
 

 

CONTROLLING THE KINEMATICS OF THE LEFT VENTRICLE TO TREAT 

RESISTANT HYPERTENSION 

 

 

 

A Thesis presented to the Faculty of the Graduate School 

University of Missouri-Columbia 

 

 

 

In Partial Fulfillment of the Requirements for the Degree 

Master of Science 

 

 

 

 

MATTHEW A. SCOTT 

Dr. Noah Manring, Thesis Advisor 

 

 

 

May 2018 



 

The undersigned, appointed by the Dean of the Graduate School, 

have examined the thesis entitled  

 

CONTROLLING THE KINEMATICS OF THE LEFT VENTRICLE TO TREAT RESISTANT 

HYPERTENSION 

 

presented by Matthew A. Scott 

 

a candidate for the degree of Master of Science 

 

and hereby certify that in their opinion it is worthy of acceptance. 

 

 

 

 
Dr. Noah Manring 

 

 
Dr. Craig Kluever 

 

 
Dr. Steven Borgelt 

  



 

 

 

 

 

 

 

 

 

 

 

In dedication to my late grandfather: Mr. Joseph H. Scott 

 

  



 ii 

ACKNOWLEDGEMENTS 

 

 

 It goes without saying that without the guidance and support of a select group of people, 

none of this thesis would be possible. I would like to first thank my thesis advisor, Dr. Noah 

Manring, for his constant words of encouragement, willingness to assist me at every hardship, 

and trusting in my abilities enough to offer me the opportunity to work on such a great project. 

Over the last year, you have become a great mentor to me, not only in my professional career, 

but in life. I would also like to thank the capstone teams that have put in countless hours to 

further the research goals of this project. 

 Mom and Dad, you have inspired me by demonstrating what it truly means to work hard, 

and I will never forget the sacrifices that you have made so that I could complete this project. I 

hope that what I have written in the pages to come makes you proud of me. To my family and 

friends, it is because of you that I am able to accomplish this task. From listening to me discuss 

my research to assisting me with coursework, I am grateful to have an incredible support group 

that believes in everything I do. Finally, I would like to thank God for giving me the ability to 

complete this thesis and blessing me with all of the people I have come to know along the way.  

 



 iii 

CONTROLLING THE KINEMATICS OF THE LEFT VENTRICLE TO TREAT 

RESISTANT HYPERTENSION 

 

Matthew A. Scott 

Dr. Noah Manring, Thesis Advisor 

 

ABSTRACT 

 

The intention of this thesis is to present a novel controller design that eliminates 

hypertension in patients who suffer from resistant hypertension. The controller is designed by 

first translating the functionality of the left ventricle (LV) from a biological system to a system 

of dynamic equations, which is accomplished by defining pressure-rise-rate equations for the LV 

and aorta. The result is a dynamic model completely describing these pressures in terms of 

cardiovascular parameters associated with the LV. Using this model, the LV volume is 

controlled by implementing a first-order dynamic model for the LV. This produces a controller 

design capable of reducing systolic and diastolic aortic pressures to values that the physician 

desires; moreover, by defining hypertensive pressures within the cardiovascular system, the 

controller presented in this thesis demonstrates the effectiveness that controlling LV volume has 

in reducing aortic pressures to desired values.  
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Rh peripheral resistance of the heart 

Rm peripheral resistance of the mitral valve 

t time 

T heartbeat duration 
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Tmotor maximum torque requirement from the motor 
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VD desired left ventricle volume 
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VLV left ventricle volume 
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CHAPTER 1. INTRODUCTION 

 

 

1.1 High Blood Pressure and Resistant Hypertension 

High blood pressure, called hypertension, is defined as a blood pressure reading of 

greater than or equal to 130/80 mm-Hg by the American Heart Association for Stage 1 

Hypertension, or greater than or equal to 140/90 mm-Hg for Stage 2 Hypertension [1]. In 2012 it 

was reported that approximately 75 million Americans have hypertension, which amounts to 1 

out of every 3 people; moreover, of those that have hypertension, only about 54% of them have 

their condition under control [2]. This statistic is validated by the AHA Heart Disease and Stroke 

Statistics – 2017 Update, which states, “high blood pressure is the leading cause of death in 

women, and the second-leading cause of death in men, behind smoking” [3]. Although over half 

of the cases of hypertension in America have been controlled (54%) using drug therapy and 

lifestyle changes, the others remain uncontrolled. According to the AHA website, these cases are 

defined as resistant hypertension (RH) – “when patients cannot control their blood pressure 

despite the use of a diuretic and at least two other blood pressure medicines.” The exact number 

of RH cases is largely unknown; however, a study conducted by the American Journal of 

Hypertension found that approximately 13.7% of those with high blood pressure have been 

diagnosed with RH (equating to over 10 million Americans) [4].   

After diagnosing a patient with RH, the physician currently has three surgical or 

experimental methods to treat RH. The first of these treatment methods is called renal 

denervation, a process in which radiofrequency energy is used to ablate the autonomic renal 

nerves that run inside the walls of the blood vessels associated with the renal arteries. Several 
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early studies suggested that renal denervation was a promising treatment option [5-7]; however, 

recent research and trials demonstrate that there is no significant difference between the 

treatment and control groups when looking at their corresponding blood pressures [8, 9]. A study 

published in the International Journal of Cardiology in October of 2017 supports this claim, 

reporting that “in agreement with previous randomized studies, no significant change in 

ambulatory blood pressure measurements was observed in renal denervation treatment-resistant 

essential hypertension [10].” The second treatment option utilizes an implantable device that is 

externally programmable to stimulate the baroreceptors in the carotid sinus [11, 12]; however, 

over one-third of the patients tested on this device have experienced adverse effects from the 

procedure, resulting in the device’s inability to obtain FDA approval [13]. The final treatment 

option uses an arteriovenous anastomosis that shunts blood from an artery to a vein in an attempt 

to bypass restrictive capillary beds in the body [14]. This treatment has shown promise in 

preliminary results; however, 29% of patients have experienced adverse effects from the 

treatment.  

