𝑎𝑟𝑡

𝑑𝑡
= 𝑞𝑎𝑜 − 𝑞𝑝𝑒𝑟                                                                (2.5c) 

𝑑𝑉𝑣𝑒𝑛

𝑑𝑡
= 𝑞𝑝𝑒𝑟 − 𝑞𝑣𝑒𝑛                                                              (2.5d) 

Flowrates at different sections are given by, 

     𝑞𝑎𝑜 = {

𝑃𝐿𝑉−𝑃𝑎𝑟𝑡

𝑅𝑎𝑜
 𝑤ℎ𝑒𝑛, 𝑃𝐿𝑉 ≥ 𝑃𝑎𝑟𝑡  

0 𝑤ℎ𝑒𝑛, 𝑃𝐿𝑉 < 𝑃𝑎𝑟𝑡
                (2.6a) 

                                                     𝑞𝑝𝑒𝑟 =
𝑃𝑎𝑟𝑡−𝑃𝑣𝑒𝑛

𝑅𝑝𝑒𝑟
                                                                   (2.6b)      

                                                          𝑞𝑣𝑒𝑛 =
𝑃𝑣𝑒𝑛−𝑃𝐿𝐴

𝑅𝑣𝑒𝑛
                                                                    (2.6c) 

     𝑞𝑚𝑣 = {

𝑃𝐿𝐴−𝑃𝐿𝑉

𝑅𝑚𝑣
 𝑤ℎ𝑒𝑛, 𝑃𝐿𝐴 ≥ 𝑃𝐿𝑉  

0 𝑤ℎ𝑒𝑛, 𝑃𝐿𝐴 < 𝑃𝐿𝑉
                (2.6d) 

For blood vessels, pressure is found from the following equations, 

𝑃𝑎𝑟𝑡 =
𝑉𝑎𝑟𝑡−𝑉𝑎𝑟𝑡,0

𝐶𝑎𝑟𝑡
                                                                (2.7) 
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𝑃𝑣𝑒𝑛 =
𝑉𝑣𝑒𝑛−𝑉𝑣𝑒𝑛,0

𝐶𝑣𝑒𝑛
                                                                (2.8) 

where, 𝑉𝑎𝑟𝑡,0 and 𝑉𝑣𝑒𝑛,0 are resting volumes of the blood vessels and both are constants. 

In this model, time-varying elastance model was used to describe atrial contraction by 

relating the instantaneous atrial pressure PLA(t) to the instantaneous atrial volume VLA(t) using the 

following equations,   

𝑃𝐿𝐴(𝑡)  =  𝑒(𝑡)𝑃𝑒𝑠,𝐿𝐴(𝑉𝐿𝐴)  +  (1 − 𝑒(𝑡)) 𝑃𝑒𝑑,𝐿𝐴(𝑉LA)                           (2.9) 

where,                                                                                                                    

𝑃𝑒𝑠,𝐿𝐴(𝑉𝐿𝐴)  =  𝐸𝑒𝑠,𝐿𝐴(𝑉𝐿𝐴 − 𝑉0,𝐿𝐴)                                           (2.10a) 

𝑃𝑒𝑑,𝐿𝐴(𝑉𝐿𝐴)  =  𝐴𝐿𝐴 (𝑒
𝐵𝐿𝐴(𝑉𝐿𝐴−𝑉0,𝐿𝐴) − 1)                                     (2.10b) 

and,  

𝑒(𝑡) = {

1

2
(sin [(

𝜋

𝑇𝑚𝑎𝑥
) 𝑡 –

𝜋

2
] +  1) ;   0 <  𝑡 ≤  3/2 𝑇𝑚𝑎𝑥

1

2
 𝑒−(𝑡−3 2𝑇𝑚𝑎𝑥⁄ ) 𝜏⁄ ;   𝑡 > 3/2 𝑇𝑚𝑎𝑥

             (2.10c) 

In the above, 𝐸𝑒𝑠,𝐿𝐴 is the end-systolic elastance, 𝑉0,𝐿𝐴 is the volume axis intercept of the ESPVR, 

and both 𝐴𝐿𝐴 and 𝐵𝐿𝐴 are parameters of the EDPVR. The driving function 𝑒(𝑡) is described in Eq. 

(2.10c), where 𝑇𝑚𝑎𝑥 is the point of maximal chamber elastance, 𝜏 is the time constant of relaxation 

and 𝑡 is the time during the cardiac cycle. The values of 𝐸𝑒𝑠,𝐿𝐴, 𝑉0,𝐿𝐴, 𝐴𝐿𝐴, 𝐵𝐿𝐴, 𝑇𝑚𝑎𝑥  and 𝜏 that 

are used in this model are listed in Table 2.4. 

The initial volume states (Vven, Vart) and the circulatory parameters were adjusted so that 

the steady-state PV loop is consistent with that found in a typical normal human LV operating 

under resting conditions. Preload of the LV was varied by changing the venous volume 𝑉𝑣𝑒𝑛,0 to  
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Table 2.3. Normal parameter values of the circulatory model 

Parameter Unit Values 

Aortic valve resistance, 𝑅𝑎𝑜 Pa ms ml-1 5500 

Peripheral resistance, 𝑅𝑝𝑒𝑟 Pa ms ml-1 140000 

Venous resistance, 𝑅𝑣𝑒𝑛 Pa ms ml-1 2000 

Mitral valve resistance, 𝑅𝑚𝑣 Pa ms ml-1 2500 

Aortic compliance, 𝐶𝑎𝑟𝑡 ml Pa 0.014 

Venous compliance, 𝐶𝑣𝑒𝑛 ml Pa 0.3 

Resting volume for artery, 𝑉𝑎𝑟𝑡,0 ml 580 

Resting volume for vein, 𝑉𝑣𝑒𝑛,0 ml 3300 

Table 2.4. Parameters of time varying elastance model for left atrium 

Parameter Unit Values 

End-systolic elastance, 𝐸𝑒𝑠,𝐿𝐴 Pa/ml 60 

Volume axis intercept, 𝑉0,𝐿𝐴 ml 10 

Scaling factor for EDPVR, 𝐴𝐿𝐴 Pa 58.67 

Exponent for EDPVR, 𝐵𝐿𝐴 ml-1 0.049 

Time to end-systole, 𝑇𝑚𝑎𝑥 msec 200 

Time constant of relaxation, 𝜏 msec 25 

simulate vena cava occlusion. On the other hand, afterload was varied by altering the peripheral 

resistance Rper to simulate the constriction of vessels in the systemic vasculature. A steady-state 

pressure-volume loop for each loading condition was established by running the simulation over 

several cardiac cycles, each with a cycle time of 900ms (equivalent to 67 bpm). 

2.2.3 End-systolic and end-diastolic pressure-volume relationships 

After obtaining PV loops at different preload and afterload, end-systolic and end-diastolic 

pressure-volume relationships (ESPVR and EDPVR, respectively) were obtained by performing 

regression on the following relationships:  

𝑃𝐸𝑆𝑃𝑉𝑅(𝑉) =  𝐸𝑒𝑠(𝑉 − 𝑉0),                                                     (2.11a) 

𝑃𝐸𝐷𝑃𝑉𝑅(V) =  𝐴 (𝑒
𝐵(𝑉−𝑉0) − 1),                                              (2.11b) 
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Figure 2.1. (A) Model schematic showing the coupling of LV FE model to a closed-loop lumped 

parameter circulatory model, (B) Schematic showing the calculation of pressure-volume area 

(PVA), (C) Schematic showing the definition of LV torsion. 
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where, 𝐸𝑒𝑠 is the ESPVR slope, 𝑉0 is the volume-intercept, and 𝐴, 𝐵 are parameters for the 

curvilinear EDPVR. 

2.2.4 Calculation of myocardial oxygen consumption  

The local adenosine triphosphate (ATP) consumption during cross-bridge cycling have been 

estimated by a previously68 described method. The local ATP consumption rate was calculated 

from the Rice et al.  model133 by multiplying the cross-bridge detachment rate by the single-overlap 

fraction of the thick filament and the probability that the cross-bridge is in the post-rotated force-

generating state. In mathematical terms, 

𝐴𝑇𝑃 = 𝑔𝑥𝑏𝑇𝑋𝐵𝑃𝑜𝑠𝑡𝑅 𝑆𝑂𝑉𝐹𝑡ℎ𝑖𝑐𝑘(𝑥)                                          (2.12) 

where, 𝑔𝑥𝑏𝑇  is the cross-bridge detachment rate, 𝑋𝐵𝑃𝑜𝑠𝑡𝑅 is the probability that the cross-bridge is 

in the post-rotated force-generating state, 𝑆𝑂𝑉𝐹𝑡ℎ𝑖𝑐𝑘(𝑥) is the single-overlap function for the thick 

filament, 𝑥 is the sarcomere length as described in detail in Rice et al. model133. 

Myocardial oxygen consumption was quantified using the total ATP consumption, which 

was computed by integrating the local ATP consumption rate over the entire LV through a 

complete cardiac cycle. The MVO2 at each loading case was related to the corresponding PVA, 

which is defined by the sum of the stroke work (i.e., external work done by the LV) and the end-

systolic potential energy (i.e., mechanical energy stored within elastic elements of the contractile 

proteins at the end of systole) (Figure 2.1B).  

2.2.5. Calculation of myocardial strain  

Regional three-dimensional strains in the longitudinal, circumferential and radial directions were 

calculated using end-diastole as the reference configuration. Specifically, myofiber stretch in these 

directions were expressed as: 



 23 

𝜆𝑖 = √𝐞𝑖 ∙ 𝐂 ∙ 𝐞𝑖 ,                                                          (2.13) 

where, 𝐂 = 𝐅𝐓𝐅 is the right Cauchy-Green deformation tensor, and ei with i ∈ (l, c, r) are the unit 

vectors in the longitudinal l, circumferential c and radial r directions, respectively. The radial 

direction er is defined to be normal to the LV wall. The circumferential direction ec is defined to 

be orthogonal to er and the apex-base direction. Finally, the longitudinal direction, el is defined to 

be orthogonal to the both er and ec. This longitudinal direction is therefore tangential to the LV 

cavity wall surface. Different strain metrics, namely, the Biot, Green-Lagrange strain and Euler-

Almansi strains were calculated using the following respective definitions: 

𝜀𝑖 = 𝜆𝑖 − 1,                                                                  (2.14a) 

𝐸𝑖 =
1

2
(𝜆𝑖
2 − 1),                                                             (2.14b) 

𝑒𝑖 =
1

2
(1 −

1

𝜆𝑖
2).                                                             (2.14c) 

2.2.6 Calculation of left ventricular torsion 

Left ventricular torsion 𝑇, which describes the amount of twisting the LV undergoes as it contracts, 

was calculated based on the relative rotation between the basal and the apical short axis slices 

(Figure 2.1C) using the following equation4: 

𝑇 =
(𝜙𝑎𝑝𝑒𝑥 − 𝜙𝑏𝑎𝑠𝑒)(𝜌𝑎𝑝𝑒𝑥 + 𝜌𝑏𝑎𝑠𝑒)

2𝐷
 .                                                (2.15) 

In Eq. (2.15), 𝜌𝑎𝑝𝑒𝑥 and 𝜌𝑏𝑎𝑠𝑒 are the mean radius of curvature of the basal and apical slices 

respectively and, D is the distance between apical and basal slices. The angle of rotation at the 

apex ϕapex and base ϕbase were calculated by tracking the motion of the nodal points at the apex and 
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base respectively. Because the rotation varies across the LV wall, an average value of T was 

calculated using points on both the epicardial and endocardial surface.  

2.3 Results 

2.3.1 Isometric twitch behavior 

Isometric twitch profile computed using the adjusted rate constants (Table 2.1) shows that the time 

to peak value is ~170ms (cf. to ~100ms found in the original model using parameters calibrated 

using rat data) (Figure 2.2). This value is consistent with the isometric twitch profile found in 

normal human98. On the other hand, scaling of the calcium transient in the electrophysiology model 

(Table 2.2) produces isometric twitch profiles that are self-similar to each other.  

 

Figure 2.2. Isometric twitch profiles for different contractility cases. Force values were normalized 

by the maximum force of the baseline contractility case. 
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2.3.2 Pressure-volume loops 

Steady-state PV loops of the LV under different loading conditions and contractilities were 

obtained from the FE model (Figure 2.3). Increasing preload while maintaining a constant 

afterload resistance led to an increase in peak systolic pressure and shifted both the end-systolic 

volume (ESV) and end-diastolic volume (EDV) rightward towards larger volumes (Figure 2.3A). 

Ejection fraction (EF), however, remained relatively constant between 58 and 59%. On the other 

hand, increasing afterload with a constant preload volume led to an increase in peak systolic 

pressure and ESV, with decreasing EF (Figure 2.3B). In both cases (varying preload and 

afterload), the series of end-systolic and end-diastolic points derived from the PV loops produced 

a linear ESPVR and a curvilinear EDPVR.  Also, an increase (or decrease) in contractility led to a 

corresponding increase (or decrease) in peak systolic pressure, EF, and the slope of the ESPVR 

(Figure 2.3C).   

Parameter values of Ees, V0, A and B were calculated via regression analysis using Eq. (2.5) 

applied to these data points (Table 2.5). The volume-intercept V0 remained relatively constant in 

all the cases. On the other hand, the ESPVR slope Ees changed substantially (from the baseline 

case) only with varying contractility and changed only a little in the case when afterload was 

varied. 

Table 2.5. Parameters associated with ESPVR and EDPVR as found by the regression analysis.  

Parameter 

Varying preload at  Varying 

afterload 

at baseline 

contractility 

  baseline 

contractility 

     lower 

contractility 

higher 

contractility 

 

Slope of ESPVR, Ees (mmHg/ml) 3.67 2.51 5.54 3.81 

Volume axis intercept, V0 (ml) 18.0 17.7 19.5 19.5 

Scaling factor for EDPVR, A 

(mmHg) 

0.021 0.021 0.021 0.021 

Exponent for EDPVR, B (ml-1) 0.065 0.065 0.065 0.065 
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Figure 2.3. Effects on pressure-volume loop by due to a change in (A) preload at a constant 

afterload, (B) afterload at a constant preload, (C) contractility (solid) c.f. baseline (dotted), Values 

indicate corresponding ejection fraction. 
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Figure 2.4. Myocardial oxygen consumption (MVO2) vs. pressure-volume area (PVA) 

relationship predicted by the model. Data points are calculated at different preload, afterload and 

contractilites. 

2.3.3 MVO2-PVA Relationships 

The relationship between PVA and the total LV ATP consumption in a cardiac cycle that is directly 

related to MVO2 were computed for different loading conditions and contractilities. The MVO2 – 

PVA data calculated in all the cases having different preload, afterload and contractilities clustered 

around a straight line (Figure 2.4). Regression performed on the data showed that the MVO2 – 

PVA relationship is linear (R2 = 0.99).  
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Figure 2.5. Longitudinal (first column), circumferential (second column), radial (third column) 

strain-time profiles. (A) Comparison of the model predictions with previously published in vivo 

2D STE measurements37,52,65. Strain-time profiles predicted by the model with, (B) different 

preload (with constant afterload), (C) different afterload (with constant preload) and, (D) different 

contractility for a representative case (case P2 shown in Figure 2.3A and 2.3C). 
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2.3.4 Myocardial strain  

Longitudinal, circumferential and radial strain-time profiles computed for different loading 

conditions and contractilities were compared to those measured in normal humans using speckle 

tracking echocardiography (STE)37,52,65 (Figure 2.5). Under all loading conditions, the predicted 

strain-time profiles were consistent with measurements in humans.  Specifically, comparable 

features include a time-to-peak strain of about 200 ms during systole and a rapid change in strain 

at late diastole (~ 700 ms) arising from the contraction of left-atrium (i.e. ‘atrial kick’). Peak strain 

values predicted by the model (~ -16%, -18% and 40% in longitudinal, circumferential and radial 

directions) were also comparable to those measured in normal humans. 

Generally, peak circumferential and longitudinal strains were less sensitive to the loading 

conditions than radial strain. Varying preload filling pressure (by ~ 20 mm Hg) at baseline 

contractility led to little change in the peak longitudinal strain (~2% absolute) or circumferential 

strain (~1% absolute). Peak radial strain, however, was substantially increased (~10% absolute) 

with increasing preload. On the other hand, peak strains were slightly more sensitive to variations 

in afterload than preload, where a 50 mmHg increase in afterload pressure was associated with 

reduced peak longitudinal, circumferential and radial strain of 4%, 3% and 12% (absolute), 

respectively. An increase in contractility (with respect to baseline) led to an increase in the peak 

values of longitudinal (2.7% absolute), circumferential (2.2% absolute) and radial (5% absolute) 

strain with similar strain-time characteristics. Similarly, the peak values of longitudinal (1.5% 

absolute), circumferential (2.5% absolute) and radial (6% absolute) strain decreased with a 

decrease in contractility with no change in strain-time characteristics. 

Regional variation of strain profiles under different loading conditions followed a 

consistent pattern, shown in a representative case in Figure 2.6. Longitudinal strain was highest 
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Figure 2.6. Regional variation of (A) longitudinal, (B) circumferential and (C) radial strain 

profiles for a specific case corresponding with normal hemodynamic conditions (case P2, Figure 

2.3A). 
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Figure 2.7. (A) Longitudinal, (B) circumferential, (C) radial strain profiles calculated using 

different strain definitions. 
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at the basal region and lowest at the apical region with a difference of about 10% (absolute). The 

same pattern was also found in the radial strain, where the difference between the highest strain 

(at the basal region) and the lowest strain (at the apical region) was about 20%. Regional variation 

of the circumferential strain was comparatively similar to the longitudinal strain, about 10%, with 

the highest value found at the mid LV and the lowest value found at the basal region. 

Using different strain definitions can lead to a substantial variation in the reported strain 

values (Figure 2.7). Longitudinal and circumferential strains computed using the Euler-Almansi 

definition were the largest followed by those computed using the Biot and Green-Lagrange 

definitions. The reverse was found in the radial strain component, in which strains calculated using 

the Green-Lagrange definition were the largest. The difference between these various strain 

definitions can be as large as ~27%, ~6% and ~7% in the radial, longitudinal and circumferential 

directions, respectively. 

2.3.5 LV torsion 

The time-variation of LV torsion over a cardiac cycle was compared to the measurements made in 

normal human using echocardiography (Figure 2.8)116. Our model prediction of the peak LV 

torsion was close to that found in normal humans (~15 degrees). Finally, LV torsion was also 

found to be relatively independent of the loading conditions. Similar to the effects of contractility 

on strains, a change in contractility (increase or decrease) led to a corresponding change in the 

peak value of LV torsion. 