Although all three of the aforementioned current treatment options have illustrated some 

positive results, none of them have developed a complete treatment option that reduces high 

blood pressure and eliminates the threat of RH without complications. Due to the lack of a 

treatment option and the significant portion of America’s population that has been, and will be, 

diagnosed with RH, a new approach to reducing hypertension is the basis of the problem that this 

thesis is intended to assist in developing. The novelty and advantage to the approach outlined 

hereafter is that it alters the kinematics of the left ventricle (LV) volume to completely control 

both diastolic and systolic blood pressures within the aorta. The definitions of key characteristics 

within the cardiac cycle necessary to develop the controller is the focus of the next section. 
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1.2 Fundamental Cardiovascular Characteristics 

 One of the critical components in setting up this research problem was to determine the 

hemodynamic terms associated with the cardiac cycle generally and hypertension specifically. 

Figure 1.1 depicts the Wiggers diagram, which provides the complete characterization of the 

cardiac cycle and is the most recognizable plot in the study of cardiovascular systems, being 

taught in most medical textbooks to study the various phases of the heartbeat [15].  

Figure 1.1. Wiggers diagram describing the cardiac cycle in terms of pressure, volume, 

electrocardiogram, and phonocardiogram [15]. 
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Although Fig. 1.1 provides a complete description of the functioning of the heart throughout the 

duration of a heartbeat, it is too general for use in this research; therefore, Fig. 1.2 was developed 

to isolate the aortic pressure curve at the top of Fig. 1.1 for the entire heartbeat. 

 

Figure 1.2. Schematic of aortic pressure and stroke volume displaced by the left ventricle over a 

single heartbeat. 

 

From Fig. 1.2, it is evident that the ejection period Te accounts for less than half of the entire 

heartbeat duration T. It is even more apparent that there is a maximum aortic pressure that occurs 

at the end of systole and a minimum aortic pressure that occurs at the end of diastole, and they 

are denoted as Ps and Pd, respectively. This also describes the stroke volume that is displaced by 

the LV during a heartbeat and is given the symbol ΔV. With all of these definitions, the complete 

cardiac cycle is defined in terms of variables that depend on the functioning of the LV. 
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1.3 Literature Review 

 The arterial system, a subsection of the cardiovascular system that contains only the 

arteries stemming from the aorta and the aorta itself, has been modelled historically in two 

different ways: as lumped models and distributed models. However, perhaps the oldest and most 

commonly used model for the arterial system is the Windkessel (WK) model, which is a lumped 

parameter model that compares the volumetric elasticity of the large arteries to the WK present 

in old fire engines [16], and this relationship is illustrated in Fig. 1.3. 

Figure 1.3. Westerhof’s conceptual rendition of the WK model and how it relates to the specific 

aspects of the arterial system [16]. 

 

This model was first formulated quantitatively as a two-element WK model by Frank [17], 

consisting of a resistance and a capacitance element. In this model, all of the individual arterial 

resistances are added together to generate a total resistance of the entire system called the 

peripheral resistance. In previous attempts to model the dynamics of the LV, the peripheral 

resistance was equated to the mean arterial pressure divided by cardiac output (cardiac output is 

defined as the stroke volume divided by the heartbeat duration). Also, in the two-element WK 
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model, the addition of the compliances of these arteries is defined as total arterial compliance 

and can be calculated as the change in volume divided by the change in pressure. From the two-

element WK, the diastolic pressure behavior is described as decaying exponentially.  

 As more researchers began to use the two-element WK model, it became apparent that 

improvements upon the model could be made due to the new ability to measure aortic flow in the 

1930s and 1940s [18]. This development in technology aided those studying the cardiac cycle to 

realize that the two-element WK model poorly predicted the relationship between pressure and 

flow during systole. As a result, the three-element WK model was created by adding a third 

element into the previous model. The additional parameter was defined as the aortic 

characteristic impedance, and it attempts to link the lumped WK model to the wave travel 

aspects associated with the arterial system. Later, this model was improved yet again, yielding a 

four-element WK model that accounts for the total inertance of the arterial system; however, this 

parameter is difficult to estimate, leading to the preference of the three-element WK model for 

most applications. In all, the WK model provides insight into the main parameters that describe 

the arterial system, which are peripheral resistance, total arterial compliance, and aortic 

characteristic impedance.  

 After deciding that the three-element WK model was preferred as a starting point for the 

derivation of the dynamic equations for the LV, it was important to understand how it 

incorporates each parameter that is required to completely describe the arterial system. 

Following the detailed description outlined by Capoccia [19], the arterial WK model is 

developed based on the following assumptions: arteries operate like the air-chamber in a hand-

pumped fire engine, laminar flow is present in the system, and all the compliance is located in 

the aorta. From these assumptions the three-element WK model is described by first relating the 
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fluid parameters associated with the cardiovascular system to electrical parameters as is done in 

Table 1.1.  

 

Table 1.1. Relationship between the fluid characteristics of the cardiovascular system and the 

electrical components associated with the WK model. 

Fluid Parameters of Cardiovascular System Electrical Parameters of WK Model 

Pressure (P) Voltage (v) 

Flowrate (Q) Current (i) 

Blood Viscosity (µ) Resistance (R) 

Arterial Compliance (C) Capacitance (C) 

 

From these relationships, Ohm’s law and Kirchhoff’s laws are applied to the fluid parameters as 

if they are their corresponding electrical counterparts, leading to a set of two differential 

equations that describe the pressure and flowrates of the arterial system. In the two-element WK 

model, a circuit is created in which the peripheral resistance is modelled as a resistor and the 

arterial compliance is modelled as a capacitor. While this model is capable of predicting the 

decay in diastolic pressure, the systolic pressure is poorly predicted. By adding more elements to 

the model, the accuracy of the aortic pressures and flows is increased; however, Capoccia admits 

that the arterial compliance and peripheral resistance estimations are often inaccurate. These 

shortcomings of the model are significant because the peripheral resistance is a significant 

contributor to hypertension. Because of this, a significant portion of this thesis is dedicated to 

improving this model to provide realistic pressure and flowrate equations that completely 

describe the LV and arterial system so that a controller can be designed to reduce aortic 

pressures. Moreover, it is this improvement on the model that will allow for a novel controller to 
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be developed that alters only LV volume to completely control aortic pressure throughout the 

heartbeat duration.  

  

1.4 Outline and Objectives of Thesis 

 The control of aortic pressure in the cardiovascular system is a critical step in developing 

a means by which physicians will be able to treat patients that suffer from RH. The objective of 

this thesis, then, is to first derive a set of two new pressure-rise-rate equations for describing the 

pressures in the LV and in the aorta, which is a unique approach to the modelling of the arterial 

system. These differential equations, coupled with the derivation of unique flowrate equations 

for the mitral and aortic valves, will then be implemented into a new approach for controlling 

aortic pressure, namely the LV volume will be altered to provide control of the diastolic and 

systolic pressures in the aorta. The model of this unique controller design and its efficacy will be 

presented and an analysis of this thoroughly discussed. Finally, a mechanical simulator is 

designed and described to allow for the future testing of this controller design experimentally.  

 This thesis contains six chapters. The first has been an introduction to the topic of the 

cardiac cycle generally and resistant hypertension specifically. The fundamental curve found in 

the Wiggers diagram for the cardiovascular system’s pressure profile was presented and 

explicitly described to give the basis from which this thesis is derived. The WK model and its 

historic relevance in understanding and modelling the arterial system of the cardiac cycle was 

described along with its shortcomings and critical assumptions in significant detail to provide the 

foundation from which this thesis is constructed. Finally, the objective of this thesis was given 

explicitly. 
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Chapter 2 provides the derivation of the analytical model of the left ventricle from the 

pressure-rise-rate equations commonly implemented in hydraulic systems applications. The left 

ventricle and aortic pressure-rise-rate equations will be given in terms of discontinuous flowrate 

equations, derived from the Hagen-Poiseuille Law, that are modelled as ideal check valves not 

allowing for any regurgitation and are dependent on the local resistance of the heart valves. The 

equations will then be non-dimensionalized using Buckingham Pi Theorem to allow for the 

system to describe any similar system containing the same relevant dimensional variables.  

 In the presentation of Chapter 3, the main objective of this thesis will be addressed: the 

design of a novel controller that alters LV volume to control aortic pressures throughout the 

heartbeat duration. The time to complete the complex process of ventricular filling and emptying 

will be approximated by implementing a first-order, time-delayed response for the LV volume. 

From this definition, the controller is given explicitly in a Simulink block diagram.  

 Chapter 4 will describe the complete design of the mechanical simulator to mimic the 

LV. It will utilize fundamental mechanism design techniques to determine the various design 

parameters for a slider-crank mechanism that is capable of displacing various amounts of fluid. 

The design analysis will then move to describing the electronic components that were required to 

completely control the system before illustrating the simulator’s completed design.  

 The results of the controller are generated in Chapter 5 and used to examine the 

effectiveness, capabilities, limitations, and shortcomings of its design. Several cases will be 

presented, and the controller’s ability to control aortic pressures will be discussed in significant 

detail. 

 Chapter 6 is the final chapter and is introduced to comment on the controller and its 

ability to treat RH and whether or not it accomplishes the objectives aforementioned.  
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1.5 Summary 

 Resistant hypertension is an increasingly prominent source of poor heart health in the 

United States. Because of this fact, several approaches to reduce or eliminate its effects have 

been previously developed; however, none of the previous attempts to control blood pressure in 

patients suffering from RH have seen promising preliminary results. The literature review 

conducted illustrated the lack of the Windkessel model’s ability to completely describe all of the 

characteristic dimensions required to define the LV dynamics, leading to an incomplete set of 

equations to control the LV volume to reduce aortic pressure. From these observations, the 

objectives of this thesis were developed and given as follows: to derive a set of pressure-rise-rate 

equations that completely describe the functioning of the LV, design a controller that alters only 

LV volume to reduce aortic pressure and mitigate the effects of RH, and design a mechanical 

simulator that mimics the LV to allow for future experimental testing of the controller design. 

The next chapter will begin the process of completing this objective by deriving the pressure-

rise-rate equations of the LV and aorta. 
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CHAPTER 2. ANALYSIS AND MODELLING OF BLOOD PRESSURE 

 

 

2.1. Introduction 

 This chapter is intended to derive the governing equations for describing blood pressure 

in the left ventricle and in the aorta. It begins with the general pressure-rise-rate equation which 

is then tailored to fit the particular application of this novel research in modelling the left 

ventricle (LV). The fluid dynamics of the heart valves associated with the systolic and diastolic 

functions is then described, ending with a complete description of the flowrates across the mitral 

and aortic valves. The instantaneous volume and volumetric displacement (the underlying source 

of LV functionality) are then described along with the relationship between these quantities and 

the pressures within the cardiovascular system. The derivation ends with a set of non-

dimensional equations that are implemented in later chapters to alter the volumetric displacement 

characteristics of the LV and control cardiovascular pressures to mitigate the effects of Resistant 

Hypertension (RH).  

 

2.2. Pressure-Rise-Rate Equation 

 To understand the functioning of the LV of the heart during systole and diastole, it is 

necessary to develop a set of equations capturing the dynamics of the complex cardiovascular 

system. The pressure-rise-rate equation depends on the conservation of mass and the fluid bulk 

modulus within the LV. The first step in analyzing the pressure-rise-rate equation is to create a 

control volume that will define the boundaries of interest. 
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Figure 2.1. Control volume of the LV with instantaneous characteristic parameters as shown.  

 

In Fig. 2.1, one can see a simplified control volume around the LV, where the volumetric 

flowrate in, called mitral flow or Qm, and the volumetric flowrate out, called aortic flow or Qa, 

are the only quantities entering and leaving the control volume, respectively. Within the control 

volume of the LV, it is assumed that there is an instantaneous mass m, fluid density !, fluid 

volume V, and pressure P. The instantaneous mass of the LV is described by Eq. (2.1). 

    (2.1) 

Taking the time derivative of Eq. (2.1), yields the change in mass within the LV with respect to 

time.  This result is given by 

   (2.2) 

Similarly, the time derivative of mass is given by 

   (2.3) 

where Q is the total volumetric flowrate in or out of a system with a specific fluid density. 

Substituting Eq. (2.3) in for the left side of Eq. (2.2) yields Eq. (2.4): 

m V=r

dm d dVV
dt dt dt

r
= + r

dm Q
dt

= r

m
V
P
r

mQ aQ
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   (2.4) 

From the definition of the fluid bulk modulus [20] it may be shown that 

   (2.5) 

where  is the fluid bulk modulus. Substituting this result into Eq. (2.5) yields the pressure-

rise-rate equation: 

   (2.6) 

 

2.3. Left Ventricle Pressure 

 After deriving Eq. (2.6), it is apparent that it must be more explicitly defined for the LV 

system. This is accomplished by examining the diagram in Fig. 2.2 which describes how the 

analysis must incorporate two versions of the pressure-rise-rate equation for the LV and the 

aorta.  