 33 

 

Figure 2.8. Left ventricular torsion for varying (A) preload, (B) afterload and (C) contractility 

(case P2 in Figure 2.3A and 2.3C) compared with echocardiographic measurements by Mondillo 

et al.116. 
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2.4 Discussion 

Finite element models simulating the LV mechanical behavior during a cardiac cycle have been 

developed using a variety of active contraction models59,61,83,121. To the best of our knowledge, 

however, there have been no rigorous attempts to show that the models are able to simultaneously 

reproduce key organ–level physiology measured in the intact heart, specifically, (1) linear, load-

independent ESPVRs generated from PV loops of different loading conditions, (2) a linear, load-

independent MVO2 – PVA relationship and (3) a consistent strain-time profile. Here, we have 

filled this void and showed that a LV FE model based on the active contraction descriptor of Rice 

et al.133, with appropriate adjustment of model parameters, was able to reproduce these measured 

physiological features when coupled to a closed-loop lumped parameter circulatory model.  

Specifically, we demonstrated that both the slope and volume-intercept of the linear 

ESPVR generated by varying preload and afterload are close to one another. The fitted values of 

Ees and V0 are also comparable to those measured in humans113. Statistical analysis performed on 

the regressed values of Ees (Table 2.3) shows that the difference in values obtained for the varying 

preload and afterload cases (at the same baseline contractility) is not significant (p value = 0.57,  

95% confidence interval). When contractility is varied (increased or decreased), however, the 

change in Ees (with respect to the baseline contractility cases) becomes significant (p value = 0.003, 

95% confidence interval). As opposed to using pure phenomenological descriptors of active 

contraction83, MVO2 of the LV can be estimated here using the 4-state active contraction descriptor 

by calculating the total ATP consumption required to uncouple the actin-myosin bonds over a 

cardiac cycle, a reasonable estimate as approximately 90% of ATP generation is derived from 

aerobic metabolism. As MVO2 was estimated here solely from the cellular-scale quantities in the 

4-state active contraction descriptor, correlating this calculated MVO2 to PVA, an organ-scale 
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quantity, serves as a rigorous and independent validation for the multiscale model. Consistent with 

the physiological measurements across species29,155,170, our model predicts a linear relationship 

between MVO2 and PVA with varying preload, afterload and contractility.  

In terms of deformation, our model predicted LV torsion as well as circumferential, 

longitudinal and radial strain-time profiles that are agreeable with measurements from studies 

using echocardiography37,52,65,116,122.  Although these measurements showed significant variability, 

our model was able to reproduce key features, such as similar peak strains, time-to-peak-strain as 

well as the rapid change in strain during atrial contraction at late-diastole. 

Using our model, we also compared the strains calculated using different definitions, 

namely, the Green-Lagrange, Biot and Euler-Almansi strain definitions. We showed that the 

difference could be as large as 27% in the radial direction and 6% in the longitudinal and 

circumferential directions when comparing between strains calculated using the Green-Lagrange 

and Euler-Almansi definitions. Circumferential and longitudinal strains computed using the Euler-

Almansi definition are larger than those calculated using the Green-Lagrange definition whereas 

the opposite is true for radial strain (Figure 2.7). This is consistent with the fact that the 

normalizing reference length used in the Green-Lagrange definition is based on the ED 

configuration, at which length segments are at their longest in the circumferential and longitudinal 

directions and shortest in the radial direction. While most magnetic resonance (MR) based studies 

are explicit about the strain definition with Green-Lagrange strain being the most commonly used 

metric106,117, echo-based studies are less clear concerning the type of metric used in computing 

myocardial strains. A number of echo-based studies have described Lagrangian and Eulerian 

strain37,147. The definition of Lagrangian strain (ε = ∆L/L = λ – 1) in those studies, however, is 

more commonly referred to as the Biot strain by the continuum mechanics community and differs 
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from the Green-Lagrange strain that is frequently used in MR studies.  The substantial disparity in 

strain computed using these two metrics (especially in computing radial strain) underscore the 

importance of using a consistent strain metric when comparing strain between different imaging 

modalities or between simulations and experiments.  

We have also investigated the effects of preload and afterload on myocardial strains and 

have showed that the strains are sensitive to changes in loading conditions at a fixed LV 

contractility. The radial strain is found to be the most sensitive, and all three strains are found to 

be sensitive to changes in afterload resistance that translated to relatively large changes in the peak 

LV pressures and EF. This result underscores the importance of not equating an evaluation of 

strains to an evaluation of myocardial contractility132, especially when myocardial strains are 

increasingly used in diagnosing heart diseases such as myocardial ischemia, heart failure with 

preserved ejection fraction (HFpEF) and mechanical dyssynchrony37,147.  

Particularly for HFpEF, a recent clinical study93 has shown that the global longitudinal and 

circumferential strains are impaired in this patient population, and are about 5% points lower than 

those measured in normal humans (longitudinal: 20% vs. 14.6% absolute; circumferential: 27.1% 

vs. 22.9%, absolute). Stratifying HFpEF patients into categories with different ranges of LV EF, 

that study also showed a positive correlation between LV EF and both longitudinal and 

circumferential strains. A similar positive correlation between LV EF and the strains can also be 

found from our simulation results with varying afterload. In our simulation, the ESP ranges 

between 105 – 140 mmHg, which is equivalent to a systolic blood pressure range of 117 – 156 

mmHg based on the empirical formula ESP = 0.9 × SBP77. Systolic blood pressure measured in 

the clinical study was only slightly higher in HFpEF patients (90% are hypertensive) than the 

normal subjects (136 vs. 130 mm Hg). Our study therefore suggests that an increase in afterload 
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may contribute, at least partially, to the decrease in longitudinal and circumferential strains found 

in HFpEF compared to normals. More study is clearly needed to separate the effects of a higher 

afterload from that of a decrease in contractility in contributing to the reduced longitudinal and 

circumferential strains in HFpEF patients.  

2.4.1 Limitations 

There are some limitations associated with the model. First, an idealized prolate ellipsoid was used 

to describe the LV geometry, which ignores any asymmetrical geometrical differences. Second, 

the model assumes that the LV contracts homogeneously and neglects any regional activation 

patterns. Third, a rule-based myofiber orientation was prescribed in this model, in which the 

myofiber helix angle varied linearly in the transmural direction from endocardium to epicardium. 

The myofiber orientation, in reality, may be more complex. Last, mechanical effects associated 

with the right ventricle (RV) and pulmonary circulation was neglected. Although cavity pressure 

in the RV is substantially lower than the LV, its presence may, nevertheless, affects the LV 

mechanics through the septum. 
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CHAPTER 3 

Computational investigation of the pathophysiological mechanisms in heart failure with 

preserved ejection fraction (HFpEF) 

3.1 Introduction 

Heart failure with preserved ejection fraction (HFpEF) is a syndrome that accounts for about one-

half of all chronic heart failure with increasing incidence and prevalence rates18,123. Diastolic 

dysfunction is a common feature (e.g., slow LV relaxation,178 cardiomyocyte stiffening,178 

concentric hypertrophy166) found in HFpEF patients which was initially believed to be the sole 

mechanism underlying HFpEF. Recent evidence has suggested, however, that systolic function 

may be also impaired in this disease93,118,142,180. Specifically, clinical studies have found that the 

longitudinal and circumferential strains in left ventricle (LV) of HFpEF patients are reduced, 

suggesting that myocardial contractility may also be impaired. On the other hand, studies have 

shown that end-systolic elastance (Ees) and LV ejection fraction (EF) are normal or increased in 

HFpEF (suggesting preserved or increased global ventricular contractility)22,76. These seemingly 

conflicting observations (normal or increased chamber contractility but decreased myocardial 

motion) are difficult to resolve purely through basic or clinical experimental studies because 

multiple confounding factors such as influences of increased vascular resistance (afterload), 

altered LV geometry, increased LV mass are involved. Therefore, it is very difficult to isolate 

factors affecting LV function and motion in HFpEF patients so as to clarify their individual role(s) 

and contribution(s).  

Accordingly, the purpose of this study was to determine whether decreased longitudinal 

strain encountered in HFpEF is truly a reflection of decreased myocardial contractility or is this 

simply due to altered LV mass, geometry or afterload resistance.  To do so, we employed a 

previously validated computational modeling framework144 (discussed in detail in chapter 2) 
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whose parameters were adjusted to replicate key characteristics of heart and vascular properties in 

HFpEF to independently assess the roles of these contributing factors.  Resolution of this question 

is important because of its implication for the development of new therapies. 

3.2 Methods 

3.2.1 Computational modeling framework 

A previously described coupled left ventricle (LV) – closed-loop circulatory computational 

modeling framework144 (Figure 3.1A) was used to simulate the effects of HFpEF. In this 

framework, the LV was modeled using the finite element (FE) method, in which descriptors of 

tissue-level passive mechanical behavior57 and active cellular-level cross-bridge cycling133 were 

applied to a realistic 3D ventricular geometry to simulate a beating LV. This framework has been 

validated against key organ-level physiological behaviors such as a load‐independent linear end-

systolic pressure–volume relationship (ESPVR), a load‐independent linear myocardial oxygen 

consumption (MVO2) vs pressure–volume area (PVA) relationship, and a strain waveform that is 

consistent with in-vivo measurements. Details of this modeling framework are given in chapter 2. 

3.2.2 Left ventricular geometry and boundary conditions 

An idealized prolate ellipsoid was used to model the LV typical of that found in normal humans 

and hypertensive HFpEF patients. Clinical studies have shown that for hypertensive HFpEF 

patients, the LV has both increased wall thickness to cavity diameter (internal dimension) ratio 

and apex-to-base length compared to healthy subjects.112,141  To reflect these differences, the 

unloaded LV geometry (that corresponds to zero cavity pressure) applied in the modeling 

framework to simulate HFpEF also had a thicker wall and a longer length compared to that used  
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Figure 3.1. (A) Schematic of the computational framework consisting of a LV FE model coupled 

to a closed loop lumped parameter circulatory model. For a detailed description of the model 

parameters, refer to Shavik et al.144, (B) Schematic of the normal and HFpEF unloaded LV 

geometry (all dimensions are in cm). 

to simulate the LV of normal humans (Figure 3.1B). The same boundary conditions as in previous 

computational models46,171 were applied in all simulations. The myofiber direction (helix angle) 

was varied transmurally across the LV wall with a linear variation from 60° at the endocardium to 

−60° at the epicardium based on a previous experimental measurement.153  

3.2.3 Simulation cases  

A normal case was first simulated so that the LV geometrical features at end-diastole and end-

systole, hemodynamics and global longitudinal strain were close (within 1 standard deviation) to 

the values reported in controls subjects in the clinical studies.63,93,112  We then simulated a number 

of cases to isolate the effects of both hypothesized and established factors deemed to affect 

longitudinal strain in HFpEF, namely, changes in 1) active tension developed by the tissue (i.e., 

myocardial contractility), 2) ventricular afterload as indexed by arterial resistance, 3) LV geometry 

and passive stiffness and 4) combinations of these factors.  LV geometry was changed as described 

above.  Active tension and afterload were changed, respectively, by scaling the active stress (Tref) 

generated during the cross-bridge cycling process and the peripheral resistance (Rper) as described 
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Table 3.1. Simulation cases in this study. 

Case Change(s) relative to normal 

Prescribed parameter value 

Passive 

stiffness 

C (Pa) 

Active 

tension 

Tref 

(kPa) 

Peripheral 

resistance 

Rper (kPa 

ms ml-1) 

Normal N/A 110 400 155 

H
F

p
E

F
 

G Geo; ↑ passive stiffness 

155 

 

NC NC 

GC1 Geo; ↑ passive stiffness; 30% ↓ tension  280 NC 

GC2 Geo; ↑ passive stiffness; 50% ↓ tension  200 NC 

GC3 Geo; ↑ passive stiffness; 70% ↓ tension  120 NC 

GA1 Geo; ↑ passive stiffness; 100% ↑ resistance  NC 310 

GA2 Geo; ↑ passive stiffness; 150% ↑ resistance NC 387.5 

GA3 Geo; ↑ passive stiffness; 200% ↑ resistance  NC 465 

GCA 
Geo; ↑ passive stiffness; 30% ↓ tension; 15% ↑ 

resistance 
200 201.5 

*Geo: geometrical changes in Fig. 3.1B; NC: No change. 

in Shavik et al.144 All simulation cases are summarized with labels in Table 3.1. In case G, we 

considered only the effects of changes in the LV geometry and passive mechanical behavior 

typically found in HFpEF patients; Tref and Rper had the same values as in the normal case. Because 

diastolic dysfunction accompanied by cardiac fibrosis is a hallmark of HFpEF patients8,24,178, the 

end-diastolic pressure-volume relationship (EDPVR) found in HFpEF patients is typically steeper 

compared to that found in normal humans. To model this effect, the passive stiffness scaling factor 

of the LV FE model (C parameter in Eq. 3 of Shavik et al.144) was prescribed to be higher than the 

value in the normal case (155 Pa vs. 110 Pa). Additionally, preload in this case was also prescribed 

to be higher than that in the normal case by setting a lower venous resting volume 
144 (Vven,0 = 2900 

vs. 3400 ml) in the lumped circulatory model to match the clinically measured end-diastolic 

volume (EDV). An additional case GSS was considered with slightly higher passive stiffness 

scaling factor (120 Pa vs. 110 Pa) to determine the effects of passive stiffness on PV loops and 
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myocardial strains (Figure 3.2)  In cases GC1, GC2 and GC3, active tension Tref was reduced by 

30%, 50% and 70%, respectively, from the value in the normal case in addition to changes in the 

LV geometry, passive mechanical behavior and preload as described in case G. Peripheral 

resistance Rper (i.e., afterload) in these 3 cases had the same value as in the normal case. Conversely 

in cases GA1, GA2 and GA3, Rper was increased by 100%, 150% and 200%, respectively, from the 

value in the normal case in addition to changes in the LV geometry, passive mechanical behavior 

and preload as described in the case G. Active tension of the tissue Tref in these 3 cases had the 

same value as in the normal case. Finally, for case GCA, active tension Tref and peripheral 

resistance Rper were both reduced and increased by 30% and 15%, respectively from their values 

in the normal case in addition to the changes in LV geometry, passive mechanical behavior and 

preload as in the case G. Heart rate was set constant at 67 bpm for all simulations, consistent with 

data reported in prior studies (e.g., 69.5 vs. 66 bpm in Kraigher-Krainer et al93 and 68 vs. 67 bpm 

in Maurer et al112). 

3.2.4 Analysis of pressure-volume loops and strains 

Pressure-volume loops were obtained for each simulation case over a range of preload pressures, 

from which we could define end-systolic and end-diastolic pressure-volume relationships (ESPVR 

and EDPVR, respectively).  ESPVRs were linear, whereas EDPVRs were nonlinear, and these 

relationships were fit to the following regression equations: 

𝑃𝐸𝑆𝑃𝑉𝑅(𝑉) =  𝐸es(𝑉 − 𝑉0),                                                     (3.1a) 

𝑃𝐸𝐷𝑃𝑉𝑅(V) =  𝐴 (𝑒
𝐵(𝑉−𝑉0) − 1).                                               (3.1b) 

In the above equations, 𝐸es (mmHg/ml) is the end-systolic elastance (i.e., slope of ESPVR), 𝑉0  

(ml) is the volume-intercept, V (ml) is the LV cavity volume, whereas A (mmHg) and B (ml-1) are,  
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respectively, the scaling and exponent parameters describing the EDPVR. 

Global longitudinal, circumferential and radial strains were calculated using the method 

described in Shavik et al144 with end-diastole serving as the reference configuration. Myofiber 

stretch in the longitudinal, circumferential and radial directions, denoted respectively by el, ec and 

er, were first computed by  

𝜆𝑖 = √𝐞𝑖 ∙ 𝐂 ∙ 𝐞𝑖 .                                                               (3.2)              

In the above equation, 𝑪 = 𝑭𝑻𝑭 is the right Cauchy-Green deformation tensor, F is the 

deformation gradient tensor and ei with i ∈ (l, c, r) are the unit vectors in the longitudinal l, 

circumferential c and radial r directions, respectively. The radial direction er was defined to be 

normal to the LV wall, whereas the circumferential direction ec was defined to be orthogonal to er 

and the apex to base direction. The longitudinal direction el was then defined to be orthogonal to 

both er and ec. The Biot strain, which is more akin to the strain reported in echo-based studies,144 

was then calculated using:  

𝜀𝑖𝑖 = (𝜆𝑖 − 1) × 100%.                                                        (3.3) 

3.3 Results 

3.3.1 Effects of changes in geometry, passive stiffness and preload 

Model predictions of LV geometrical features at end-diastole of the normal and altered geometry 

(i.e., G) cases compared to those measured in clinical studies63,112 are summarized in Table 3.2. 

The model predictions were largely consistent with measurements, which show an increase in both 

LV wall thickness and apex-to-base length that were accompanied by a small change in internal 

chamber diameter. 
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Table 3.2. Left ventricular geometry at end-diastole. 

Parameter Normal Case G 

Model 

Clinical 

Model 

Clinical 

Maurer et 

al.112 

He et 

al.63 

Maurer et 

al.112 

He et 

al.63 

Internal 

diameter (cm) 
4.8 4.7±0.5 4.5±0.3 4.7 4.6±0.5 4.7±0.6 

Length (cm) 8.1 10.6±1.1 NR 9.6 11.4±1.2 NR 

Wall thickness 

(cm) 
1.0 1.0±0.1* 0.9±0.1* 1.25 1.3±0.3* 1.1±0.2* 

*Posterior wall thickness; NR = Not reported  

Table 3.3. Parameters related to ESPVR and EDPVR calculated by regression analysis. 

Parameter Normal HFpEF 

G GC1 GC2 GC3 GA1-3 GCA 

End-systolic elastance Ees 

(mmHg/mL) 
3.9 5.2 4.1 2.8 1.8 5.2 4.1 

Volume intercept of ESPVR, V0 

(mL) 
10.0 13.0 13.0 13.0 13.0 13.0 13.0 

Scaling factor of EDPVR A 

(mmHg) 
0.012 0.026 

Exponent of EDPVR B (ml-1) 0.07 0.07 

Pressure-volume loops of the LV for the normal and altered geometry (G) cases revealed 

that purely changing LV geometry and passive stiffness to those found in HFpEF patients resulted 

in slightly steeper ESPVR and EDPVR with slightly increased 𝑉0 (Figure 3.2A, Table 3.3). Since 

there were simultaneous increases of both 𝐸es and 𝑉0 in case G, the net shifts of the ESPVR and 

EDPVR compared to the normal case were relatively subtle.  Changing the geometry, passive 

stiffness and preload to those found in HFpEF patients also produced slight increases in the peak 

longitudinal and circumferential strains by 1% (absolute) and 0.4% (absolute), respectively 

(Figure 3.2B and 3.2C). In addition, peak radial strain decreased by 1.4% (Figure 3.2D) 

compared to the normal case.  Comparison of the cases G and GSS shows that the effect of passive 

stiffness on strains and PV loop is small in HFpEF. 
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Figure 3.2 (A) PV loops (numbers with percentage indicate EF), (B) global longitudinal, (C) 

circumferential and (D) radial strains for normal, G and GSS cases. Refer to Table 3.1 for 

description of the simulation cases. Case GSS has same geometry, active tension and afterload 

resistance as case G. Only passive stiffness C was decreased in case GSS (120Pa in case GSS vs. 

155Pa in case G) to determine its effect on PV loop and strains. 

3.3.2 Effects of changes in active tension 

The impact of decreasing myocardial contractility by decreasing active tension (Tref) by 30% (case 

GC1), 50% (case GC2) and 70% (case GC3) in addition to changes in LV geometry produced PV 

loops with less pressure generation (decreased height) and with less stroke volume (decreased 

width). Correspondingly, end-systolic volumes (ESV) increased while EF, Ees and all 3 strain 

components decreased (Figure 3.3).  Actual changes of the EFs and strains are indicated in the 

figure insets. 

Passive stiffness, 

C (Pa) 

Normal    110 

G              155 

GSS         120 
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Figure 3.3. (A) PV loops (numbers with percentage indicate EF), (B) global longitudinal, (C) 

circumferential and (D) radial strain waveforms for cases GC1, GC2 and GC3 when Tref was 

decreased by 30%, 50% and 70%, respectively. Dotted lines in (A) denote PV loops (at different 

preload) used for computing Ees. 

3.3.3 Effects of changes in afterload resistance 

Increasing peripheral resistance Rper (i.e., afterload) by 100% (case GA1), 150% (case GA2) and 

200% (case GA3) while keeping active tension Tref at the original value as in the normal case led 

to progressive increases in pressure generation as well as decreases in both stroke volume and EF 

compared to case G (Figure 3.4A). However, ESPVRs and EDPVRs were not affected by changes 

in peripheral resistance since these are load independent measures of ventricular chamber 

properties. Myocardial strains were also all reduced with increasing Rper (Figures 3.4B, C and D; 

quantitative details are summarized in figure insets).  Importantly, increasing Rper over this broad 
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Figure 3.4. (A) PV loops (numbers with percentage indicate EF), (B) longitudinal, (C) 

circumferential and (D) radial strain for cases GA1, GA2 and GA3 when Rper was increased by 

100%, 150% and 200%, respectively.  

range had significantly less effects on the myocardial strains compared to when active tension was 

decreased (Figure 3.3). 

3.3.4 Effects of simultaneous changes of both peripheral resistance and active tension 

As will be detailed further in the next section and based on the insights derived from the 

simulations presented above, we simultaneously modified parameter values to closely simulate 

conditions (volume, EF, strains, blood pressures) encountered in HFpEF patients reported in the 

literature.  We arrived at a solution based on a simultaneous decrease of Tref by 30% and an increase 

of Rper by 15% (case GCA) (Figure 3.5).   
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Figure 3.5. Comparison of (A) PV loops (numbers with percentage indicate EF), (B) longitudinal, 

(C) circumferential and (D) radial strain of the GCA case (30% decrease of Tref + 15% increase in 

Rper) with cases GC1 (30% decrease in Tref), case G and normal. 

3.3.5 Comparison of geometry, hemodynamics and strains with clinical measurements 

Model predictions of EDV and ESV for the normal and HFpEF cases all fell within the range of 

clinical measurements (Figure 3.6). Similar to what is observed in the clinics where hypertensive 

HFpEF patients have larger EDVs and ESVs compared to normal subjects,93,112 the model also 

predicted the EDV and ESV to be larger in all the HFpEF cases.  Other than case GC3, all other 

HFpEF cases have EF greater than or equal to 50% and were within the range measured clinically 

in patients. 

In terms of LV hemodynamics (Figure 3.7), only cases G, GC2 and GCA had both systolic blood 

pressure (SBP) and diastolic blood pressure (SBP) within 1 standard deviation of the clinical 
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measurements made in HFpEF patients. While case GC1 had SBP within the clinical range, its 

DBP was slightly higher than the measurements. Out of these 3 cases that had hemodynamic 

measurements within the clinical range, only cases GC2 and GCA, in which active tension Tref was 

reduced, had peak global longitudinal strains that were within one standard deviation of the mean 

values measured in HFpEF patients (Figure 3.8). While the global longitudinal strain in the 

simulation cases with increased afterload (GA1, GA2 and GA3) were all within one standard 

deviation of the clinically measured value, their peak SBP (195 – 225 mmHg) and DBP (135 – 

165 mmHg) blood pressure were both well beyond the range measured clinically (Figure 3.7).  

Thus, the only scenario that simultaneously matched LV EF, systolic and diastolic blood 

pressures and longitudinal strain was case GCA, in which the HFpEF geometry was combined with 

increased afterload resistance and decreased myocardial force generation. 

 

Figure 3.6. Comparison of model predictions of EDV, ESV and EF from all the simulation cases 

with clinical measurements.93,112 
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Figure 3.7. Comparison of model predictions of SBP and DBP in all the simulation cases with 

clinical measurements.93,112 

 

 

Figure 3.8. Comparison of model predictions of peak longitudinal strains with clinical 

measurements.93,118  
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3.4 Discussion  

We used a previously described computational modeling framework144 to determine if reduced 

longitudinal strain observed in patients with hypertension and HFpEF was due to reduced 

myocardial contractility or if it was related to accompanying altered geometry and/or afterload 

resistance.  We first showed that a mere change in LV geometry and passive stiffness from those 

found in normal humans to those found in HFpEF patients without any changes of active 

myocardial tension generation leads to only subtle net changes in the ESPVR, indicative of 

preserved LV chamber contractility.  That is, chamber contractility was not significantly affected 

by simultaneous increases in LV wall thickness and apex-to-base length112; such changes only 

produce a slight increase in the global peak circumferential and longitudinal strains, suggesting 

that myocardial strains are relatively insensitive to geometrical changes associated with HFpEF. 

We also note that we have also explored and found that the effects of passive stiffness on 

myocardial strains are small. Second, although a moderate reduction in active tension Tref 

superimposed on a change in both the LV geometry and passive mechanical behavior (case GC1) 

reduced the myocardial strains, it still produced an increase in Ees relative to normal. Third, the 

impaired global longitudinal strains found in HFpEF patients93,118 can be reproduced by a reduction 

in active tension or an increase in afterload but the latter was associated with a substantial increase 

in SBP and DBP that were well beyond the range measured in the patients. Finally, it was only 

with the combination of a decrease in myocardial contractility and a moderate increase in afterload 

(case GCA) that simultaneously produced an increase in SBP, a decrease in global longitudinal 

and circumferential strain, a maintenance of LV EF93, and an increase in Ees,76 all in the same 

magnitudes as found in HFpEF patients. 



 52 

Due in part to the heterogeneity of clinical characteristics encountered in HFpEF patients, 

the pathophysiology of HFpEF is likely to be multifactorial30,135 and arguably more complex than 

HFrEF. It is difficult, if not impossible, to unravel the relative contributions of these multiple 

factors to changes in longitudinal strain purely from clinical observations or experiments. 

Computational modeling, on the other hand, is an important tool that can serve this purpose. While 

there are some computational modeling studies on HFpEF,36,45,108 these existing studies, to the best 

of our knowledge, have not comprehensively assessed the contributions of changes in afterload, 

tissue active tension and geometry to abnormalities in both hemodynamics (SBP and DBP) and 

functional indices (Ees and longitudinal strain) found in HFpEF patients.  

Left ventricular end-systolic elastance, Ees, is widely considered to be the “gold standard” 

load-independent index for assessing LV chamber contractility.28 In HFpEF patients, Ees is 

typically increased or normal compared to healthy subjects.22,76 Increases as much as 154% (from 

2.2 to 5.6 mmHg/ml)76 have been reported.  However, values of myocardial contractility-related 

indices such as longitudinal and circumferential strains,93 radial strain169 and myocardial velocities 

measured from tissue Doppler imaging are reported to be reduced.162 As succinctly described by 

Bourlag et al.23: “The coexistence of elevated Ees and reduced systolic function by other indices 

has been difficult to reconcile.” As detailed above, the present findings reconcile these findings.   

These model predictions compare favorably with measurements of myocyte active tension 

from biopsy samples of hypertensive patients exhibiting diastolic dysfunction and concentric LV 

remodeling.19,39 Specifically in patients undergoing coronary bypass grafting, maximum 

developed isometric tension of isolated myocytes was found to be about 50% lower in those 

exhibiting hypertension, concentric remodeling but with normal EF compared to those without 

hypertension (10.67 ± 1.38 vs. 20.64 ± 3.29 mN/mm2)39; this is regardless of whether the patients 
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had heart failure or not.  Similarly, myocyte isometric tension was also found to be lower (though 

not statistically significant) in patients who had hypertension and diastolic heart failure compared 

to the recipients of heart transplants (20.3 ± 7.5 vs. 24.2 ± 12.4 kN/m2).19  

While we have shown that a decrease in longitudinal strain with preserved or increased Ees 

as found in HFpEF patients can be produced by a reduction in the tissue active tension Tref, our 

model also predicted that this strain reduction can also be produced by an increase in ventricular 

afterload achieved by increasing the peripheral resistance parameter Rper. Indeed, hypertension is 

a major contributor to the development of HFpEF, with a prevalence of 55–86% in HFpEF 

patients.96 Patients diagnosed with HFpEF typically have high SBP with some studies reporting 

average values of 149 mmHg,41 153 mmHg176 and 136 mmHg.93 The accompanied increase in 

afterload may be due (at least in part) to arterial stiffening,131,157 which we have shown previously 

using a coupled ventricular-vascular modeling framework to produce a substantial increase in 

systolic blood pressure.143 To achieve a decrease in longitudinal strain comparable to those found 

in HFpEF patients without any reduction in Tref would, however, require an increase in Rper that 

produces a SBP of around 195-225 mmHg that is well beyond the range found in these patients.  

Based on our model predictions, it is, therefore, unlikely that the reduction in longitudinal strain 

found in HFpEF patients is due solely to an increase in afterload without any decrease in the active 

tension developed by the myocytes. It is likely that the concurrent increase in SBP and decrease in 

longitudinal strain is produced by a combination of an increase in afterload with reduced active 

tension of the myocytes (case GCA).  

This finding is also largely consistent with previous modeling studies, with one suggesting 

that the active tension of myocytes is reduced at the subendocardial region but is increased at the 
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subepicardial region in the LV of HFpEF patients,36 and the other suggesting the systolic 

contractile force is reduced in HFpEF due to abnormal calcium homeostasis.3 

3.4.1 Limitations 

The current findings need to be interpreted within the context of potential limitations. First, we 

have assumed the LV geometry to be an idealized truncated ellipsoid (for simplicity), and 

consequently, did not consider any asymmetrical geometrical differences (e.g., focal hypertrophy 

of the interventricular septum78) or possible effects of the right ventricle. Second, we did not 

consider any alterations to myofiber orientation in HFpEF (employing a standard gradient of +60⁰ 

at the endocardium to -60⁰ at the epicardium) since there are no available data to suggest that these 

angles are altered. Third, we have focused only on peak myocardial strains and not the time course 

of the strain waveform that may be affected by impaired relaxation of the myocytes as found in 

some studies of HFpEF.23  Fourth, we have only considered ventricular properties under resting 

conditions.  However, symptoms and hemodynamic abnormalities of many HFpEF patients are 

manifested and exaggerated even during mild exertion.  Whether this reflects an alteration of 

intrinsic ventricular properties or a more complex interplay between peripheral and ventricular 

properties is currently unknown and not addressed in the present analysis. Finally, we have focused 

largely on modeling features from the data acquired in a number of clinical studies93,112,118 that do 

not distinguish between the time course of HFpEF. As such, the findings here reproduce the 

observations in a cross-section of HFpEF patients, and do not correspond to any specific etiology 

and or time point during disease progression. Future studies with longitudinal data will be able to 

help characterize the time course of the alteration of ventricular properties in HFpEF patients. 
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CHAPTER 4 

Image based biventricular modeling framework of pulmonary arterial hypertension (PAH) 

4.1 Introduction 

Pulmonary arterial hypertension (PAH) is a debilitating disease that is characterized by an 

abnormally elevated pulmonary artery (PA) pressure (> 25 mmHg). Without treatment PAH 

progresses rapidly and adversely affects the right ventricle (RV) function, eventually leading to 

heart failure and death69. The elevated PA and RV pressure due to a high afterload in PAH can 

cause unusual ventricular deformation, such as a left ventricular septal bow (LVSB) in which the 

septum wall bulges towards the left ventricle (LV). Moreover, long-term functional, structural, 

and geometrical changes such as enlargement of the RV also occur as the disease progresses. Left 

ventricular assist devices (LVAD) have been successfully used in the past to treat patients who 

have left heart failure. Recently, right ventricular assist device (RVAD) has been proposed as a 

treatment for PAH patients to unload the RV. Because the RV is different from the LV in terms of 

its structure, geometry and operation, the effects of RVAD on RV may be different from that of 

LVAD on the LV. Few studies, however, have investigated the effects of RVAD and all 

computational studies have neglected the effect of RVAD on the ventricular mechanics.  

 To address these limitations, we present a computational framework consisting of a patient-

specific biventricular finite element (FE) model that is coupled to a lumped parameter model 

describing both the pulmonary and systemic circulations in a closed-loop system. The biventricular 

FE model was reconstructed from magnetic resonance (MR) images and the computational 

framework was calibrated against measurements of the pressure and volume waveforms acquired 

from two PAH patients with different stages of remodeling as well as a normal subject. An RVAD 
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model based on a realistic pump characteristic was also incorporated into the calibrated 

computational framework to investigate its effects on ventricular stresses and deformation in the 

patients. The framework described here lays the foundation for subsequent development of patient-

specific computational heart models to elucidate the complex ventricular interdependence53 and 

pulmonic-systemic interactions associated with PAH and its treatments. This work has been 

accepted in the journal mechanics research communications.  

4.2 Methods 

4.2.1 Image and data acquisition 

Cine MR images from one normal human subject and two PAH patients were acquired using a 3T 

Philips scanner. The characteristics of these 3 patients are given in Table 4.1. Among the two PAH 

patients, the RV of one patient underwent severe remodeling, which was evident from the large 

RV end-diastolic volume (EDV) to LV EDV ratio7. We denote this patient as PAHR in this study. 

The second PAH patient had RV chamber size and RV EDV to LV EDV ratio close to that found 

in the normal subject. We denote this patient as PAHN. Right heart catheterization (RHC) was 

performed on the PAH patients to acquire the left and right ventricular, atrial and arterial pressure. 

All enrolled participants gave their written consent and all data were acquired in the National Heart 

Center of Singapore.  

 We segment the LV endocardial, RV endocardial and epicardial surfaces at different time 

points in the cardiac cycle from the short and long-axis views of the cine MR images of the PAH 

patients and normal subject using the medical image analysis software MeVisLab 

(http://www.mevislab.de)174. Patient-specific LV and RV cavity volume waveforms over a cardiac 

cycle were obtained from these surfaces.  As in a previous study, these volume vs. time curves  

http://www.mevislab.de/
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Table 4.1. Characteristics of the normal and PAH patients 

 Normal PAHR PAHN 

HR, bpm 75 58 76 

LV EDV, ml 83 84 84 

LV ESV, ml 27 31 32 

LV EF, % 67 63 62 

MAP, mmHg - 100 99.7 

RV EDV, ml 102 147 79 

RV ESV, ml 42 92 39 

RV EF, % 59 37 51 

RVEDV/LVEDV 1.2 1.75 0.95 

mPAP, mmHg - 47.7 32.3 
aMAP (mean arterial pressure) and mPAP (mean pulmonary artery pressure) were calculated by 

the formula (systolic pressure + 2*diastolic pressure)/3. bHR: heart rate; LV: left ventricle; RV 

right ventricle; EDV: end-diastolic volume; ESV: end-systolic volume; EF: ejection fraction; 

PAHR: PAH with remodeling (RVEDV/LVEDV >1.5); PAHN: PAH with normal 

RVEDV/LVEDV  

were synchronized with the pressures measured from RHC in the PAH patients to obtain the LV 

and RV pressure-volume (PV) loops. Because invasive RHC was not performed on the normal 

subject, a normal RV pressure waveform and a scaled LV pressure waveform (with end-systolic 

pressure equal to 0.9 of the measured cuff pressure) were used as surrogate for the normal subject 

and paired with the measured cavity volumes to obtain the LV and RV PV loops174. 

4.2.2 Biventricular geometry and microstructure  

Finite element meshes associated with the biventricular geometry for the three cases (Normal, 

PAHR and PAHN) were generated from the volume enclosed by the segmented epicardial, LV 

endocardial and RV endocardial surfaces at the cardiac time point corresponding to the lowest 

pressure using GMSH47. These meshes served as the unloaded configuration of the biventricular 

unit of the normal subject and PAH patients (Figure 4.1). Approximately 5800 quadratic 

tetrahedral elements and 18000 nodes were used in the FE meshes to discretize the biventricular 

geometries. Using a Laplace-Dirichlet Rule-Based algorithm17, the myofiber helix angle was 

prescribed to vary linearly in the transmural direction across the LV wall from 60° at the 
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endocardium to −60° at the epicardium based on previous experimental measurements153. The RV 

free wall myofiber orientation was assumed to be same due to the lack of experimental 

measurements in humans. 

4.2.3 Closed loop circulatory model 

The biventricular FE models were coupled to a closed loop lumped parameter circulatory model 

that describes both systemic and pulmonary circulations (Figure 4.2A).  The modeling framework 

consists of eight compartments with four cardiovascular components (ventricle, atrium, artery and 

vein) each in the systemic and pulmonary circulation. Conservation of total mass of blood in the 

circulatory model requires the net change of inflow and outflow rates of each compartment be 

related to the rate of change of the volume by the following relation 

𝑑𝑉𝐿𝑉(𝑡)

𝑑𝑡
= 𝑞𝑚𝑣(𝑡) − 𝑞𝑎𝑣(𝑡),                                      (4.1a) 

𝑑𝑉𝑠𝑎(𝑡)

𝑑𝑡
= 𝑞𝑎𝑣(𝑡) − 𝑞𝑠𝑎(𝑡),                                                   (4.1b) 

 

Figure 4.1. Left: Biventricular FE geometry reconstructed from MR images with LVFW (red), 

septum (green), and RVFW (blue) material regions. Right: Unloaded FE geometry of normal, 

PAHN and PAHR cases respectively. 
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Figure 4.2. (A) Schematic of the coupled biventricular FE - closed loop modeling framework, (B) 

pump characteristics curve used to model the RVAD, (C) schematic showing the contours used to 

calculate the septum and LVFW local curvature in the LV endocardium in Cartesian coordinates. 