Figure 2.2. Simplified model that illustrates the dynamics of the LV system including the 

compliance of the LV and the rest of the body.  

 

Looking at the left-hand side of Fig. 2.2 (from the mitral valve to the LV), the first-order 

differential equation in Eq. (2.6) becomes  

d dVQ V
dt dt
r

r = + r .

1 1dP d
dt dt

r
b r

=

b

.dP dVQ
dt V dt

b æ ö= -ç ÷
è ø
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   (2.7)                             

for describing the pressure in the LV.  In this equation the subscript LV denotes the left ventricle, 

and the flowrate Q in Eq. (2.6) has been replaced by the difference between mitral valve flowrate 

Qm and aortic valve flowrate Qa which is shown in Fig. 2.2.  

 

2.4. Aortic Pressure 

 Another pressure-rise-rate equation is necessary to describe the dynamics of the blood 

pressure in the aorta. During systole, or the phase in which the blood flows from the LV across 

the aortic valve and into the aorta, the pressure-rise-rate equation from Eq. (2.6) takes on a 

different form. This new equation is explained pictorially in the right-hand side of Fig. 2.2. The 

compliance of the aorta, C, is modeled as a constant parameter due to constant volume of the 

aorta; therefore, it replaces the  term in Eq.(2.6). Next, the total flowrate in and out of the 

aorta is given by, 

   (2.8) 

where  is the total peripheral resistance of the body. Inserting this new result for flowrate Q 

into Eq. (2.6), the specific equation to describe the aortic pressure-rise-rate  is obtained and 

written as  

   (2.9) 

Equation (2.9) is the first-order differential equation describing the dynamics of the blood 

pressure in the aorta and is dependent on the constant arterial compliance, C, as described 

( )LV m a LV
LV

P Q Q V
V
b

= - -

V
b

1
a

B

Q Q P
R

= -

BR

aP

1 1 .a a a
B

P Q P
C R
æ ö

= -ç ÷
è ø
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previously. When Eq. (2.9) is coupled with Eq. (2.7), the complete dynamics of the high-pressure 

side of the cardiovascular system is described. A fundamental observation of these two dynamic 

equations is that both depend on the flowrate across the aortic valve. The flowrates in both 

equations are the focus of Section 2.5. 

 

2.5.  Flowrate Equations 

 Blood flow through the cardiovascular system is a complex phenomenon and depends on 

the functioning of two muscle valves. These valves, the mitral and aortic valve, work in series to 

send blood through the LV and deliver it to the rest of the body. The opening and closing of 

these valves along with the contraction and relaxation of the LV muscles is known as the cardiac 

cycle, and can be simplified into four steps as follows: i) systole begins with LV contraction and 

the mitral valve closes; ii) the aortic valve opens and ejection of blood from the LV begins; iii) 

diastole begins and the aortic valve closes; iv) the mitral valve opens and ventricular filling 

begins [21]. To describe this cycle in terms of a fluid dynamics problem, the Hagen-Poiseuille 

Law is introduced. This law is used to describe low Reynold’s-number flows within tubes and 

provides a useful relation between the pressure drop across a section of circular tubing and the 

volumetric flowrate in that section of tube. Equation (2.10) describes this relation as derived in 

Munson et al [22].  

   (2.10) 

In Eq. (2.10), is the pressure gradient over the tube length L, µ is the dynamic viscosity of 

the fluid, Q is the volumetric flowrate, and rf is the radius of the circular tube. It is evident that 

the radius of the tube has the most profound impact on volumetric flowrate, as it is inversely 

proportional and raised to the fourth power. Because of the Poiseuille equation, most treatment 

4

8

f

LQP
r

µ
D =

p 

PD
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plans of heart disease, whether this be through means of artificial graft insertions or drug 

therapy, are centered around decreasing the resistance of the arteries and cardiovascular system, 

which is accomplished by increasing rf. However, in patients who suffer from RH, this is not a 

suitable course of action.  

 Upon further inspection of Eq. (2.10), it is observed that many dimensional parameters of 

the cardiovascular system are required to accurately describe the flow of blood through the LV. 

As it is difficult to give appropriate dimensional values of rf, L, and µ for the LV, valves, and 

surrounding arteries, the low Reynold’s-number flowrate equation is reduced to Eq. (2.11) by 

inserting R, which is defined as peripheral resistance and captures these unknown dimensions, in 

place of these parameters. 

   (2.11) 

The general flowrate equation given in Eq. (2.11) is made more specific to the cardiovascular 

system by inserting R and  values that pertain to the volumetric flowrates over the mitral 

valve, Qm, and the aortic valve, Qa. As described previously, the resistance to flow in the aorta Ra 

and the resistance to flow in the mitral valve Rm are values that capture the physical dimensions 

in the Hagen-Poiseuille Law that are not readily available in the literature. These new equations 

take the form of Eqs. (2.12) and (2.13) 

   (2.12) 

   (2.13) 

where  and  are the pressure differences across the mitral and aortic valves, 

respectively. Because there is limited information regarding the resistances corresponding to the 
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m m

m
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mitral and aortic valves, the model is simplified by equating Rm and Ra. This resistance is then 

given the symbol Rh and called the peripheral resistance of the heart.  

Eqs. (2.12) and (2.13) give a complete understanding of the flowrates across the mitral 

and aortic valves, respectively. However, these equations are further specified by identifying 

their principal of operation. The mitral and aortic valves are modelled as ideal check-valves; that 

is, they only allow flow in one direction whenever a pressure threshold is overcome. The 

significance of an ideal check-valve is that it does not allow backflow in the system. This 

translates, in the cardiovascular system, to a model that does not allow for any regurgitation of 

the valves. From this assumption and Eqs. (2.12) and (2.13), the discontinuous flowrates over the 

mitral and aortic valves are derived and expressed as Eqs. (2.14) and (2.15) 

   (2.14) 