𝑑𝑉𝑠𝑣(𝑡)

𝑑𝑡
= 𝑞𝑠𝑎(𝑡) − 𝑞𝑠𝑣(𝑡),                                                    (4.1c) 

𝑑𝑉𝑅𝐴(𝑡)

𝑑𝑡
= 𝑞𝑠𝑣(𝑡) − 𝑞𝑡𝑣(𝑡),                                                   (4.1d) 

𝑑𝑉𝑅𝑉(𝑡)

𝑑𝑡
= 𝑞𝑡𝑣(𝑡) − 𝑞𝑝𝑣𝑣(𝑡) − 𝑞𝑅𝑉𝐴𝐷(𝑡),                              (4.1e) 

𝑑𝑉𝑝𝑎(𝑡)

𝑑𝑡
= 𝑞𝑝𝑣𝑣(𝑡) − 𝑞𝑝𝑎(𝑡) + 𝑞𝑅𝑉𝐴𝐷(𝑡)                              (4.1f) 
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𝑑𝑉𝑝𝑣(𝑡)

𝑑𝑡
= 𝑞𝑝𝑎(𝑡) − 𝑞𝑝𝑣(𝑡),                                                   (4.1g) 

𝑑𝑉𝐿𝐴(𝑡)

𝑑𝑡
= 𝑞𝑝𝑣(𝑡) − 𝑞𝑚𝑣(𝑡).                                                 (4.1h) 

In Eqn. (4.1), 𝑉𝐿𝑉, 𝑉𝑠𝑎, 𝑉𝑠𝑣, 𝑉𝑅𝐴, 𝑉𝑅𝑉, 𝑉𝑝𝑎, 𝑉𝑝𝑣 and 𝑉𝐿𝐴 are the volumes of the eight compartments 

with the subscripts denoting the left ventricle (LV), systemic artery (sa), systemic vein (sv), right 

atrium (RA), right ventricle (RV), pulmonary artery (pa), pulmonary vein (pv), and left atrium 

(LA), respectively. Flow rates at different segments of the circulatory model are denoted by 𝑞𝑚𝑣, 

𝑞𝑎𝑣, 𝑞𝑠𝑎, 𝑞𝑠𝑣, 𝑞𝑡𝑣, 𝑞𝑝𝑣𝑣, 𝑞𝑝𝑎 and 𝑞𝑝𝑣 (Figure 4.2A), whereas flow rate of the RVAD is denoted by 

𝑞𝑅𝑉𝐴𝐷. 

 To model the RVAD, we used the pressure gradient – flow characteristics of the SynergyTM 

continuous flow miniature pump (CircuLite Inc, Saddle Brook, NJ) with operating speeds between 

20 to 28krpm (Figure 4.2B). This pump has the characteristics that are well suited for RVAD 

application73 and was applied in a previous study128. Flow through the RVAD was sourced from 

the RV and ejected to the pulmonary artery. For a particular operating speed, the RVAD flow rate 

was determined from the characteristics curve based on the pressure gradient across the pulmonary 

artery and RV i.e.,   

 𝑞𝑅𝑉𝐴𝐷(𝑡) =
−𝐾1[𝑃𝑝𝑎(𝑡)−𝑃𝑅𝑉(𝑡)]+𝐾2

𝑅𝑐𝑎𝑛
 .                                           (4.2) 

In Eqn. (4.2), 𝐾1 and 𝐾2 are constants determined from the RVAD pump characteristics at a 

prescribed operating speed, 𝑃𝑝𝑎 is the pulmonary artery pressure, 𝑃𝑅𝑉 is the RV pressure, and 𝑅𝑐𝑎𝑛 

is the total resistance of the inlet and outlet cannula connecting the pump to the RV and pulmonary 

artery, respectively. On the other hand, the systemic and pulmonary arteries and veins were 
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modelled using their electrical analogs based on Ohm’s law. At each segment, the flowrate 

depends on the pressure gradient and resistance to the flow as described in the following equation 

𝑞𝑚𝑣(𝑡) = {

𝑃𝐿𝐴(𝑡)−𝑃𝐿𝑉(𝑡)

𝑅𝑚𝑣
 𝑤ℎ𝑒𝑛, 𝑃𝐿𝐴(𝑡) ≥ 𝑃𝐿𝑉(𝑡)  

0 𝑤ℎ𝑒𝑛, 𝑃𝐿𝐴(𝑡) < 𝑃𝐿𝑉(𝑡)
,                       (4.3a) 

𝑞𝑎𝑣(𝑡) = {

𝑃𝐿𝑉(𝑡)−𝑃𝑠𝑎(𝑡)

𝑅𝑎𝑣
 𝑤ℎ𝑒𝑛, 𝑃𝐿𝑉(𝑡) ≥ 𝑃𝑠𝑎(𝑡)  

0 𝑤ℎ𝑒𝑛, 𝑃𝐿𝑉(𝑡) < 𝑃𝑠𝑎(𝑡)
,                       (4.3b) 

𝑞𝑠𝑎(𝑡) =
𝑃𝑠𝑎(𝑡)−𝑃𝑠𝑣(𝑡)

𝑅𝑠𝑎
,                                                                       (4.3c) 

𝑞𝑠𝑣(𝑡) =
𝑃𝑠𝑣(𝑡)−𝑃𝑅𝐴(𝑡)

𝑅𝑠𝑣
 ,                                                                     (4.3d) 

𝑞𝑡𝑣(𝑡) = {

𝑃𝑅𝐴(𝑡)−𝑃𝑅𝑉(𝑡)

𝑅𝑡𝑣
 𝑤ℎ𝑒𝑛, 𝑃𝑅𝐴(𝑡) ≥ 𝑃𝑅𝑉(𝑡)  

0 𝑤ℎ𝑒𝑛, 𝑃𝑅𝐴(𝑡) < 𝑃𝑅𝑉(𝑡)
,                       (4.3e) 

𝑞𝑝𝑣𝑣(𝑡) = {

𝑃𝑅𝑉(𝑡)−𝑃𝑝𝑎(𝑡)

𝑅𝑝𝑣𝑣
𝑤ℎ𝑒𝑛, 𝑃𝑅𝑉(𝑡) ≥ 𝑃𝑝𝑎(𝑡)  

0 𝑤ℎ𝑒𝑛, 𝑃𝑅𝑉(𝑡) < 𝑃𝑝𝑎(𝑡)
,                       (4.3f) 

𝑞𝑝𝑎(𝑡) =
𝑃𝑝𝑎(𝑡)−𝑃𝑝𝑣(𝑡)

𝑅𝑝𝑎
,                                                                     (4.3g) 

𝑞𝑝𝑣(𝑡) =
𝑃𝑝𝑣(𝑡)−𝑃𝐿𝐴(𝑡)

𝑅𝑝𝑣
 .                                                                    (4.3h) 

In Eqn. (4.3), 𝑅𝑚𝑣, 𝑅𝑎𝑣, 𝑅𝑡𝑣 and 𝑅𝑝𝑣𝑣 are the resistances associated with the mitral, aortic, tricuspid 

and pulmonary valves, respectively. On the other hand, the vessel resistances are denoted by 𝑅𝑠𝑎, 

𝑅𝑠𝑣, 𝑅𝑝𝑎 and 𝑅𝑝𝑣, respectively. To describe the compliance of the systemic and pulmonary vessels, 

we used the following pressure-volume relationships 
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𝑃𝑠𝑎(𝑡) =
𝑉𝑠𝑎(𝑡)−𝑉𝑠𝑎,0

𝐶𝑠𝑎
 ,                                                           (4.4a) 

𝑃𝑠𝑣(𝑡) =
𝑉𝑠𝑣(𝑡)−𝑉𝑠𝑣,0

𝐶𝑠𝑣
 ,                                                            (4.4b) 

𝑃𝑝𝑎(𝑡) =
𝑉𝑝𝑎(𝑡)−𝑉𝑝𝑎,0

𝐶𝑝𝑎
 ,                                                          (4.4c) 

𝑃𝑝𝑣(𝑡) =
𝑉𝑝𝑣(𝑡)−𝑉𝑝𝑣,0

𝐶𝑝𝑣
 ,                                                           (4.4d) 

where 𝑉𝑠𝑎,0, 𝑉𝑠𝑣,0, 𝑉𝑝𝑎,0, and 𝑉𝑝𝑣,0 are the resting volumes of the systemic and pulmonary vessels,  

and 𝐶𝑠𝑎, 𝐶𝑠𝑣, 𝐶𝑝𝑎, and 𝐶𝑝𝑣 are their corresponding total compliance.  

 Contraction of the LA and RA was modeled using a time varying elastance function that is 

given by the following pressure – volume relations  

𝑃𝑘(𝑡)  =  𝑒(𝑡)𝑃𝑒𝑠,𝑘(𝑉𝑘(t))  +  (1 − 𝑒(𝑡)) 𝑃𝑒𝑑,𝑘(𝑉k(t)),              (4.5a) 

where,                                                                                                                    

𝑃𝑒𝑠,𝑘(𝑉𝑘(t))  =  𝐸𝑒𝑠,𝑘(𝑉𝑘(t) − 𝑉0,𝑘),                                            (4.5b) 

𝑃𝑒𝑑,𝑘(𝑉𝑘(t))  =  𝐴𝑘 (𝑒
𝐵𝑘(𝑉𝑘(t)−𝑉0,𝑘) − 1).                                    (4.5c) 

In Eqn. (4.5), the subscript k denotes either LA or RA. The volume, end-systolic elastance, and 

volume-intercept of the end-systolic pressure-volume relationship (ESPVR) of the corresponding 

atrium are denoted by 𝑉𝑘,  𝐸𝑒𝑠,𝑘 and 𝑉0,𝑘, respectively. The parameters 𝐴𝑘 and 𝐵𝑘 define the atrium 

curvilinear end-diastolic pressure volume relationship (EDPVR) and the driving function is 

defined as 
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𝑒(𝑡) = {

1

2
(sin [(

𝜋

𝑡𝑚𝑎𝑥
) 𝑡 –

𝜋

2
] +  1) ;   0 <  𝑡 ≤  3/2 𝑡𝑚𝑎𝑥

1

2
 𝑒−(𝑡−3 2𝑡𝑚𝑎𝑥⁄ ) 𝜏⁄ ;   𝑡 > 3/2 𝑡𝑚𝑎𝑥,

,                             (4.6) 

where 𝑡𝑚𝑎𝑥 is the point of maximal chamber elastance and 𝜏 is the time constant of relaxation. 

 Last, the relationships between pressure and volume of the LV and RV were computed 

from the biventricular FE model (see next section), which can be expressed as a non-closed form 

function i.e., 

𝑃𝑅𝑉(𝑡), 𝑃𝐿𝑉(𝑡) =  𝑓
𝐵𝑖𝑉(𝑉𝐿𝑉(𝑡), 𝑉𝑅𝑉(𝑡)).                                     (4.7) 

4.2.4 Finite element formulation 

The weak form associated with the biventricular FE model was derived based on minimization of 

the following Lagrangian functional 

ℒ(𝒖, 𝑝, 𝑃𝐿𝑉 , 𝑃𝑅𝑉 , 𝒄1, 𝒄2) = ∫ 𝑊(𝒖)𝑑𝑉 − ∫ 𝑝(𝐽 − 1)𝑑𝑉
Ω0Ω0

− 𝑃𝐿𝑉(𝑉𝐿𝑉,cav(𝒖) − 𝑉𝐿𝑉) +

𝑃𝑅𝑉(𝑉𝑅𝑉,cav(𝒖) − 𝑉𝑅𝑉) − 𝒄1 ∙ ∫ 𝒖 𝑑𝑉
Ω0

− 𝒄2 ∙ ∫ 𝑿 × 𝒖 𝑑𝑉
Ω0

,                                               (4.8) 

where Ω0 is the reference configuration of the biventricular unit,  𝒖 is the displacement field, 𝑃𝐿𝑉 

and  𝑃𝑅𝑉 are, respectively, the Lagrange multipliers that constrain the LV cavity volume 

𝑉𝐿𝑉,cav(𝒖) to a prescribed value 𝑉𝐿𝑉 and the RV cavity volume 𝑉𝑅𝑉,cav(𝒖) to a prescribed 

value 𝑉𝑅𝑉
124. We note that 𝑉𝐿𝑉 and 𝑉𝑅𝑉 are prescribed from the closed-loop circulatory model in 

Eqn. (4.7).  The Lagrange multiplier 𝑝 was used to enforce incompressibility of the tissue (i.e., 

Jacobian of the deformation gradient tensor 𝐽 = 1). The vectors 𝒄1 and 𝒄2 are Lagrange multipliers 

applied to constrain, respectively, the rigid body translation (i.e., zero mean translation) and 

rotation (i.e., zero mean rotation)125. In Eqn. (4.8), 𝑿 denotes a material point in  Ω0 and 𝑊 is the 
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strain energy function of the myocardial tissue. The cavity volume of the LV and RV were obtained 

from the displacement field by using the following functional relationship (k = LV or RV) 

𝑉𝑘,cav(𝒖) =  ∫ 𝑑𝑣𝑘Ω𝑖𝑛𝑛𝑒𝑟,𝑘
= −

1

3
∫ 𝒙. 𝒏 𝑑𝑎𝑘Γ𝑖𝑛𝑛𝑒𝑟,𝑘

 ,                              (4.9) 

where Ω𝑖𝑛𝑛𝑒𝑟,𝑘 is the volume enclosed by the inner surface Γ𝑖𝑛𝑛𝑒𝑟,𝑘 of the LV or RV, and 𝒏  denotes 

the outward unit normal vector of those surfaces. Taking the first variation of the Lagrangian 

functional given in Eqn. (4.8) leads to 

𝛿ℒ(𝒖, 𝑝, 𝑃𝐿𝑉,cav, 𝑃𝑅𝑉,cav, 𝒄1, 𝒄2) = ∫ (𝑷 − 𝑝𝑭−𝑻): ∇𝛿𝒖 𝑑𝑉
Ω0

− ∫ 𝛿𝑝(𝐽 − 1)𝑑𝑉
Ω0

− (𝑃𝐿𝑉,cav +

𝑃𝑅𝑉,cav) ∫ 𝑐𝑜𝑓(𝑭): ∇𝛿𝒖 𝑑𝑉 
Ω0

− 𝛿𝑃𝐿𝑉,cav(𝑉𝐿𝑉,cav(𝒖) − 𝑉𝐿𝑉) − 𝛿𝑃𝑅𝑉,cav(𝑉𝑅𝑉,cav(𝒖) − 𝑉𝑅𝑉) −

𝛿𝒄1 ∙ ∫ 𝒖 𝑑𝑉
Ω0

− 𝛿𝒄2 ∙ ∫ 𝑿 × 𝒖 𝑑𝑉
Ω0

− 𝒄1 ∙ ∫ 𝛿𝒖 𝑑𝑉
Ω0

− 𝒄2 ∙ ∫ 𝑿 × 𝛿𝒖 𝑑𝑉
Ω0

.                      (4.10) 

In Eqn. (4.10), 𝑷 is the first Piola Kirchhoff stress tensor and 𝑭 is the deformation gradient tensor. 

The variations of the displacement field, Lagrange multiplier for enforcing incompressibility and 

volume constraint, zero mean translation and rotation are denoted by 𝛿𝒖, 𝛿𝑝, 𝛿𝑃𝐿𝑉,cav, 𝛿𝑃𝑅𝑉,cav, 

𝛿𝒄1, and 𝛿𝒄2, respectively. Together with the constraint that the basal deformation at 𝑧 = 0 is in-

plane in the biventricular unit, the solution of the Euler-Lagrange problem was obtained by finding 

𝒖 ∈ 𝐻1(Ω0), 𝑝 ∈ 𝐿
2(Ω0), 𝑃𝐿𝑉,cav ∈  ℝ, 𝑃𝑅𝑉,cav ∈  ℝ, 𝒄1 ∈  ℝ

𝟑, 𝒄2 ∈  ℝ
𝟑 that satisfies 

𝛿ℒ(𝒖, 𝑝, 𝑃𝐿𝑉,cav, 𝑃𝑅𝑉,cav, 𝒄1, 𝒄2) = 0,         (4.11a)                

 𝒖(𝑥, 𝑦, 0). 𝒏|𝑏𝑎𝑠𝑒 = 0,                                                      (4.11b) 

for all 𝛿𝒖 ∈ 𝐻1(Ω0), 𝛿𝑝 ∈ 𝐿
2(Ω0), 𝛿𝑃𝐿𝑉,cav ∈  ℝ, 𝛿𝑃𝑅𝑉,cav ∈  ℝ, 𝛿𝒄1 ∈  ℝ

𝟑, 𝛿𝒄2 ∈  ℝ
𝟑. 
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4.2.5 Mechanical behavior of the cardiac tissue 

Mechanical behavior of the myocardial tissue was described by an active stress formulation in 

which the first Piola stress tensor 𝑷 in Eqn. (4.10) was additively decomposed into a passive and 

an active component, i.e. 

𝑷 = 𝑷𝒑 + 𝑃𝑎 𝒆𝒇⊗𝒆𝒇𝟎 .                                                       (4.12) 

In Eqn. (4.12), 𝑷𝒑 is the passive stress tensor, 𝑃𝑎 is the magnitude of the active stress, whereas 𝒆𝒇 

and 𝒆𝒇𝟎 are the local basis vectors that define the cardiac muscle fiber directions in the current and 

reference configuration, respectively. The passive stress tensor 𝑷𝒑 is related to the strain energy 

function 𝑊𝑝 and deformation gradient tensor 𝑭 by 

𝑷𝒑 =
𝑑𝑊𝑝

𝑑𝑭
 .                                                                           (4.13) 

A Fung-type transversely-isotropic hyperelastic strain energy function 57  

𝑊𝑝 = 
1

2
𝐶(𝑒𝑄 − 1),                                                            (4.14a) 

with 

𝑄 = 𝑏𝑓𝑓𝐸𝑓𝑓
2 + 𝑏𝑥𝑥(𝐸𝑠𝑠

2 + 𝐸𝑛𝑛
2 + 𝐸𝑠𝑛

2 + 𝐸𝑛𝑠
2 ) + 𝑏𝑓𝑥(𝐸𝑓𝑛

2 + 𝐸𝑛𝑓
2 + 𝐸𝑓𝑠

2 + 𝐸𝑠𝑓
2 ).                      (4.14b) 

was prescribed. In Eqn. (4.14b), Eij with (i, j) ∈ (f, s, n) denote the components of the Green-

Lagrange strain tensor 𝑬 =
𝟏

𝟐
(𝑭𝑻𝑭 − 𝑰) with f, s, n denoting the myofiber, sheet and sheet normal 

directions, respectively. Material parameters of the Fung-type constitutive model are C, bff, bxx and 

bfx.  
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 To describe the active stress behavior, a previously developed active contraction model80 

was used. The magnitude of the active stress 𝑃𝑎 was described by 

𝑃𝑎 =
𝑙𝑠

𝑙𝑠0
𝑓𝑖𝑠𝑜(𝑙𝑐)𝑓

𝑡𝑤𝑖𝑡𝑐ℎ(𝑡, 𝑙𝑠)(𝑙𝑠 − 𝑙𝑐)𝐸𝑎,                           (4.15) 

where 𝑙𝑠 is the sarcomere length, 𝑙𝑐 is the length of the contractile element, 𝑙𝑠0 is the sarcomere 

length in a prescribed reference state (relaxed sarcomere length), and 𝐸𝑎 is the stiffness of the 

serial elastic element. The function 𝑓𝑖𝑠𝑜(𝑙𝑐) denotes the dependency of the isometrically developed 

active stress on 𝑙𝑐 and is given by 

𝑓𝑖𝑠𝑜(𝑙𝑐) = {
𝑇0 tanh

2[𝑎6(𝑙𝑐 − 𝑎7)]  when, 𝑙𝑐 < 𝑎7  
0 when, 𝑙𝑐 > 𝑎7

,       (4.16) 

where 𝑇0 is a model parameter that scales the active tension. Both 𝑎6 and 𝑎7 are model parameters. 