   (2.15) 

where P0 is the pressure in the left atrium, PLV is the pressure in the LV, and Pa is the aortic 

pressure. Equations (2.14) and (2.15) give an insight into the factors that affect the blood flow 

through the LV; moreover, the driving forces of volumetric flowrate are based on the pressure 

gradients at the valves and the peripheral resistance of the heart. From this fundamental set of 

discontinuous volumetric flowrate equations, the pressure-rise-rate equations that describe the 

dynamics of the LV, Eqs. (2.7) and (2.9), are more readily understood; however, the volumetric 

characteristics of the LV must still be determined, and this is the focus of Section 2.6.  
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2.6. Left Ventricle Volumetric Displacement 

 The volumetric displacement of the LV is the fundamental quantity that determines the 

amount of blood that is delivered to the rest of the body. From various medical textbooks, it is 

determined that the average volumetric displacement, or stroke volume, for a resting human is 

approximately 70 ml of blood for each heartbeat [23]; therefore, the stroke volume ∆V is set at 

70 ml for the model. The instantaneous volume of the LV, VLV, is not constant, however, due to 

the contraction and relaxation of the LV. After making this precise distinction, it is natural to 

calculate the time-rate of change of VLV, denoted by "̇LV. This quantity is more readily 

understood as the instantaneous slope of the volume versus time function during systole and 

diastole. Equation (2.7) incorporates these two parameters to determine the time-rate of change 

of the pressure in the LV. Because VLV varies throughout the heartbeat, the coefficient of Eq. 

(2.7), , can be thought of as the varying compliance within the LV. For this analysis, it is 

crucial to understand that VLV is the input parameter that is altered in order to achieve the desired 

output pressure Pa. It is this pressure that must be controlled, as it is critical in mitigating the 

effects of RH. However, Pa is not a controllable attribute of the cardiovascular system; therefore, 

the dynamic equations of the LV system, Eqs. (2.7) and (2.13), are simultaneously solved to 

calculate the affects a change in LV volumetric displacement has on both PLV and Pa. It is this 

exact relation that this research is validating.      

In this research, the dynamic behavior of the LV will be modelled using a first-order 

approximation given by Eq. (2.16) 

   (2.16) 

where  is the time constant and  is the desired volume of the LV. This approach of 
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modelling the dynamics of the LV as a first-order differential equation with a time-constant is 

commonly used for characterizing the time required for complex, and sometimes completely 

unknown, biological processes to take place within the system of interest [24]. With the 

implementation of this equation to model the LV’s dynamic response, the necessary equations to 

describe the system in Fig. 2.2 is complete and now able to be non-dimensionalized.  

 

2.7. Non-Dimensional Equations of the Left Ventricle 

 Now that the dynamic equations of the LV have been developed along with the other 

parameters that characterize systolic and diastolic functionality, it is convenient to convert these 

equations, particularly Eqs. (2.7), (2.9), (2.14), and (2.15), into non-dimensional equations. The 

advantage of using non-dimensional equations is that it limits the problem to the least number of 

parameters to describe the LV system; moreover, this non-dimensional analysis is vital when 

conducting experiments in a sophisticated, scientific manner. To do this, the Buckingham Pi 

Theorem from fluid mechanics is implemented. In the LV system, there are six variables that 

describe the complete dynamics of the system, and are as follows: P, ∆V, RB, C, Te, and T, where 

T is the heartbeat duration and Te is the ejection period of the heartbeat. Using these variables 

and the definition of the theorem which also depends on the number of fundamental dimensions 

(mass, length, and time) that appear in the six variables of interest, the number of non-

dimensional groups necessary to describe the system is calculated as three groups. From this, it is 

determined that the following three non-dimensional groups are necessary to completely describe 

the LV system which are listed as Eq. (2.17). 

   (2.17) 

Non-dimensional symbols in Eq. (2.17) appear with carets over them. Once these three groups 
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are defined, the pressure-rise-rate equations of the LV system are non-dimensionalized. Starting 

with the aortic pressure-rise-rate characterization developed in Eq. (2.9), it is beneficial to define 

the additional non-dimensional groups that are listed in Eq. (2.18). 

   (2.18) 

From these definitions, Eq. (2.9) is transformed into the non-dimensional aortic pressure-rise-rate 

equation, explicitly written as Eq. (2.19). 

   (2.19) 

The volumetric flowrate across the aorta in Eq. (2.19) is a non-dimensional value; however, Eq. 

(2.15) is dimensional. To alleviate this discrepancy, Eq. (2.15) is non-dimensionalized utilizing 

the non-dimensional groups previously described in Eqs. (2.17) and (2.18). The result of this 

analysis yields Eq. (2.20) 

   (2.20) 

where  is the non-dimensional peripheral resistance of the heart and is equivalent to the 

resistance of the heart, Rh, divided by the peripheral resistance of the body, RB. Now the 

pressure-rise-rate equation of the LV described by Eq. (2.7) is non-dimensionalized using the 

same derivation technique as in the case for the aortic pressure. In conjunction with the non-

dimensional groups described in Eqs. (2.17) and (2.18), a new relationship is introduced by Eq. 

(2.21) to non-dimensionalize the instantaneous volume of the LV, VLV, which appears in Eq. 

(2.7). 

   (2.21) 
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where  is the stroke volume of the LV.  From these non-dimensional groups, Eq. (2.7) is 

transformed into a non-dimensional pressure-rise-rate equation for the LV and is listed as Eq. 

(2.22). 

   (2.22) 

Upon further inspection of Eq. (2.22), it is evident that the non-dimensional volumetric flowrate 

across the mitral valve, , must be defined using Eq. (2.14) for the mitral valve volumetric 

flowrate and the same analysis path used in deriving Eq. (2.20). From doing this, Eq. (2.23) is 

obtained.  

   (2.23) 

From the equations derived in this section for the non-dimensional pressure-rise-rates and the 

volumetric flowrates, it is evident that even these governing equations of the LV system are 

nonlinear, coupled, and discontinuous. However, from these non-dimensional equations, the 

modeling of a mechanical LV that is controllable is made easier. The non-dimensional groups 

that arise in Eqs. (2.19), (2.20), (2.22), and (2.23) allow for a simplified model that can be 

manipulated by altering these non-dimensional parameters that govern the LV system. Because 

of these facts, the controller design described in Chapter 3 utilizes the non-dimensional dynamic 

equations derived explicitly in Eqs. (2.19), (2.20), (2.22), and (2.23) to reduce or alleviate the 

effects of RH. 
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2.8.  Summary of Equations 

 In this section, the dynamic equations that govern the functioning of the LV were derived 

based on the definition of the pressure-rise-rate equation from fluid dynamics. More insight into 

how the LV system behaves was gained by applying the low-Reynold’s flow characteristics 

associated with the Hagen-Poiseuille Law and giving the dimensional quantities of the mitral and 

aortic valves a lumped parameter value, which was denoted as the peripheral resistance of the 

heart (Rh). By modeling both valves as ideal check-valves and not allowing for regurgitation, the 

discontinuous nature of the volumetric flowrate equations was determined to depend on Rh and 

the pressure gradients across these valves. The resulting dynamic equations with the 

corresponding flowrate equations are listed as follows for the reader’s convenience.  