The time course of the active tension development is controlled by 

𝑓𝑡𝑤𝑖𝑡𝑐ℎ(𝑡, 𝑙𝑠) = {

0                             when, 𝑡 < 0

tanh2(
𝑡

𝑡𝑟
) tanh2(

𝑡𝑚𝑎𝑥−𝑡

𝑡𝑑
)    when, 0 < 𝑡 < 𝑡𝑚𝑎𝑥

 0                             when, 𝑡 > 0 ,

            (4.17a) 

𝑡𝑚𝑎𝑥 = 𝑏(𝑙𝑠 − 𝑙𝑑).                                                             (4.17b) 

In Eqn. (4.17), 𝑡𝑟 is the activation rise time constant, 𝑡𝑑 is the activation decay time constant, b 

relates activation duration 𝑡𝑚𝑎𝑥 to the sarcomere length 𝑙𝑠, and 𝑙𝑑 is the sarcomere length at the 

start of the activation time, i.e., when 𝑡𝑚𝑎𝑥 = 0. The time course of the contractile element 𝑙𝑐 was 

expressed by an ordinary differential equation 

𝜕𝑙𝑐

𝜕𝑡
= [𝐸𝑎(𝑙𝑠 − 𝑙𝑐) − 1]𝑣0,                                                   (4.18) 
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where 𝑣0 is the unloaded shortening velocity. The sarcomere length 𝑙𝑠 was calculated from the 

myofiber stretch 𝜆 and the relaxed sarcomere length 𝑙𝑠0 by 

𝜆 = √𝐞𝑓0 ∙ 𝑭
𝑻𝑭𝐞𝑓0  ,                                                            (4.19a) 

𝑙𝑠 =  𝜆𝑙𝑠0.                                                                           (4.19b) 

4.2.6 Model parameterization and simulation of the cardiac cycles 

In the 3 cases, the biventricular FE models were divided into three material regions, namely the 

LV free wall (LVFW), the septum and the RV free wall (RVFW). Similar to a previous study40, 

passive stiffness C and contractility T0 were prescribed to be the same in the LVFW and septum 

(denoted as CLV and T0,LV) but had different values in the RVFW (denoted as CRV and T0,RV). For 

each FE models, the parameters were adjusted to fit the experimentally measured LV and RV PV 

loops, volume and pressure waveforms throughout the cardiac cycle. Specifically, the LV and RV 

end diastolic pressures were matched by adjusting the passive parameters CLV and CRV. The 

regional contractility parameters (T0,LV , T0,RV) were adjusted to match the LV and RV systolic 

pressures and stroke volumes. On the other hand, the contraction model parameters 𝑡𝑟, 𝑡𝑑  and b 

were adjusted to match the time course of the volume and pressure waveforms measured in the LV 

and RV. Circulatory model parameters (resistances and compliances) were also adjusted to match 

the systolic pressure (afterload), preload and systemic and pulmonary vein pressures. All the model 

parameters are listed in Table 4.2. The model is implemented using FEnICS6 and the code is 

publicly available (https://bitbucket.org/shaviksh/biv_rvad/src/master/).  

Steady-state pressure-volume loop was established by running the simulation over several cardiac 

cycles. The cardiac cycle time was prescribed based on the measured heart rate in each of the cases.  

https://bitbucket.org/shaviksh/biv_rvad/src/master/
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Table 4.2. Model parameters for Normal and PAH cases. 

 Normal PAHR PAHN 

Passive 

material 

model 

𝐶𝐿𝑉 = 0.1Pa, 𝐶𝑅𝑉 = 1.0Pa 𝐶𝐿𝑉 = 4.0Pa, 𝐶𝑅𝑉 = 30Pa 𝐶𝐿𝑉 = 7Pa, 𝐶𝑅𝑉 = 57Pa 

Active 

contraction 

model 

𝑇0,𝐿𝑉 = 800kPa, 𝑇0,𝑅𝑉 = 

195kPa, 𝑡𝑟= 310ms, 𝑡𝑑 = 

150ms, b = 0.22ms.µm-1 

𝑇0,𝐿𝑉 = 500kPa, 𝑇0,𝑅𝑉 = 

220kPa, 𝑡𝑟  = 320ms, 𝑡𝑑 = 

100ms, b = 0.24ms.µm-1 

𝑇0,𝐿𝑉 = 650kPa, 𝑇0,𝑅𝑉 = 

430kPa, 𝑡𝑟 = 320ms, 𝑡𝑑 

= 100ms, b = 

0.24ms.µm-1 

Circulatory 

model 

𝐶𝑠𝑎 = 0.005Pa.ml, 𝐶𝑝𝑎 = 

0.2Pa.ml, 𝐶𝑠𝑣 = 

0.3Pa.ml, 𝐶𝑝𝑣 = 

0.09Pa.ml, 𝑅𝑠𝑎 = 

132kPa.ms.ml-1,  𝑅𝑝𝑎 = 

7kPa.ms.ml-1, 𝑅𝑠𝑣 = 𝑅𝑝𝑣 

=2kPa.ms.ml-1, 𝑅𝑎𝑣 =  

3kPa.ms.ml-1, 𝑅𝑚𝑣 =  

0.9kPa.ms.ml-1, 𝑅𝑡𝑣 =  

0.4kPa.ms.ml-1, 𝑅𝑝𝑣𝑣 =  

2kPa.ms.ml-1,  𝑉𝑠𝑎,0 = 

610ml, 𝑉𝑝𝑎,0 = 50ml, 

𝑉𝑠𝑣,0 = 3315ml, 𝑉𝑝𝑣,0 = 

400ml 

𝐶𝑠𝑎 = 0.0055Pa.ml, 𝐶𝑝𝑎 = 

0.006Pa.ml, 𝐶𝑠𝑣 = 

0.3Pa.ml, 𝐶𝑝𝑣 = 

0.09Pa.ml, 𝑅𝑠𝑎 = 

265kPa.ms.ml-1,  𝑅𝑝𝑎 = 

115kPa.ms.ml-1, 𝑅𝑠𝑣 = 

𝑅𝑝𝑣 =2kPa.ms.ml-1, 𝑅𝑎𝑣 

=  3kPa.ms.ml-1, 𝑅𝑚𝑣 =  

0.9kPa.ms.ml-1, 𝑅𝑡𝑣 =  

0.4kPa.ms.ml-1, 𝑅𝑝𝑣𝑣 =  

2kPa.ms.ml-1,  𝑉𝑠𝑎,0 = 

610ml, 𝑉𝑝𝑎,0 = 400ml, 

𝑉𝑠𝑣,0 = 3335ml, 𝑉𝑝𝑣,0 = 

415ml 

𝐶𝑠𝑎 = 0.0053Pa.ml, 𝐶𝑝𝑎 

= 0.0055Pa.ml, 𝐶𝑠𝑣 = 

0.3Pa.ml, 𝐶𝑝𝑣 = 

0.09Pa.ml, 𝑅𝑠𝑎 = 

206kPa.ms.ml-1,  𝑅𝑝𝑎 = 

82kPa.ms.ml-1, 𝑅𝑠𝑣 = 

𝑅𝑝𝑣 =2kPa.ms.ml-1, 𝑅𝑎𝑣 

=  3kPa.ms.ml-1, 𝑅𝑚𝑣 =  

0.9kPa.ms.ml-1, 𝑅𝑡𝑣 =  

0.4kPa.ms.ml-1, 𝑅𝑝𝑣𝑣 =  

2kPa.ms.ml-1,  𝑉𝑠𝑎,0 = 

590ml, 𝑉𝑝𝑎,0 = 425ml, 

𝑉𝑠𝑣,0 = 3550ml, 𝑉𝑝𝑣,0 = 

280ml 

Specifically, a cycle time of 800ms (equivalent to 75 bpm), 1030ms (equivalent to 58 bpm) and 

790ms (equivalent to 76 bpm) was prescribed in the simulations for the normal subject, PAHR and 

PAHN, respectively. 

4.2.7 Post processing of septum curvature 

Regional curvature 𝜅 of the LVFW and septum was computed at each time point of the cardiac 

cycle by first fitting a curve to the 2D slice of the LV endocardial surface taken at the mid-

ventricular level (halfway between the apex and the base) of the deformed mesh (Fig. 4.2C). Based 

on the fitted plane curve 𝑦 = 𝑓(𝑥) in the Cartesian coordinate system, the local curvature was then 

computed by 
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𝜅 =  
|𝑦′′|

(1+𝑦′
2
)3/2

                                                                      (4.20) 

where 𝑦′ and 𝑦′′ are the 1st and 2nd derivative of the function 𝑦 = 𝑓(𝑥). 

4.3 Results 

4.3.1 Comparison between simulations and measurements 

The PV loops, volume and pressure waveforms of the LV and RV predicted by the model were 

closely matched with the measured data for the normal subject as well as the PAH patients (Figure 

4.3). Specifically, the coefficient of determination 𝑅2 associated with the fitting of volume and 

pressure at all cardiac time points are 0.983 and 0.978, respectively (Figure 4.3A). Compared to 

the normal subject, the peak RV pressure was 2.5 times higher in the PAHR case (76 mmHg vs. 

30 mmHg) and 1.8 times higher in the PAHN case (55 mmHg vs. 30 mmHg). The peak LV 

pressure was also increased slightly in the PAH patients compared to the normal (133 mmHg in 

PAHR and 137 mmHg in PAHN vs. 124 mmHg in normal). The LV end-diastolic and end-systolic 

volumes (EDV and ESV) were comparable between the normal and PAH cases, resulting in a large 

ejection fraction (EF) for all the cases (63% in PAHR and 62% in PAHN vs. 67% in normal). 

However, the PAHR case had significantly larger RV EDV (147 ml vs. 102 ml) and RV ESV (92 

ml vs. 42 ml) compared to normal (and PAHN), which resulted in a substantially lower RV EF 

(37% vs. 59%). On the other hand, PAHN had slightly lower RV EDV (79 ml vs. 102 ml) and 

slightly larger RV ESV (39 ml vs. 42 ml) than the normal, which also resulted in a lower RV EF 

(51% vs. 59%). 
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Figure 4.3. (A) Scatter plot of the simulated vs. measured volume (left) and pressure (right) at all 

cardiac time points for the three cases. A y = x line is also plotted to show the zero-error reference. 

(B) Measurements and model predictions of LV and RV PV loops (first row), volume waveforms 

(2nd row) and pressure waveforms (3rd row) for the normal, PAH patient with severe RV 

remodeling (PAHR) and PAH patient with normal RV (PAHN). 
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4.3.2 Effect of RVAD on hemodynamics  

Implantation of RVAD in the PAH patients produced a triangular shaped RV PV loop without any 

isovolumic (contraction and relaxation) phases as well as a lower RV EDV and RV ESV compared 

to the baseline (no RVAD) (Figure 4.4A). With increasing RVAD speed, both RV EDV and RV 

ESV decreased progressively, with the PAHR case undergoing a larger decrease compared to the 

PAHN case. At the highest RVAD speed of 28 krpm, RV EDV was reduced by 18% and 11%, 

respectively, in the PAHR case (121 ml vs. 147 ml at baseline) and the PAHN case (70 ml vs. 79 

ml at baseline). In the PAHR case, the RV peak pressure decreased moderately with increasing 

RVAD speed whereas it increased slightly in the PAHN case when RVAD speed was increased. 

Both LV EDV and peak pressure (Figure 4.4B) increased with RVAD speed for both PAH cases, 

and the increase was more evident in the PAHR case compared to the PAHN case. Cardiac output 

(CO) steadily improved for PAHR with RVAD flow reaching to 3.33 L/min. at 28krpm compared 

to 3.09 L/min. at baseline (no RVAD). In contrast, CO remained fairly constant at different RVAD 

operating speed up to 28 krpm in the PAHN case.  

In terms of arterial hemodynamics, both PA diastolic and mean pressures (Figure 4.4C) 

increased with increasing RVAD speed. Specifically, at an RVAD speed of 28 krpm, the PA 

diastolic pressure increased by 69% (58.4 mmHg vs. 34.5 mmHg) and the mean PA pressure 

increased by 32% (63.3 mmHg vs. 48 mmHg) compared to baseline (no RVAD) in the PAHR 

case. The increase is more in the PAHN case at the same operating speed, where the PA diastolic 

pressure increased by 88% (41.4 mmHg vs. 22 mmHg) and mean PA pressure increased by 42% 

(46.6 mmHg vs. 32.8 mmHg). In addition, the RA pressure decreased by 40% (4.8 mmHg vs. 8 

mmHg) for PAHR compared to baseline (no RVAD) at 28krpm, whereas, for PAHN case it  
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Fig. 4.4. (A) RV, (B) LV PV loops. (C) RV, PA and RA pressure waveforms. (D) LV, SA and LA 

pressure waveforms for the PAHR and PAHN cases with different RVAD speed. Scattered points 

show the measurements. 
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decreased by only 20% (5.6 mmHg vs. 7mmHg) at the same RVAD speed. Compared to PA 

pressure, the change in aortic pressure was very small in both cases (Figure 4.4D). 

4.3.3 Effect of RVAD on septum curvature 

The septum has substantially lower curvature 𝜅 in the PAH cases compared to that in the normal 

case (Figure 4.5A). Septum curvature in the PAH patients was also lower compared to the LVFW 

curvature, which is opposite of what is found in the normal subject. The PAHR case with severely 

dilated RV had the lowest LVFW and septum curvatures. To eliminate the size effect, we also 

computed the normalized septum curvature by dividing the septum curvature with that average 

curvature over the entire LV (Figure 4.5B). We found that the PAH patients had lower normalized 

septum curvature over all cardiac time points. Implantation of the RVAD, on the other hand, 

increased the septum curvature for both PAH patients, particularly during the filling (diastolic) 

phase (Figure 4.5B). The overall increase in the septum curvature is evident in the mid-ventricular 

short-axis slices taken from the PAHR and PAHN cases (Figure 4.5C), revealing that the septum 

moved towards the RV when RVAD was operated at 28krpm. 

4.3.4 Effect of RVAD on myofiber stress 

Average myofiber stresses in the LVFW, septum and RVFW were higher in both PAH cases 

compared to the normal (Figure 4.6). Peak fiber stresses (over a cardiac cycle) were highest in the 

PAHR case in all 3 regions (values given in the figure insets). Implantation of RVAD reduced only 

the myofiber stress at the RVFW in the PAHR case. At an RVAD speed of 28krpm, the peak 

myofiber stress was reduced by 12% in the RVFW (86.3 vs 98 kPa in the baseline). In the PAHN 

case, the average LVFW, septum and RVFW myofiber stresses all remained relatively unchanged 

with RVAD. 
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Figure 4.5. (A) LVFW, septum and LV curvature for normal, PAHR and PAHN cases, (B) 

comparison of the normalized septum curvature between normal, PAHR and PAHN cases (left), 

normalized septum curvature for PAHR (middle) and PAHN (right) cases with different RVAD 

speeds, (C) mid-ventricular short-axis slice of the PAHR (left) and PAHN (right) cases showing 

the motion of septal wall with RVAD over a cardiac cycle. 



 75 

 

Figure 4.6. Average LVFW (left), Septum (middle) and RVFW (right) fiber stress (A) in the 

normal, PAHR and PAHN. (B) PAHR case with different RVAD speed. (C) PAHN case with 

different RVAD speed. (D) Myofiber stress shown by color map in long-axis slices at mid-

ventricular level in Normal, PAHR and PAHN cases at end-systole. 

4.4 Discussion   

We have developed a computational framework that couples an image-based biventricular FE 

model to a lumped parameter representation of the pulmonary and systemic circulations in a 

closed-loop system. Based on biventricular geometries that were reconstructed from the MR 

images of two PAH patients and a normal subject, the computational framework was calibrated 
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and matched well with the corresponding patient-specific measurements of 1) PV loops, 2) LV 

and RV volume waveforms and, 3) LV and RV pressure waveforms. The calibrated computational 

framework was used to simulate the effects of RVAD on the hemodynamics and ventricular 

mechanics of the two PAH patients, with different degree of RV remodeling. The major findings 

of this study suggest that 1) the effects of RVAD depend on the degree of RV remodeling in PAH 

and 2) the improvement in RV mechanics and septal curvature by RVAD are accompanied by 

alterations in arterial hemodynamics that may be detrimental. 

The modeling results show that the spatially-averaged stresses in the LVFW, septum and 

RVFW are all increased in both PAH cases compared to normal subject, with the largest increase 

of ~190% found in the RVFW of the PAHR case (i.e., PAH patient with severe RV remodeling). 

Similar results showing that LVFW stress is increased in PAH are also found in a previous study174. 

Abnormalities in the septal wall motion was also found in the PAH cases, which are manifested as 

a bulging movement of the septum wall towards the LV (i.e., left ventricular septal bow) that is a 

well-known feature of this disease111. As a result, septum curvature computed at the mid-

ventricular level are substantially lower in the PAH cases compared to the normal case, indicative 

that the septum in these cases are more “flattened”.  

The effects of RVAD on the two PAH cases can be different or similar depending on the 

quantity of interest. In terms of similar features, the models show that RVAD 1) reduces both RV 

EDV and RV ESV, 2) improves CO, 3) decreases RA pressure and 4) increases the septum 

curvature during the filling phase of the cardiac cycle in both PAHN and PAHR cases, all with 

greater effects found in the latter case. In terms of difference, we found that RVAD produces 1) a 

slight increase in the RV peak pressure in the PAHN case but a small reduction in that in the PAHR 

case, and 2) only a reduction in the RVFW myofiber stress in the PAHR case by about 12% at an 
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operating speed of 28 krpm and no change in the myofiber stresses in the PAHN case at different 

operating speeds. We note that even with the 12% reduction in RVFW myofiber stress in the 

PAHR case after RVAD implantation, the resultant myofiber stress is still about 153% higher than 

that found in the normal case. Nevertheless, these findings suggest that RVAD may produce more 

benefits when implanted in PAH patients exhibiting severe RV remodeling. 