                            

          (2.24)                             

   (2.25) 

   (2.26) 

   (2.27)                                                      

  

After determining these governing equations to model the LV system, each equation was 

non-dimensionalized using Buckingham-Pi Theorem. This technique gave the following three 
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non-dimensional groups: 

   (2.28) 

which were then introduced into the governing equations of the LV system to determine the non-

dimensional dynamic and flowrate equations necessary to model the LV system that are as 

follows. 

   (2.29) 

   (2.30) 

   (2.31) 

   (2.32) 

With the derivation of these equations, the model of the LV system is fully defined and is now 

ready to be implemented into the design of the controller that is intended to alleviate the effects 

of RH. In the following chapter, this analysis is utilized to develop and implement the design of a 

novel controller that implements the dynamic equations summarized in Eqs. (2.29) through 

(2.32) to control  and track to a desired  throughout the duration of the heartbeat.   
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CHAPTER 3. CONTROLLER DESIGN FOR THE LEFT VENTRICLE 

VOLUME 

 

 

3.1.  Introduction 

 The objective of this chapter is to describe why and how the LV is controlled to maintain 

a desired aortic pressure in the cardiovascular system, alleviating the effects of RH. To 

accomplish this goal, the entire aortic pressure profile over the duration of a heartbeat must be 

controllable; that is,  must be affected by the control of  during both diastole (when the 

aortic valve is closed, and ventricular filling is occurring) and during systole (when the aortic 

valve is open, and ventricular emptying is occurring). Control of  while the heart is in systole 

can be accomplished by implementing a PID-controller with a feedback loop; however, this 

controller does not control aortic pressure while in diastole, leading to the need for a discrete 

approach for controlling the LV volumetric displacement profile over the entire heartbeat 

duration. The controller design described in the following sections alters  in a unique way to 

completely control aortic pressure. 

 

3.2. Dynamic Equations for Control 

 From the equations derived in the non-dimensional analysis of Chapter 2, the complete, 

non-dimensional dynamic equations of the LV system are given in Eqs. (2.18), (2.19), (2.21), 

and (2.22). These equations are then algebraically manipulated to obtain a closed-loop system in 

Simulink that allow for the design of a controller that will output desired aortic pressure values. 
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The pressure-rise-rate equations given in Chapter 2 are repeated here as Eqs. (3.1) and (3.2) 

merely for convenience.  

    

     

It is important to remember that the quantities in Eqs. (3.1) and (3.2) are non-dimensionalized 

and isolate the pressures in order to allow for the control of the system by prescribing a given 

 value and, consequently, a value (note dots are used for convenience to denote a time 

derivative) for a desired aortic pressure value. Once these equations are defined, it is convenient 

to speak of the coefficients in front of the right-hand-side of Eqs. (3.1) and (3.2) as gains, where 

the first gain (in the first set of parentheses) in Eq. (3.2) is referred to as variable compliance.  

 

3.3. Controller Design  

 Given the objective of the controller in Section 3.1 and the dynamic equations for use in 

the controller in Section 3.2, the controller design is now defined explicitly as was done in 

Chapter 2. Equation (3.3) is equivalent to Eq. (2.16) given in Chapter 2; however, it has been 

non-dimensionalized by the definitions also found in Chapter 2.  

                                                                                                                            

Equation (3.3) is a first-order differential equation that introduces a time-constant  that is 
defined in Eq. (3.4) to describe the dynamics of . 

                                                                                                                                   (3.4) 
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As described previously,  is the desired LV volume at a given instant during the heartbeat 

duration. It is ‘switched’ as the heart shifts from systole to diastole, and the complete description 

of this approach is found later in this section. Although this approximation to the dynamic 

response of the LV ignores the complexities of the processes occurring within the LV during this 

time, the dynamic model’s exactness is improved by associating this linear time-constant with 

peripheral resistance R and arterial compliance C, which are both physical quantities that are 

characteristics of the cardiovascular system.   

 After defining Eqs. (3.3) and (3.4) and their parameters for , the complete model of 

the controller for  is now defined and the Simulink block diagram of this controller is 

displayed in Fig 3.1. 
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In the lower left-hand portion of Fig. 3.1, one can see the first-order equation for  that is 

output by the Simulink S-Function block labeled ‘VD_hat_ND.’ The output of  is obtained by 

using the feedback signals  and . This signal is then used to calculate  and  as in the 

differential equation given by Eq. (3.3), where the gain block labeled ‘Gain1’ is defined as the 

inverse of . In the middle of Fig. 3.1, a summation block is present before the gain block 

labeled ‘Complete Gain,’ and it is this portion of the block diagram that is calculating the 

pressure-rise-rate equation given in Eq. (3.2). By integrating this result using the integrator block 

labeled ‘Integrator1,’  is obtained and inserted into the S-Functions labeled ‘mitral_ND’ and 

‘aorta_ND’ to calculate the non-dimensional flowrate across the mitral valve ( ) and aortic 

valve ( ), respectively. In the right-hand portion of Fig. 3.1, the pressure-rise-rate equation for 

the aortic valve described by Eq. (3.1) is calculated, where the gain block labeled ‘Gain2’ is . 

The output of this Simulink block diagram is , and this quantity, along with  that is 

calculated just before the integrator block labeled ‘Integrator2’, are fed back into the S-Function 

to determine the new value of  for the next instant in time. At the bottom of Fig. 3.1, the 

Simulink block labeled ‘Clock’ is used to non-dimensionalize the simulation time for plotting 

purposes, which will be evident in the resulting plots of Chapter 5. 

 A key feature in designing this controller is setting the initial conditions for the integrator 

blocks associated with each differential equation that describes the dynamics of the system. The 

integrator block that has the most profound impact in the functionality of the controller is labeled 

‘Integrator2’ in Fig. 3.1, and it serves as the initial value of the non-dimensional pressure in the 

aortic valve, or . If this value is greater than the maximum desired non-dimensional systolic 
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âP âP
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pressure, denoted as , then the heart is initially in a hypertensive state with an over-pressurized 

aorta and the controller must compensate by immediately switching  to its constant diastolic 

value, which reduces the pressure in the aorta until it reaches the minimum desired non-

dimensional diastolic pressure value, denoted as . Once  reaches this minimum value, the 

feedback loop initiates another change in , switching it to its systolic value.  then remains 

at its constant systolic value until  reaches . This cycle is repeated for each heartbeat. If the 

value for ‘Integrator2’ is below , however, then the process occurs in the reverse order, 

starting with the constant  – value for systole and remaining at this until  reaches the 

maximum desired value of , then switching to the constant  – value for diastole until it 

reaches the minimum desired value of , and then repeating this process for each heartbeat. 

From these two general cases, it is evident that this approach allows for the complete control of 

 during both systole and diastole.  

 Another fundamental step in the controller design is defining the parameters and logic 

within the S-Function that outputs . Because this control technique is designed to switch  

between two desired values, an if-statement in MATLAB is necessary to determine the value of 

 throughout the duration of the heartbeat simulation. Initially, the S-Function receives  and 

 as inputs to the function, which are used to determine two fundamental characteristics of the 

LV: whether the LV is currently in systole or diastole; and whether the aortic pressure is 

currently above the desired systolic pressure, below the desired diastolic pressure, or between the 

desired diastolic and systolic pressures. Determining whether the LV is in systole or diastole is 
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accomplished by observing the value of  which can be thought of as the slope of the  

 versus time curve (recall Fig. 1.1 from Chapter 1) for . By definition, systole causes an 

increase in , and diastole causes a decrease in ; therefore, the LV is in systole whenever  

is positive, in diastole whenever  is negative, and at either the desired  or  whenever  is 

zero. The other input to the S-Function, , is required to determine whether the aortic pressure 

value is between  and  or outside of this region. Once this value is known within the 

function, it is used to prescribe a desired value for  depending on whether the LV is in systole 

or diastole. The following four different cases are possible outcomes of this S-Function, and each 

explicitly describes how it effects the output of  to the rest of the system.  

Case 1. This case occurs when the aortic pressure  that is input into the S-Function 

from the feedback loop is greater than the desired systolic pressure . In this case, it is not 

necessary to know whether the LV is in systole or diastole because  must be reduced below  

. To accomplish this, the value for  is set to its value for diastole, effectively causing the 

heart to stop any pumping and return to diastole, reducing  below .  

Case 2. Similar to Case 1 in that it is only dependent upon the  that is input into the S-

Function from the feedback loop, Case 2 occurs when  is less than the desired diastolic 

pressure . Whenever this holds true, the value for  is set to its value for systole, causing the 

heart to start pumping blood through the aorta, increasing  above .  

Case 3. Whenever the input of  is between the desired  and  values, it is no longer 
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at a critical value that may cause hypertension; however, the value of  must still be controlled 

based on whether the LV is in systole or diastole. In Case 3, the value of  is greater than zero 

which, as described previously, indicates that the LV is in systole; therefore, the value of  is 

set to its corresponding value for systole. 

Case 4. As in Case 3, if  is between the desired  and  values then the value for  

is based solely on the value of . In Case 4, the value of  is less than zero which indicates, as 

described previously, that the LV is in diastole, requiring the value of  to be set to its 

corresponding value for diastole.  

The following if-then statements that are incorporated into the controller for these four cases are 

given as follows, where  denotes the diastolic value of  and denotes the systolic value 

of :  

Case 1: if ,                                            

      then  

Case 2: if ,    

      then ; 

Case 3: if ,  

      then ; 

Case 4: if , 

      then . 
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âP

D̂V
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Part of the novelty in this controller design is that the values of  and  are free to be 

defined by the user. This translates into a controller that not only models the dynamics of the LV, 

but also allows for desired systolic and diastolic pressures to be defined on a case-by-case basis. 

Therefore, by controlling , the effects of RH are mitigated and sustainable  values are 

achieved throughout the duration of the heartbeat. 

 

3.4. Summary of Controller Design 

 From the derivations of the dynamic equations that govern the cardiovascular processes 

in the LV provided in Chapter 2, the necessary equations to control the aortic pressure are easily 

derived and utilized in a novel controller schematic. The objective was to illustrate that a 

controller design that alters only  is sufficient to completely control  throughout the 

duration of a heartbeat. The time to complete the complex process of ventricular filling and 

emptying is approximated by defining a desired first-order, time-delayed response which 

incorporates physical parameters that are dependent on the cardiovascular system to increase its 

accuracy. The result of this desired response is , or the desired LV volume at a given instant 

in time, which is altered based on the values of  and  that are fed back into the controller by 

means of a closed-loop system. Therefore, the novelty of this controller design is twofold: it 

allows for a desired systolic pressure and diastolic pressure within the aorta to be controlled to 

specified values, and it does so by altering the volume within the LV. The focus of Chapter 4 is 

on developing a mechanical simulator that will experimentally test this controller design, and the 

focus of Chapter 5 is on the response of this controller when it is set to mimic scenarios that 

mimic those found in patients with RH. 
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D̂V
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CHAPTER 4. DESIGN OF THE LEFT VENTRICLE SIMULATOR 

 

 

4.1. Introduction 

 The design of a LV simulator is a vital portion of this research, as the theoretical control 

techniques that were proposed in Chapter 3 must be validated in a physical model. It is important 

to remember that this model is a proof-of-concept approach to modelling the LV; therefore, the 

model’s size is designed for visualizing the control technique proposed in Chapter 3 as opposed 

to direct implementation into the human body. This model was primarily designed to simplify 

the functionality of the LV; therefore, a simple form of a displacement pump was used, namely a 

slider-crank mechanism. Once the type of pump was determined, the governing equations of this 

four-bar linkage were used to determine the size of each component of the LV simulator, 

including: the cylinder, piston, crank, and connecting rod. After describing the design of each 

component, the chapter describes the design of the gears used to transmit the required torque and 

angular velocity to the piston from the motor. It also explains the various electric components 

necessary to ensure the precise drive and control of the system to model the LV. This chapter 

provides the insight and progression of the design for this system, beginning with the design of 

the slider-crank mechanism, moving to the material selection for components, and ending with 

the selection of the motor-drive assembly. 