The positive effects of RVAD as described above, however, are compromised by an 

increase in the mean and diastolic PA pressure as well as LV EDV, which are all present in the 

two PAH cases. The increase in PA pressure (mean and diastolic) is, however, more prominent in 

the PAHN case. Specifically, the increase in PA pressure can severely damage the pulmonary 

vasculature, which can produce pulmonary hemorrhage or pulmonary edema136. These findings 

are consistent with previous case reports55,130 and a study based on lumped parameter circulatory 

model128, which all reported an increase in the mean and diastolic PA pressures with RVAD 

implantation in PAH patients. 

Taken together, our finding that the effects of RVAD on hemodynamics and ventricular 

mechanics are not the same in PAH patients with different degree of remodeling suggests that the 

decision concerning the implantation of this device and its operation may need to be determined 

and optimized individually for each patient depending on disease progression. Moreover, the 

beneficial effects of RVAD (e.g., reduction of RV myofiber stress in PAH patients with severe RV 

remodeling) may also need to be balanced against its adverse effects on arterial hemodynamics. 

Indeed, while RVAD has been implanted in patients who have right heart failure caused by RV 

infarction or LV assist device (LVAD) implantation43,75,91,97,115, this device has not been used in 

PAH patients due to the high risk of pulmonary hemorrhage resulting from high RVAD flow. This 

is especially because the pump used in RVAD is generally designed to support the LV with higher 
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flow even though newer pump design with lower flow rate73 and partial-assist pumps50 have been 

recently proposed to assist the RV in providing sufficient flow for circulation without damaging 

the pulmonary vasculature. 

As shown in this study, the image-based computational framework can help evaluate 

patient-specific effects of PAH and RVAD implantation not only on ventricular hemodynamics, 

deformation and myofiber stresses but also on arterial hemodynamics and wall stresses when 

coupled with a FE model of the vasculature as we have done previously143. Previous computational 

heart models13,51,174 developed to investigate PAH in humans do not consider the bi-directional 

coupling between the heart and both the pulmonary and systemic circulation. On the other hand, a 

computational study that investigate the effects of RVAD in PAH patients128 is based entirely on 

a lumped parameter modeling framework, which cannot be used to evaluate regional ventricular 

stresses and deformation (e.g., septal curvature). The image-based computational framework 

presented here, which couples patient-specific biventricular FE model with a closed-loop 

pulmonary and systemic circulatory model, overcomes all these limitations and enables us to 

assess the effects of remodeling in PAH and different RVAD operating speed on regional myofiber 

stresses, biventricular deformation and hemodynamics. The computational framework can be 

extended in future to include a FE model of the pulmonary vasculature to develop more insights 

in PAH, particularly, in understanding the complex ventricular interdependence and ventricular-

vascular coupling associated with this disease. 

4.4.1 Limitations 

There are some limitations associated with this study. First, the zero-stress unloaded biventricular 

geometry was reconstructed from the MR images corresponding to the lowest pressure in diastole. 

While previous studies have either assumed the unloaded geometry to correspond to that obtained 
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at end systole167 or mid systole79, or have computed it from the end diastolic geometry using 

unloading algorithms based on some prescribed material properties5,40, there are, unfortunately, no 

general consensus in the literature on what is the best approach to approximate the unloaded 

geometry. Second, we have used a “rule-based” method to prescribe the local myofiber direction, 

which varies transmurally from 60° at the endocardium to −60° at the epicardium in the 

biventricular FE for both the normal subject as well as the PAH patients. Thus, we did not take 

into account possible changes in the myofiber direction during RV remodeling64 that may occur in 

humans. Nevertheless, as we have focused on comparing the effects of RVAD on the overall heart 

function in PAH patients, we do not expect these limitations and assumptions to highly impact the 

findings of our study.  
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CHAPTER 5 

Multi-organ finite element model for simulating ventricular-vascular interaction 

5.1 Introduction 

It is well known that ventricular-arterial interaction plays a very important role in the normal 

functioning of the cardiovascular system. In-depth study of this interaction, however, has been 

limited due to the absence of detailed computational modeling framework that can physiologically 

couple these two organs. Finite element models of the LV have been widely used in the literature 

for years to study its mechanics as well as organ-scale physiological behaviors in the cardiac cycle 

83,101,144,164,174. In these models, the aorta is usually represented within the lumped parameter 

circulatory model by its electrical analog, which cannot separate the effects its geometry, 

microstructure, and constituents’ mechanical behavior have on the LV’s operating behavior in vivo 

and vice versa.  

 To overcome these limitations, we describe here a novel computational framework that is 

capable of coupling high spatial resolution FE models of both the vasculature and the heart to 

describe bidirectional ventricular-arterial coupling in the systemic circulation. Using realistic 

geometries and microstructure of the LV and aorta, we show that the framework is able to 

reproduce features that are consistent with measurements made in both compartments. We also 

performed a parameter study to show how mechanical and geometrical changes in the aorta affect 

the heart function and vice versa. 

Later, the modeling framework is extended to include the pulmonary circulation. The 

image based biventricular model is developed by using high resolution FE models of aorta, 

pulmonary artery and heart which are coupled to lumped parameter circulatory model in both 

pulmonary and systemic circulation. The part of the study is published in frontiers in physiology143. 
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Figure 5.1. (A) Schematic diagram of the ventricular-arterial modeling framework, (B) unloaded 

aorta geometry with ek (k = 1 - 4) showing the directions of the four collagen fiber families, (C) 

unloaded LV geometry with fiber directions varying from 60° at the endocardium to −60° at the 

epicardium wall (all dimensions are in cm). 

5.2 Methods 

5.2.1 Closed-loop systemic circulatory model 

Finite element models of the aorta and LV were coupled via a closed-loop modeling framework 

describing the systemic circulatory system. Other components of the circulatory system were 

modeled using electrical analogs (Figure 5.1A). Mass of blood was conserved by the following 

equations relating the rate of volume change in each storage compartment of the circulatory system 

to the inflow and outflow rates          

𝑑𝑉𝐿𝐴(𝑡)

𝑑𝑡
= 𝑞𝑣𝑒𝑛(𝑡) − 𝑞𝑚𝑣(𝑡) ;                                                       (5.1a) 
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𝑑𝑉𝐿𝑉(𝑡)

𝑑𝑡
= 𝑞𝑚𝑣(𝑡) − 𝑞𝑎𝑜(𝑡) ;                                                        (5.1b) 

𝑑𝑉𝑎𝑟𝑡(𝑡)

𝑑𝑡
= 𝑞𝑎𝑜(𝑡) − 𝑞𝑝𝑒𝑟(𝑡) ;                                                       (5.1c) 

𝑑𝑉𝑣𝑒𝑛(𝑡)

𝑑𝑡
= 𝑞𝑝𝑒𝑟(𝑡) − 𝑞𝑣𝑒𝑛(𝑡),                                                     (5.1d) 

where  𝑉𝐿𝐴, 𝑉𝐿𝑉, 𝑉𝑎𝑟𝑡, and 𝑉𝑣𝑒𝑛 are volumes of each compartment, and  𝑞𝑣𝑒𝑛, 𝑞𝑚𝑣, 𝑞𝑎𝑜, and 𝑞𝑝𝑒𝑟 

are flow rates at different segments (Figure 5.1A). Flowrate at different segments of the circulatory 

model depends on their resistance to flow (𝑅𝑎𝑜, 𝑅𝑝𝑒𝑟, 𝑅𝑣𝑒𝑛, and 𝑅𝑚𝑣) and the pressure difference 

between the connecting storage compartments (i.e., pressure gradient). The flow rates are given 

by 

                 𝑞𝑎𝑜(𝑡) = {

𝑃𝐿𝑉,𝑐𝑎𝑣(𝑡)−𝑃𝑎𝑟𝑡,𝑐𝑎𝑣(𝑡)

𝑅𝑎𝑜
 𝑤ℎ𝑒𝑛, 𝑃𝐿𝑉,𝑐𝑎𝑣(𝑡) ≥ 𝑃𝑎𝑟𝑡,𝑐𝑎𝑣(𝑡)  

0 𝑤ℎ𝑒𝑛, 𝑃𝐿𝑉,𝑐𝑎𝑣(𝑡) < 𝑃𝑎𝑟𝑡,𝑐𝑎𝑣(𝑡)
;         (5.2a) 

                              𝑞𝑝𝑒𝑟(𝑡) =
𝑃𝑎𝑟𝑡,𝑐𝑎𝑣(𝑡)−𝑃𝑣𝑒𝑛(𝑡)

𝑅𝑝𝑒𝑟
;                                                                      (5.2b)      

  𝑞𝑣𝑒𝑛(𝑡) =
𝑃𝑣𝑒𝑛(𝑡)−𝑃𝐿𝐴(𝑡)

𝑅𝑣𝑒𝑛
 ;                                                                      (5.2c) 

     𝑞𝑚𝑣(𝑡) = {

𝑃𝐿𝐴(𝑡)−𝑃𝐿𝑉,𝑐𝑎𝑣(𝑡)

𝑅𝑚𝑣
 𝑤ℎ𝑒𝑛, 𝑃𝐿𝐴(𝑡) ≥ 𝑃𝐿𝑉,𝑐𝑎𝑣(𝑡)  

0 𝑤ℎ𝑒𝑛, 𝑃𝐿𝐴(𝑡) < 𝑃𝐿𝑉,𝑐𝑎𝑣(𝑡)
.                    (5.2d) 

Pressure in each storage compartment is a function of its volume. A simplified pressure volume 

relationship,  

𝑃𝑣𝑒𝑛(𝑡) =
𝑉𝑣𝑒𝑛(𝑡)−𝑉𝑣𝑒𝑛,0

𝐶𝑣𝑒𝑛
 ,                                                               (5.3) 

was prescribed for the veins, where 𝑉𝑣𝑒𝑛,0 is a constant resting volume of the veins and 𝐶𝑣𝑒𝑛 is the 

total compliance of the venous system.  On the other hand, pressure in the left atrium 𝑃𝐿𝐴(𝑡) was 
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prescribed to be a function of its volume 𝑉𝐿𝐴(𝑡) by the following equations that describe its 

contraction using a time-varying elastance function  𝑒(𝑡): 

𝑃𝐿𝐴(𝑡)  =  𝑒(𝑡)𝑃𝑒𝑠,𝐿𝐴(𝑉𝐿𝐴(t))  +  (1 − 𝑒(𝑡)) 𝑃𝑒𝑑,𝐿𝐴(𝑉LA(t))   ,                   (5.4) 

where                                                                                                                    

𝑃𝑒𝑠,𝐿𝐴(𝑉𝐿𝐴(t))  =  𝐸𝑒𝑠,𝐿𝐴(𝑉𝐿𝐴(t) − 𝑉0,𝐿𝐴) ,                                          (5.5a) 

𝑃𝑒𝑑,𝐿𝐴(𝑉𝐿𝐴(t))  =  𝐴𝐿𝐴 (𝑒
𝐵𝐿𝐴(𝑉𝐿𝐴(t)−𝑉0,𝐿𝐴) − 1)  ,                                   (5.5b) 

and,  

𝑒(𝑡) = {

1

2
(sin [(

𝜋

𝑡𝑚𝑎𝑥
) 𝑡 –

𝜋

2
] +  1) ;   0 <  𝑡 ≤  3/2 𝑡𝑚𝑎𝑥

1

2
 𝑒−(𝑡−3 2𝑡𝑚𝑎𝑥⁄ ) 𝜏⁄ ;   𝑡 > 3/2 𝑡𝑚𝑎𝑥

.               (5.5c) 

In Eqs. (5.5a-b), 𝐸𝑒𝑠,𝐿𝐴 is the end-systolic elastance of the left atrium, 𝑉0,𝐿𝐴 is the volume axis 

intercept of the end-systolic pressure volume relationship (ESPVR), and both 𝐴𝐿𝐴 and 𝐵𝐿𝐴 are 

parameters of the end-diastolic pressure volume relationship (EDPVR) of the left atrium. The 

driving function 𝑒(𝑡) is given in Eq. (5c) in which 𝑡𝑚𝑎𝑥 is the point of maximal chamber elastance 

and 𝜏 is the time constant of relaxation. The values of 𝐸𝑒𝑠,𝐿𝐴, 𝑉0,𝐿𝐴, 𝐴𝐿𝐴, 𝐵𝐿𝐴, 𝑡𝑚𝑎𝑥  and 𝜏 are listed 

in Table 5.1. 

Finally, pressure in the other two storage compartments, namely, LV and aorta, depends on their 

corresponding volume through non-closed form functions  

𝑃𝐿𝑉,𝑐𝑎𝑣(𝑡) =  𝑓
𝐿𝑉(𝑉𝐿𝑉(𝑡)) ,                                                               (5.6) 

𝑃𝑎𝑟𝑡,𝑐𝑎𝑣(𝑡) =  𝑓
𝑎𝑟𝑡(𝑉𝑎𝑟𝑡(𝑡)) .                                                            (5.7) 
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Table 5.1. Parameters of time varying elastance model for the left atrium 

Parameter Unit Values 

End-systolic elastance, 𝐸𝑒𝑠,𝐿𝐴 Pa/ml 60 

Volume axis intercept, 𝑉0,𝐿𝐴 ml 10 

Scaling factor for EDPVR, 𝐴𝐿𝐴 Pa 58.67 

Exponent for EDPVR, 𝐵𝐿𝐴 ml-1 0.049 

Time to end-systole, 𝑡𝑚𝑎𝑥 msec 200 

Time constant of relaxation, 𝜏 msec 35 

Table 5.2. Parameters of the closed loop lumped parameter circulatory framework 

Parameter Unit Values 

Aortic valve resistance, 𝑅𝑎𝑜 Pa ms ml-1 2000 

Peripheral resistance, 𝑅𝑝𝑒𝑟 Pa ms ml-1 125000 

Venous resistance, 𝑅𝑣𝑒𝑛 Pa ms ml-1 2000 

Mitral valve resistance, 𝑅𝑚𝑣 Pa ms ml-1 2000 

Venous compliance, 𝐶𝑣𝑒𝑛 ml Pa 0.3 

Resting volume for vein, 𝑉𝑣𝑒𝑛,0 ml 3200 

The functional relationship between pressure and volume in the LV and aorta were obtained using 

the FE method as described in the next section. An explicit time integration scheme was used to 

solve Eq. (5.1). Steady-state pressure-volume loop was established by running the simulation over 

several cardiac cycles, each with a cycle time of 800ms (equivalent to 75 bpm). All the parameter 

values used in the circulatory model are listed in Table 5.2.  

5.2.2 Finite element formulation of the left ventricle and aorta 

Finite element formulation of the other two storage compartments can be generalized from the 

minimization of the following Lagrangian functional with the subscript k = LV denoting the LV 

and k = art denoting the aorta 
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ℒ𝑘(𝒖𝑘, 𝑝𝑘, 𝑃𝑘,cav, 𝒄1,𝑘 , 𝒄2,𝑘) = ∫ 𝑊𝑘(𝒖𝑘)𝑑𝑉 − ∫ 𝑝𝑘(𝐽𝑘 − 1)𝑑𝑉Ω0,𝑘Ω0,𝑘
− 𝑃𝑘,cav(𝑉𝑘,cav(𝒖𝑘) −

𝑉𝑘) − 𝒄1,𝑘 ∙ ∫ 𝒖𝑘 𝑑𝑉Ω0,𝑘
− 𝒄2,𝑘 ∙ ∫ 𝑿𝑘 × 𝒖𝑘 𝑑𝑉Ω0,𝑘

.                                     (5.8) 

In the above equation, 𝒖𝑘 is the displacement field, 𝑃𝑘,cav is the Lagrange multiplier to constrain 

the cavity volume 𝑉𝑘,cav(𝒖𝑘) to a prescribed value 𝑉𝑘
124, 𝑝𝑘 is a Lagrange multiplier to enforce 

incompressibility of the tissue (i.e., Jacobian of the deformation gradient tensor 𝐽𝑘 = 1), and both 

𝒄1,𝑘 and 𝒄2,𝑘 are Lagrange multipliers to constrain rigid body translation (i.e., zero mean 

translation) and rotation (i.e., zero mean rotation) 125. The functional relationship between the 

cavity volumes of the LV and aorta to their respective displacement fields is given by 

𝑉𝑘,cav(𝒖𝑘) =  ∫ 𝑑𝑣
Ω𝑖𝑛𝑛𝑒𝑟

= −
1

3
∫ 𝒙𝒌. 𝒏𝒌 𝑑𝑎Γ𝑖𝑛𝑛𝑒𝑟

 ,                                 (5.9) 

where Ω𝑖𝑛𝑛𝑒𝑟 is the volume enclosed by the inner surface Γ𝑖𝑛𝑛𝑒𝑟 and the basal surface at z = 0, and 

𝒏𝒌  is the outward unit normal vector.  

Pressure-volume relationships of the LV and aorta required in the lumped parameter circulatory 

model (i.e., Eqs. (5.6) and (5.7)) were defined by the solution obtained from minimizing the 

functional. Taking the first variation of the functional in Eq. (5.8) leads to the following expression: 

𝛿ℒ𝑘(𝒖𝑘, 𝑝𝑘, 𝑃𝑘,cav, 𝒄1,𝑘, 𝒄2,𝑘) = ∫ (𝑷𝑘 − 𝑝𝑘𝑭𝑘
−𝑻): ∇𝛿𝒖𝑘 𝑑𝑉Ω0,𝑘

− ∫ 𝛿𝑝𝑘(𝐽𝑘 − 1)𝑑𝑉Ω0,𝑘
−

𝑃𝑘,cav ∫ 𝑐𝑜𝑓(𝑭𝑘): ∇𝛿𝒖𝑘 𝑑𝑉 Ω0,𝑘
− 𝛿𝑃𝑘,cav(𝑉𝑘,cav(𝒖𝑘) − 𝑉𝑘) − 𝛿𝒄1,𝑘 ∙ ∫ 𝒖𝑘 𝑑𝑉Ω0,𝑘

− 𝛿𝒄2,𝑘 ∙

∫ 𝑿𝑘 × 𝒖𝑘 𝑑𝑉Ω0,𝑘
− 𝒄1,𝑘 ∙ ∫ 𝛿𝒖𝑘 𝑑𝑉Ω0,𝑘

− 𝒄2,𝑘 ∙ ∫ 𝑿𝑘 × 𝛿𝒖𝑘 𝑑𝑉Ω0,𝑘
.                       (5.10)  

In Eq. (5.10), 𝑷𝑘 is the first Piola Kirchhoff stress tensor, 𝑭𝑘 is the deformation gradient 

tensor, 𝛿𝒖𝑘, 𝛿𝑝𝑘, 𝛿𝑃𝑘,cav, 𝛿𝒄1,𝑘, 𝛿𝒄2,𝑘 are the variation of the displacement field, Lagrange 

multipliers for enforcing incompressibility and volume constraint, zero mean translation and 
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rotation, respectively. The Euler-Lagrange problem then becomes finding 𝒖𝑘 ∈ 𝐻
1(Ω0,𝑘), 𝑝𝑘 ∈

𝐿2(Ω0,𝑘), 𝑃𝑘,cav ∈  ℝ, 𝒄1,𝑘 ∈  ℝ
𝟑, 𝒄2,𝑘 ∈  ℝ

𝟑 that satisfies 

𝛿ℒ𝑘(𝒖𝑘, 𝑝𝑘, 𝑃𝑘,cav, 𝒄1,𝑘 , 𝒄2,𝑘) = 0        (5.11)                 

and 𝒖𝑘(𝑥, 𝑦, 0). 𝒏|𝑘,𝑏𝑎𝑠𝑒 = 0 (for constraining the basal deformation to be in-plane) ∀ 𝛿𝒖𝑘 ∈

𝐻1(Ω0,𝑘), 𝛿𝑝𝑘 ∈ 𝐿
2(Ω0,𝑘), 𝛿𝑃𝑘,cav ∈  ℝ, 𝛿𝒄1,𝑘 ∈  ℝ

𝟑, 𝛿𝒄2,𝑘 ∈  ℝ
𝟑. 

An explicit time integration scheme was used to solve the ODEs in Eq. (5.1). Specifically, 

compartment volumes ( 𝑉𝐿𝐴, 𝑉𝐿𝑉 , 𝑉𝑎𝑟𝑡 , 𝑉𝑣𝑒𝑛) at each timestep 𝑡𝑖 was determined from their 

respective values and the segmental flow rates (𝑞𝑣𝑒𝑛, 𝑞𝑚𝑣, 𝑞𝑎𝑜, 𝑞𝑝𝑒𝑟) at previous timestep 𝑡𝑖−1 in 

Eq. (5.1). The computed compartment volumes at 𝑡𝑖 were used to update the corresponding 

pressures (𝑃𝐿𝐴, 𝑃𝐿𝑉, 𝑃𝑎𝑟𝑡, 𝑃𝑣𝑒𝑛). Pressures in the left atrium (𝑃𝐿𝐴) and veins (𝑃𝑣𝑒𝑛) were computed 

from Eq. (4.4) and (4.3), respectively. On the other hand, pressures in the LV (𝑃𝐿𝑉,𝑐𝑎𝑣) and aorta 

(𝑃𝑎𝑟𝑡,𝑐𝑎𝑣) were computed from the FE solutions of Eq. (4.11) (for k = LV and art) with the volumes 

(𝑉𝐿𝑉 , 𝑉𝑎𝑟𝑡) at timestep 𝑡𝑖 as input. We note here that (𝑃𝐿𝑉,𝑐𝑎𝑣, 𝑃𝑎𝑟𝑡,𝑐𝑎𝑣) are scalar Lagrange 

multipliers in the FE formulation for constraining the cavity volumes to the prescribed values 

(𝑉𝐿𝑉 , 𝑉𝑎𝑟𝑡). The computed pressures at timestep 𝑡𝑖 were then used to update the segmental flow 

rates in Eq. (5.2) that will be used to compute the compartment volumes at timestep 𝑡𝑖+1 in the 

next iteration. 

5.2.3 Geometry and microstructure of the LV 

The LV geometry was described using a half prolate ellipsoid that was discretized with 1325 

quadratic tetrahedral elements. The helix angle associated with the myofiber direction ef0  was 
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varied with a linear transmural variation from 60° at the endocardium to −60° at the epicardium 

in the LV wall based on previous experimental measurements153 (Figure 5.1C). 

5.2.4 Constitutive law of the LV 

An active stress formulation was used to describe the LV’s mechanical behavior in the cardiac 

cycle. In this formulation, the stress tensor 𝑷LV can be decomposed additively into a passive 

component 𝑷LV,p and an active component 𝑷LV,a (i.e., 𝑷LV = 𝑷LV,a + 𝑷LV,p). The passive stress 

tensor was defined by 𝑷LV,p = 𝑑𝑊LV/𝑑𝑭LV, where 𝑊LV is a strain energy function of a Fung-type 

transversely-isotropic hyperelastic material57 given by 

𝑊LV = 
1

2
𝐶(𝑒𝑄 − 1),                                                       (5.12a) 

where, 

𝑄 = 𝑏𝑓𝑓𝐸𝑓𝑓
2 + 𝑏𝑥𝑥(𝐸𝑠𝑠

2 + 𝐸𝑛𝑛
2 + 𝐸𝑠𝑛

2 + 𝐸𝑛𝑠
2 ) + 𝑏𝑓𝑥(𝐸𝑓𝑛

2 + 𝐸𝑛𝑓
2 + 𝐸𝑓𝑠

2 + 𝐸𝑠𝑓
2 ).         (5.12b) 

In Eq. (5.12), Eij with (i, j) ∈ (f, s, n) are components of the Green-Lagrange strain tensor 𝑬LV with 

f, s, n denoting the myocardial fiber, sheet and sheet normal directions, respectively. Material 

parameters of the passive constitutive model are denoted by C, bff, bxx and bfx.  

The active stress 𝑷LV,a was calculated along the local fiber direction using a previously developed 

active contraction model38,58,  

𝑷LV,a = 𝑇𝑚𝑎𝑥
𝐶𝑎0

2

𝐶𝑎0
2+𝐸𝐶𝑎50

2 𝐶𝑡 𝐞𝑓⊗𝐞𝑓0                                                        (5.13) 

In the above equation, 𝐞𝑓 and 𝐞𝑓0 are, respectively, the local vectors defining the muscle fiber 

direction in the current and reference configurations, Tmax is the isometric tension achieved at the 
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longest sarcomere length and 𝐶𝑎0 denotes the peak intracellular calcium concentration. The length 

dependent calcium sensitivity 𝐸𝐶𝑎50  and the variable Ct are given by 

𝐸𝐶𝑎50 =
(𝐶𝑎0)𝑚𝑎𝑥

√exp(𝐵(𝑙− 𝑙0))−1

    ,                                                 (5.14a) 

𝐶𝑡 =
1

2
(1 − cos𝜔).                                                        (5.14b) 

In Eq. (5.14a), B is a constant, (𝐶𝑎0)𝑚𝑎𝑥 is the maximum peak intracellular calcium concentration 

and 𝑙0 is the sarcomere length at which no active tension develops. The variable ω in Eq. (5.14b) 

is given by 

𝜔 =

{
 

 𝜋
𝑡

𝑡0
, 0 ≤ 𝑡 < 𝑡0;

𝜋
𝑡−𝑡0+𝑡𝑟

𝑡𝑟
, 𝑡0 ≤ 𝑡 < 𝑡0 + 𝑡𝑟;

    0 , 𝑡0 + 𝑡𝑟 ≤ 𝑡 .

                                                        (5.15) 

In the above equation, 𝑡0 is the time taken to reach peak tension and 𝑡𝑟 is the duration of relaxation 

that depends linearly on the sarcomere length l by 

𝑡𝑟 = 𝑚𝑙 + 𝑏,                                                                (5.16) 

where m and b are constants. The sarcomere length 𝑙 can be calculated from the myofiber stretch 

𝜆LV by 

𝜆𝐿𝑉 = √𝐞𝑓0 ∙ 𝑪LV𝐞𝑓0  ,                                                          (5.17a) 

𝑙 =  𝜆LV𝑙𝑟 .                                                                    (5.17b) 

In Eq. (5.17a), 𝑪LV = 𝑭LV
𝑻𝑭LV is the right Cauchy-Green deformation tensor and 𝑙𝑟 is the relaxed 

sarcomere length. Parameter values associated with the LV model are tabulated in Table 5.3. 
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Table 5.3.  Parameters of the LV model. 

Parameter Description Value 

C material parameter 100.0 

bff material parameter 29.9 

bxx material parameter 13.3 

bfx material parameter 26.6 

Tmax isometric tension under maximal activation, kPa 200.7 

Ca0 peak intracellular calcium concentration, µM 4.35 

(Ca0)max maximum peak intracellular calcium concentration, µM 4.35 

B governs shape of peak isometric tension-sarcomere 

length relation, µm-1 

4.75 

l0 sarcomere length at which no active tension develops, µm 1.58 

t0 time to peak tension, msec 171 

m slope of linear relaxation duration-sarcomere length 

relation, msec µm-1 

1049 

b time-intercept of linear relaxation duration-sarcomere 

length relation, msec 

1500 

𝑙𝑟 relaxed sarcomere length, µm 1.85 

5.2.5 Geometry and microstructure of the aorta 

An idealized geometry of the aorta extending from the heart to the thoracic region from a previous 

study165 was used here. The geometry was discretized using 1020 quadratic tetrahedral elements. 

The aorta diameter was assumed to be constant in the first segment starting from the aortic root to 

the middle of the aortic arch, and then gradually decreased towards the thoracic region. Aortic wall 

thickness was kept constant (Figure 5.1B). 

5.2.6 Constitutive law of the aorta 

Stress tensor in the aortic wall was defined by 𝑷art = 𝑑𝑊art/𝑑𝑭art, where 𝑊art is the sum of the 

strain energy functions associated with those from the key tissue constituents, namely, elastin-



 90 

dominated matrix W𝑒, collagen fiber families W𝑐,𝑘 and vascular smooth muscle cells 

(SMC) W𝑚
15,177, i.e.,  

𝑊art = W𝑒 + ∑  W𝑐,𝑘 
4
𝑘=1 +W𝑚.                                    (5.18) 

Strain energy function of the elastin-dominated amorphous matrix is given by 

W𝑒 = 𝑀𝑒 (
𝑐1

2
) (tr(𝑪art) − 3),                                                    (5.19) 

where 𝑀𝑒 is the mass per unit volume of the elastin in the tissue, 𝑐1 is a material parameter and, 

𝑪art = 𝑭art
𝑻 𝑭art is the right Cauchy-Green deformation tensor associated with the aorta.  

Four collagen fiber families were considered here. The first and second families of collagen 

fibers (k = 1 and 2) were oriented in the longitudinal and circumferential directions, whereas the 

third and fourth families of collagen fibers (k = 3 and 4) were oriented, respectively, at an angle α 

= 45° and -45° with respect to the longitudinal axis (Figure 5.1B). We assumed the same strain 

energy function for all the families of collagen fibers that is given by 

W𝑐,𝑘  = 𝑀𝑘
𝑐2

4𝑐3
{exp [𝑐3(𝜆𝑘

2 − 1)
2
] − 1}.                                  (5.20) 

In Eq. (5.20), 𝑀𝑘 is the mass per unit volume of kth family of collagen fibers, 𝜆𝑘 is the 

corresponding stretch of those fibers, and both 𝑐2 and 𝑐3 are the material parameters. The stretch 

in the kth family of collagen fibers was defined by 𝜆𝑘 = √𝐞𝑘0 ∙ 𝑪art𝐞𝑘0 , where 𝐞𝑘0 is the local unit 

vector defining the corresponding fibers orientation.  

Strain energy function of the smooth muscle cells W𝑚  was additively decomposed into 

one describing its passive mechanical behavior W𝑚,𝑝  and one describing its active behavior 

W𝑚,𝑎 (i.e., W𝑚 = W𝑚,𝑝 +W𝑚,𝑎 ). The passive strain energy function is given by 
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W𝑚,𝑝 = 𝑀𝑚
𝑐4

4𝑐5
{exp [𝑐5(𝜆𝑚

2 − 1)
2
] − 1}.                                  (5.21) 

Here, 𝑀𝑚 is the mass per unit volume of the smooth muscle in the tissue, 𝜆𝑚 is the stretch of the 

smooth muscle, whereas 𝑐4 and 𝑐5 are the material parameters. The smooth muscle cells were 

assumed to be perfectly aligned in the circumferential direction. Its stretch is therefore equivalent 

to that of the second family of collagen fibers i.e., 𝜆𝑚 = 𝜆2. We used the following strain energy 

function177 to describe the active tone of vascular smooth muscle, 

W𝑚,𝑎 = 𝑀𝑚
𝑆𝑚

𝜌
[𝜆𝑚 +

(𝜆𝑀−𝜆𝑚)
3

3(𝜆𝑀−𝜆0)
2].                                           (5.22)  

In Eq. (5.22), 𝑆𝑚 is the stress at maximum contraction, ρ is the density of the tissue, 𝜆𝑀 is the 

prescribed stretch at which the contraction is maximum and 𝜆0 is the prescribed stretch at which 

active force generation ceases. Mass per unit volume for the different constituents were calculated 

using following relations 

𝑀𝑒 = 𝜙𝑒𝜌,                                                             (5.23a) 

𝑀𝑚 = 𝜙𝑚𝜌,                                                            (5.23b) 

𝑀𝑘 = 𝜙𝑘(1 − 𝜙𝑒 − 𝜙𝑚)𝜌,                                               (5.23c) 

where 𝜙𝑒, 𝜙𝑚, 𝜙𝑘 denotes the mass fraction for elastin, smooth muscle cells and kth family of 

collagen fibers. It was assumed that 20% of the total collagen mass was distributed equally towards 

the longitudinal and circumferential fiber families and the remaining 80% was distributed equally 

to α = 45° and -45° fiber directions. Constitutive parameters, mass fraction of each constituents 

and other parameters of the aorta model are listed in Table 5.4. The coupled LV-aorta modeling 

framework, including solving the FE equations associated with the LV and aorta models, was 

implemented using the open-source FE library FEnICS6. 
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Table 5.4. Parameters of the aorta model 

Elastin 𝑐1 = 160 kPa , 𝜙𝑒 = 0.306 

Collagen families 𝑐2 = 0.08 kPa , 𝑐3 = 2.54, 𝜙𝑐 = 0.544 (𝜙1 = 0.1𝜙𝑐 , 𝜙2 = 0.1𝜙𝑐, 
 𝜙3 = 0.4𝜙𝑐, 𝜙4 = 0.4𝜙𝑐) 

SMC 𝑐4 = 0.01 kPa , 𝑐5 = 7.28, 𝜙𝑚 = 0.15 

Others 𝜌 = 1050 kg/m3, 𝑆𝑚 = 54 kPa, 𝜆𝑀 = 1.4, 𝜆0 = 0.8 

Table 5.5. Mass fractions of the aorta constituents for different cases investigated in the study. 

(For collagen fibers, the distribution of mass in four collagen fiber families was kept the same, i.e.,  

𝜙1 = 0.1𝜙𝑐 , 𝜙2 = 0.1𝜙𝑐,  𝜙3 = 0.4𝜙𝑐, 𝜙4 = 0.4𝜙𝑐 for all cases). 

Case Mass fractions of the constituents Comment 

Baseline Same as Table 5.4 No change 

Without active Same as Table 5.4 No active tone in SM, 𝑆𝑚 = 0 

M1 𝜙𝑒 = 0.122, 𝜙𝑚 = 0.061, 𝜙𝑐 = 0.816 Collagen increased by 50%, Elastin 

and SMC decreased proportionally 

M2 𝜙𝑒 = 0.49, 𝜙𝑚 = 0.24, 𝜙𝑐 = 0.272 Collagen decreased by 50%, Elastin 

and SMC increased proportionally  

5.3 Results 

A baseline case was established using the LV-aorta coupling framework so that LV pressure-

volume loop and aorta pressure-diameter curve were consistent with measurements in the normal 

human systemic circulation under physiological conditions. Specifically, model prediction of the 

LV ejection fraction (EF) was 56%, which is within the normal range in humans (Figure 5.2B). 

Similarly, end-diastolic (ED) and end-systolic (ES) diameters of the aorta in the baseline case 

(Figure 5.2C) were comparable to in-vivo measurements54,119. We note here that diameter of the 

aorta mentioned in subsequent text refers to its inner diameter. Pressure waveforms of the LV, 

aorta, and LA (Figure 5.3) in the baseline case were also within the normal range with an aortic 

pulse pressure of 50 mmHg (systolic:  128 mmHg, diastolic: 78 mmHg).  
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Figure 5.2. Effects of a change in aorta wall thickness on (A) its ex-vivo pressure–diameter 

relationship, (B) LV pressure–volume loop and (C) pressure - diameter both operating in-vivo. 
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Figure 5.3. Pressure in LV, aorta and LA during cardiac cycle with increasing aorta wall thickness 

in ascending order from the Baseline to T3 case. 

5.3.1 Effects of a change in aorta wall thickness  

Varying the wall thickness in the aorta model led to changes in not only the aorta mechanical 

behavior but also the LV function (Figure 5.2). The aorta became stiffer (less compliant) with 

increasing wall thickness as reflected by an increase in the slope of the pressure-diameter curves 

(Figure 5.2A). When operating in vivo as simulated in the LV-aorta coupling framework, 

increasing the aorta wall thickness led to a lower LV EF, a higher peak systolic pressure of the LV 

(Figure 5.2B) and a leftward shift in the aorta pressure - diameter relationship with smaller 

diameter at ED and ES (Figure 5.2C). An increase in aorta ED wall thickness from 1.8 mm 

(baseline) to 5.4 mm (T3 case) was accompanied by an increase in pulse pressure from 50 mmHg 

(in the baseline case) to 120 mmHg. In comparison, the mean aortic pressure changed by only 

about 10 mmHg (decreased from 102 mmHg to 93 mm Hg) for the same increase in wall thickness.  
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Figure 5.4. Effects of active tone and aorta constituent mass fractions on (A) its ex-vivo pressure–

diameter relationship, (B) LV pressure–volume loop and (C) pressure - diameter both operating 

in-vivo. (Refer to Table 5.5 for cases). 
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Figure 5.5. Pressure in LV, aorta and LA during cardiac cycle for different aorta constituent mass 

fractions and active tone.  

5.3.2 Effect of changes in mass fractions of the aorta constituents  

Similarly, varying mass fraction of the constituents in the aorta wall (see Table 5.5 for the different 

cases) also led to changes in both the aorta and LV functions. Increasing collagen mass fraction 

with a corresponding decrease in SMC and elastin mass fractions (case M1) led to a predominantly 

exponential pressure - diameter response of the aorta that became extremely steep at larger 

diameter (i.e., > 28 mm) (Figure 5.4A). This is because the collagen fibers are stiffer than other 

constituents at large strain. Under in vivo operating condition (as simulated in the LV-aorta 

coupling framework), an increase in collagen mass fraction resulted in a higher peak systolic 

pressure and a reduced LV EF (Figure 5.4B). The exponential mechanical response (shown in 

Figure 5.4A) of the aorta with higher collagen mass fraction was also reflected in the ejection 

phase of the LV pressure-volume loop, where the pressure-volume curve became steeper towards 
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end-of-systole. With a higher collagen mass fraction, the aorta also operated at a larger diameter 

than the baseline in vivo (Figure 5.4C). Pulse pressure in the aorta with higher collagen mass 

fraction was much higher and dropped more rapidly when compared to the baseline case (Figure 

5.5). 

Conversely, reducing collagen mass fraction and increasing elastin and SMC mass fraction 

proportionally (case M2) led to a dominant neo-Hookean type pressure - diameter behavior, 

particularly, at smaller diameter (< 25 mm). Under in vivo operating condition, the peak pressure 

increased slightly but EF remained nearly unchanged in the LV (Figure 5.4B). The aorta also 

appeared to be more compliant in vivo with a larger change in aortic diameter (~ 8.1 mm), 

especially when compared to case M1 that has a higher collagen mass fraction (~ 1.3 mm) (Figure 

5.4C). On the other hand, the aorta also operated at smaller ED and ES diameters than the baseline. 

Pressure waveforms of the aorta, LV and LA were not significantly changed compared to the 

baseline (Figure 5.5). 

In the absence of SMC’s active tone, the aorta became slightly more compliant than the baseline 

at diameter smaller than 27 mm (Figure 5.4A). Thus, for a given pressure, the diameter was larger 

than the baseline. Under in vivo operating condition, this change led to a slight increase in the LV 

and aorta pressure at ES than the baseline (Figure 5.4B, C). On the other hand, LV and aorta 

pressure at ED decreased without the active tone (Figure 5.4B, C), resulting in an increase in the 

aortic pulse pressure compared to baseline (Figure 5.5).  
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Figure 5.6.  Effects of changes in LV contractility on (A) pressure-volume loop, (B) pressure 

waveform in LV, aorta and LA during cardiac cycle, and (C) peak stress in aorta. Contractility 

decreases in the following order:  Baseline, C1, C2. 
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Figure 5.7. Effects of changes in LV passive stiffness on (A) pressure-volume loop, (B) pressure 

waveform in LV, aorta and LA during cardiac cycle, and (C) peak stress in aorta. Passive stiffness 

increases in the following order:  Baseline, P1, P2.  
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5.3.3 Effects of a change in LV contractility  

Reducing LV contractility (Tmax) led to a decrease in its peak systolic pressure, end systolic volume 

and EF (Figure 5.6A). Pressure also dropped accordingly (Figure 5.6B) in the aorta together with 

the peak stress (Figure 5.6C). With a reduction in LV contractility by 50 % (from 200.7 to 100.4 

kPa), aorta peak stress was reduced by about 50% compared to the baseline case (from 214 to 110 

kPa). The stress was calculated as a root of the sum of the square of all components of the Cauchy 

stress tensor. Reducing LV contractility also led to changes in the aorta diameter. As a result of 

lower LV contractility, the aortic pressure decreased that led to less expansion and a decrease in 

both its ED (from 24.0 mm in baseline to 22.5 mm in case C2) and ES diameter (from 27.5 mm in 

baseline to 27.0 mm in case C2).  

5.3.4 Effects of a change in LV passive stiffness  

Increasing the LV passive stiffness (parameter C) in Eq. (4.12a) led to a stiffer end diastolic 

pressure – volume relationship that was accompanied by a reduction in preload, peak systolic 

pressure and EF (as end systolic volume remained nearly unchanged) in the chamber (Figure 

5.7A). These changes were translated to a decrease in aortic pressure and peak stress (Figure 5.7B, 

C) as well as a reduction in its ED (from 24.0 mm in baseline to 22.4 mm in case P2) and ES (from 

27.5 mm in baseline to 27.1 mm in case P2) diameters. 

5.4 Discussion 

Finite element models of the LV have been widely used in the literature to study its mechanics as 

well as organ-scale physiological behaviors in the cardiac cycle83,101,144,164,174. In these models, the 

aorta is usually represented within the lumped parameter circulatory model by its electrical analog, 

which cannot separate the effects its geometry, microstructure, and constituents’ mechanical 
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behavior have on the LV’s operating behavior in vivo and vice versa. To the best of our knowledge, 

this is the first computational modeling framework in which FE models of the aorta and LV are 

coupled in a closed-loop fashion. This framework enables us to take into detailed account of the 

geometrical, microstructural, and mechanical behavior of the LV and aorta. We have shown here 

that the coupled LV - aorta FE framework is able to capture physiological behaviors in both the 

LV and aorta that are consistent with in vivo measurements. We also showed that the framework 

can reasonably predict the effects of changes in geometry and microstructural details the two 

compartments have on each other over the cardiac cycle.  

 Using a detailed FE model of the aorta has enabled us to separate the contributions of the 

key load bearing constituents (elastin, collagen fibers and SMCs) have on its mechanical behavior. 

The aorta FE model predicted a pressure – diameter response in which the mechanical behavior of 

each constituent is clearly detectable (Figure 5.2A). For instance, mechanical behavior of aorta at 

lower diameter range (low stretch) is relatively compliant as it is largely endowed by elastin but 

exhibits a very stiff behavior at the higher diameter range (high stretch) when more collagen fibers 

are recruited. The behavior is consistent with previous experimental studies92,134,139. The pressure 

– diameter relationship predicted by our model (Figure 5.2A) resembled a S-shaped curve with a 

very stiff response after the inflection point that is a typical feature of large proximal arterial 

vessels14,159. 

  Our model predicted that an increase in aortic wall thickness led it to become more 

constricted with smaller ED and ES diameter under in vivo operating conditions when coupled to 

the LV in our modeling framework (Figure 5.2C). Systolic blood pressure and pulse pressure in 

the aorta increased as a result and was accompanied by a reduction in stroke volume and an 

increase in LV peak systolic pressure (Figure 5.2B). Although previous vascular studies suggest 
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that an increase in arterial wall thickness (that may be accompanied by an increase in stiffness) is 

a result from an increase blood pressure during aging, more recent evidence have suggested that 

stiffening is a cause for the increase in blood pressure in which a positive feedback loop between 

them proceeds gradually70. These features are consistent with those found in clinical and 

experimental studies. Specifically, it has been found that the mean aortic wall thickness increases 

with age104,137 in human, which increases the risk of hypertension and atherosclerosis. Similarly, 

our model predicted that an increase in aortic wall thickness by 70 % elevates the aortic pressure 

over the hypertensive range (> 140 mmHg) (Figure 5.3).  

 Changes in the aorta microstructure is a feature of pathological remodeling as well as aging. 

In the systemic vasculature, the proximal aorta has a compliant behavior that helps to keep the 

systolic blood pressure down. With aging, however, elastin degenerates and is replaced (i.e., 

compensated) by collagen in the aorta wall92,138,163. Consequently, the collagen fibers bear more 

of the load that substantially increases the aorta wall stiffness, especially at high stretch. A stiffer 

aorta leads to many adverse effects including elevated systolic and pulse pressure during ejection, 

faster decay in the aortic pressure waveform during diastole, and an increase in ventricular 

afterload that reduces the LV EF21. These behaviors are all captured in our framework when 

collagen and elastin mass fractions were increased and decreased, respectively. Specifically, these 

microstructural changes led to a reduction in EF (Figure 5.4B) and an increase in the aortic systolic 

and pulse pressure with a faster decay of aortic pressure waveform (Figure 5.5). Our framework 

also predicted that the aorta underwent more expansion in vivo and have a larger operating 

diameter when collagen mass fraction increases (Figure 5.4C), which is another key characteristic 

of aging14,35,110. Interestingly, changes in collagen mass fraction in the aorta (that lead to it stiffen 

at high stretch) also affects the shape of the LV pressure volume loop (Figure 5.4B, case M1). 
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Specifically, a rapid steepening of the LV pressure-volume curve near end-of-systole is predicted 

by our model when collagen mass fraction is increased. This result suggests that the shape of the 

LV pressure-volume loop may also reflect, to some extent, the accumulation of collagen fibers in 

the aorta during remodeling.  

 Our framework also predicted how changes in the contractility and passive stiffness of the 

LV affects the aorta function. A decrease in LV contractility led to lower LV EF, lower aortic 

systolic and pulse pressures, as well as a reduction in the aorta peak stress during the cardiac cycle 

(Figure 5.6). A change in contractility (or inotropic state of the myocardium) produced expected 

changes25,74 in the LV pressure - volume loop and aortic pulse pressure.  Similarly, the model 

predicted results from a change in the LV passive stiffness that are consistent with experimental 

observations (Figure 5.7). With increasing passive stiffness, LV EF decreases and is accompanied 

by a corresponding decrease in aortic systolic and pulse pressure, as well as peak stress. A change 

in the passive stiffness of LV due to, such as, an alteration of lusitropy, also shows similar changes 

in the LV pressure - volume loops25,74 as well as aortic pressure.  

Most clinical studies focus either on the behavior of the LV or aorta. While a number of 

studies have investigated ventricular - arterial coupling9,21,76,94, simplified indices (such as ratio of 

end-systolic volume to stroke volume) were used in them to describe this coupling. It is, however, 

impossible to separate the contribution of microstructure, mechanical behavior and geometry of 

the aorta (e.g., diameter or thickness) and LV to any changes in ventricular – arterial coupling. The 

framework described here helps overcome this limitation and may be useful for developing more 

insights of the ventricular – arterial interaction and will be extended in future to include the 

pulmonary vasculature for a more complete understanding of the interactions between the heart 

and vasculature under different physiological or pathological conditions. 
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5.4.1 Limitations 

We have shown that our coupled LV-aorta FE modeling framework is capable of predicting 

behaviors that are consistent with measurements. There are, however, some limitations associated 

with our model. First, idealized geometries were used to represent the aorta and LV models. The 

idealized half-prolate geometry of the LV used here neglected any asymmetrical geometrical 

features while the aorta geometry was also simplified and had uniform thickness. Because wall 

thickness decreases slightly along the aorta114, its displacement with the given material parameters 

may be under-estimated. Second, we have assumed homogeneous material properties in our 

models. Given that studies have suggested that the mechanical properties may be inhomogeneous 

in the aorta86 and LV87, the prescribed material parameters are bulk quantities. While thoracic 

aortic wall thickness and its stiffness varies, previous experimental studies reported that the aortic 

structural stiffness (multiplying the intrinsic stiffness by the aortic thickness) is relatively uniform 

in the circumferential and longitudinal directions89,90. Third, the dynamical behavior of fluid and 

its interaction with the vessel wall were neglected here, and as such, the framework did not take 

into account the spatial variation of pressure waveform along the aortic tree and shear stress on the 

luminal surface of the vessel. However, we do not expect this limitation to severely affect our 

result because wall shear stress in the human aorta (~ 50 dyn/cm2 or 0.037 mmHg)95 is substantially 

lower than the pressure (normal stress) (60 – 120 mm Hg), and the arterial pressure increases by 

only about 10% from the ascending to the abdominal aorta149. Fourth, a rule based myofiber 

orientation in which the helix angle varies linearly across the myocardial wall was used to describe 

the LV microstructure. Fifth, remodeling of the aorta and LV was simulated by directly 

manipulating the parameters without consideration of any growth and remodeling mechanisms.  
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Last, we have considered only systemic circulation in this model and ignored the presence of the 

right ventricle and pulmonary circulatory system that may affect LV and aorta mechanics. 

5.5 Extension to biventricular model with ventricular-vascular interaction  

As discussed in detail in chapter 1 (section 1.2.4), ventricular-vascular interaction (or, coupling) 

plays a very important role in the cardiovascular system and any deviations from optimal 

ventricular-vascular coupling are usually associated with the heart diseases21. Heart failure with 

preserved ejection fraction (HFpEF) has been associated with a progressively impaired coupling 

between the LV and the systemic arteries21,76. On the other hand, the interactions between the right 

ventricle (RV) and the pulmonary vasculature are key determinants of the clinical course of 

pulmonary arterial hypertension120, specifically, in the transition from compensated to 

decompensated remodeling of the RV. This interaction is currently not well–understood20. 

Therefore, we have developed a computational modeling framework that couples high resolution 

biventricular, aorta and pulmonary artery (PA) FE models to a closed-loop lumped parameter 

model of the systemic and pulmonary circulation. This modeling framework can accommodate 3D 

patient-specific FE models of ventricles, aorta and PA. Additionally, the ventricular and vascular 

(aorta and PA) models have realistic description of their microstructure with constitutive laws that 

can accurately describe their material behavior. The long-term goal is to develop a realistic and 

patient-specific 3D computational model and with proper parameterization, this model could be 

very useful to understand the ventricular-vascular interactions in both systemic and pulmonary 

circulation.  
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Figure 5.8. Schematic of the ventricular-vascular coupling modeling framework. Model consists 

of image-based high resolution biventricular, aorta and pulmonary artery FE models that are 

coupled to closed-loop lumped parameter model in systemic and pulmonary circulation. 

5.5.1 Methods 

The biventricular, aorta and PA FE models were reconstructed from the MR images of patients 

(Figure 5.8). For aorta we have considered the ascending part, the arch and the descending part 

up to the thoracic region. We have disregarded the small arteries (Innominate, left common carotid 

and left subclavian arteries) that branches out from the arch of aorta. On the other hand, we 

consider the main PA as well as both the truncated left and right PA branches that were 

reconstructed from MR images.  



 107 

 An active stress formulation was used to describe the mechanical behavior of ventricles in 

the cardiac cycle which is discussed in detail in chapter 4, section 4.2.5. In this formulation, the 

stress tensor 𝑷 was decomposed additively into a passive component 𝑷p and an active component 

𝑷a (i.e., 𝑷 = 𝑷a +𝑷p). The LV and RV myofiber direction was varied with linear transmural 

variation of the helix angle from 60° at the endocardium to −60° at the epicardium based on 

previous experimental measurements153. 

 For aorta and PA, a membrane model was used in which the contributions of the key tissue 

constituents, namely, elastin-dominated matrix, collagen fiber families and vascular smooth 

muscle cells (SMC) were considered in the strain energy functions (Discussed in detail in section 

5.2.6). Four collagen fiber families were considered here with the first and second families of 

collagen fibers oriented in the axial and circumferential directions, whereas the third and fourth 

families of collagen fibers were oriented, respectively, at an angle α = 45° and -45° with respect 

to the axial direction.  

 The pressure-volume relationships of the ventricles, aorta and PA were obtained using the 

FE model. For left and right atrium, a time-varying elastance model was to establish the functional 

relationship between the pressure and volume. For, systemic and pulmonary veins, a linear 

pressure-volume relationship were assumed which depends on the compliance of the vessels. 

 Similar to the biventricular model discussed in chapter 4 section 4.2.3, the closed-loop 

lumped parameter model (Figure 5.8) consists of eight ordinary differential equations which 

related the rate of change of the volume of eight compartments to inflow and outflow. The eight 

flow equations were used to calculate the flow rates at different sections of the circulatory model 

by using the pressure and the resistance of the vessels. An explicit scheme was used to discretize  
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Figure 5.9. (A) LV, (B) RV PV loops, (C) LV, aorta and LA pressure waveforms, and (D) RV, 

PA and RA pressure waveforms as predicted by the model. 

and simultaneously solve the eight ODEs. The modeling frame work was implemented using the 

open-source FE library FEniCS. 

5.5.2 Results 

We have calibrated our model to simulate the LV and RV loops and aorta and PA pressure 

waveforms that were consistent with measurements in the normal human (Figure 5.9). The LV 

and RV have EF of 52% and 57%, respectively (>50%). In addition, the LV, aorta, RV, and PA 

pressure waveforms fall within the range of measurements typically found in normal (Figure 5.9C 

and D).  



 109 

5.5.3 Future work 

The results show that with proper calibration of the model parameters, our image-based modeling 

framework is able to predict the behaviors of the ventricles, aorta and PA that are consistent with 

the physiological principles. However, we need to improve some aspects of this model. The model 

can be calibrated to predict the pressure-diameter relationship of aorta and PA. In addition, the 

aorta and PA flow waveforms can be matched with the measured data.  

After reasonably matching the geometry, pressure and volume waveforms of LV and RV, 

pressure and flow waveforms of aorta and PA as well as aorta and PA pressure-diameter 

relationship with measured data, our high-resolution patient specific modeling framework could 

be used to better understand the mechanics of these three organs and provide insights into 

ventricular-vascular interactions (or coupling) of the diseased heart in pulmonary and systemic 

circulation. 
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CHAPTER 6 

Conclusions 

In this dissertation, we have developed multiple computational modeling framework of human 

heart. In chapter 2, we have methodically validated a LV FE model that is driven by a cell-based 

descriptor of cross-bridge cycling against some well-established organ-level physiological 

behaviors. The model parameters were adjusted appropriately to confirm that it performs in a 

manner consistent with experimental observations on the impact of preload, afterload, and 

contractility on the ESPVR and MVO2 – PVA relationships. Furthermore, the model can reproduce 

time-strain profiles that are consistent with physiological measurements. This model could be very 

useful to address important unanswered questions about human heart diseases that cannot be 

resolved through experimentation. We have demonstrated one such application in chapter 3. 

 In chapter 3, using our previously validated LV FE computational model (discussed in 

chapter 1), we replicated key aspects of ventricular geometry, chamber size, blood pressure LV 

EF and longitudinal strain reported in HFpEF patients. Optimal matching of model prediction to 

all these features was achieved only through simultaneous increases in ventricular afterload 

resistance and reduction of myocardial contractility. Thus, we conclude that the reduction of 

longitudinal strain does reflect a reduction of myocardial contractility in HFpEF and is not simply 

a reflection of increased afterload or altered geometry. This reinforces the previously proposed 

intriguing notion as to whether therapies that improve myocardial contractility could have a 

therapeutic role in HFpEF. 

 In chapter 4, we have developed an image based biventricular FE modeling framework that 

was coupled to a closed-loop lumped parameter model of systemic and pulmonary circulation. We 

have successfully calibrated our model to match the patient specific measurements of two PAH 
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patients with different stage of RV remodeling. The calibrated computational framework was used 

to simulate the effects of RVAD on the hemodynamics and mechanics of two PAH patients. We 

have found that RVAD improves RV mechanics and septum curvature which was more 

pronounced in the PAH patient with severely remodeled RV. However, the positive effects are 

accompanied with an increase in PA pressure that could be detrimental for these patients. The 

findings of our study suggest that the implantation of RVAD and its operation may need to be 

determined and optimized individually for each patient depending on disease progression. 

 Finally, in chapter 5, we presented a computational model that couples FE models of the 

LV and aorta to describe ventricular-arterial interaction in the systemic circulation. With 

appropriate calibration, our model was able to simulate how alterations in the geometrical or 

microstructural change of the aorta affect the LV and vice versa. The modeling framework is 

extended to include image-based FE models of the ventricles, aorta and pulmonary artery. This 

novel patient-specific computational framework will be refined in future and could be very useful 

to develop more insights on the complex ventricular interdependence and ventricular-vascular 

interactions (or coupling) associated with diseased hearts.      
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