 

4.2. Slider-Crank Mechanism Design  

 The main component of the LV simulator is a four-bar mechanism; more specifically, it 

is a slider-crank mechanism that allows for the simulation of blood flow from the left atrium to 
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the left aorta of the heart. A schematic of the specific version of the slider-crank mechanism 

implemented in the LV simulator is shown in Fig. 4.1 and provides the definitions of some 

important variables and characteristics of the simulator.  

Figure 4.1. Schematic of the in-line four bar slider-crank mechanism with crank radius and 

connecting rod length definitions. 

  

From Fig. 4.1, it is observed that r is the crank radius, l is the connecting rod length, dc is the 

diameter of the cylinder and is approximately equivalent to the diameter of the piston dp, and lp is 

the length of piston in contact with the cylinder. Each of these quantities is designed using 

practices outlined in fundamental machine element design textbooks [25]. Once these key 

definitions and fundamental equations were defined, the stroke volume, DV, of the slider-crank 

mechanism was determined based on mimicking the human heart’s displacement. The system 

was designed to have an average volumetric displacement of 70 ml with the capability to adjust 

this displacement to 40 ml or 100 ml to accommodate experimentation with small or large 

volumetric displacements, respectively. This is accomplished by altering the crank radius; 

moreover, as the desired displacement increases the crank radius must also increase. The next 

quantity required to design the simulator’s crank and connecting rod dimensions is the cross-
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sectional area of the piston A, which depends on dp (and consequentially dc) and lp. The ratio of 

these two key dimensions and its corresponding inequality are captured in Eq. (4.1). 

   (4.1) 

From this inequality described in Eq. (4.1), it is evident that the diameter of the cylinder, and 

thus the diameter of the piston, must be at least equal to the length of the piston. Physically, the 

model’s piston length and diameter are constrained by the desire to place the simulator on a desk 

and make it portable for demonstration purposes; therefore, lp and dc were both set to 50 mm. 

This results in a cross-sectional area of the piston of 19.635 cm2. With these definitions of the 

slider-crank mechanism’s displacement values and the cross-sectional area of the piston, Eqs. 

(4.2) and (4.3) are used to determine the crank radius for each displacement,  

   (4.2) 

   (4.3) 

where Dx is the linear displacement of the piston. The results for the crank radius from using 

these equations with the three DV – values are displayed in Table 4.1. 

Table 4.1. Crank radii for the three different configurations of volumetric displacement. 

ΔV (ml) r (mm) 

40 10.186 

70 17.825 

100 25.465 

 

After determining the crank lengths for the three volumetric displacements, the 

connecting rod length, l, was found using Eq. (4.4) and the physical restrictions of the system. 

   (4.4) 
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Equation (4.4) ensures that the connecting rod angle (angle between the crank and connecting 

rod) has a small effect on the vertical displacement of the piston, Dx. Another parameter 

affecting the length of the connecting rod was the design of the crank, piston, and cylinder 

assembly. Because the crank was designed as a geared pinion, which is discussed in Section 4.3, 

the connecting rod was designed from the r-value associated with the 100-ml displacement. 

Furthermore, from following good design practices, the pin joint between the connecting rod and 

the piston was designed to remain within the cylinder throughout the duration of the piston’s 

motion to keep the piston from seizing in the cylinder. From these requirements, the length of the 

connecting rod was calculated to be 92 mm. The dimensions of each component were then used 

to design the parts in SolidWorks and the drawings of each part are found in Appendix B. 

Once the dimensions of the slider-crank’s components were determined, it was necessary 

to assign a material for each. This simulator is designed to be a proof of concept of the controller 

design described in Chapter 3; therefore, the materials chosen do not need to be implantable into 

the human body or durable enough to withstand years of use. Because of this and the readily 

available rapid prototyping technologies at the University of Missouri, the necessary parts were 

constructed utilizing various 3D printing techniques. The first, and more common, technique 

used was the Fused Deposition Modelling (FDM) of ABS plastic for the connecting rod, gears, 

and motor bracket. This method was chosen due to its low cost, good print quality, adequate 

dimensional tolerances, and acceptable material properties. To construct the piston and cylinder, 

however, the 3D printing technique known as PolyJet was used due to its capability to print a 

clear cylinder (similar to acrylic in transparency and material properties) and a black piston (to 

create a contrast in color to the cylinder so that the piston’s position is known), and its superb 

dimensional accuracy to account for the intricacies in the piston design.  
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4.3. Pinion and Gear Design 

 The LV simulator was designed to have a crank that drives the piston by rotating 360 

degrees about a fixed point. In order to rotate the crank at the desired angular velocities, a 

compact DC motor was chosen as the driver mechanism (this selection is detailed in Section 

4.4). This decision then led to the choice of using a series of pinions and gears to reduce the 

amount of torque required to move the piston through its stroke, as the readily available motors 

on the market are not capable to provide this torque and simultaneously spin the crank at the 

desired angular velocity. 

 Once it was determined that a system of gears was preferred in the design, it was 

necessary to define some key features that were paramount in the functionality of the simulator. 

The first modelling parameter of importance is that the crank must complete, nominally, one full 

rotation every second (60 rpm), which simulates approximately one heartbeat per second. 

Moreover, the motor angular velocity was set to 720 rpm to align with the DC motors on the 

market that were compatible with and compact enough to mount to the simulator. With these 

constraints, it was determined that a gear ratio of 12:1 was necessary to convert the angular 

velocity of the motor to the desired angular velocity of the crank. As aforementioned, the 

simulator design was kept compact so that it could be transported easily; therefore, based on the 

observation that the gear would be too large if a single pinion and gear were used, the gear ratio 

of 12:1 was divided into two pinions and gears with gear ratios of 3:1 and 4:1. With the gear 

ratios defined, the two pinions and two gears were designed by starting with the crank. The first 

part designed was the crank, and it was designed as a gear and as a single part that includes the 

crank radii for all three displacements, reducing the amount of adjustments required to switch 

displacement values. Next, the pinion for this gear and the gear for the motor were designed 
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simultaneously because they were designed as a single component, as they must rotate at an 

equivalent angular velocity. The last pinion was designed to be mounted to the shaft of the 

motor; therefore, it has four holes in it. The important physical dimensions of the gears are 

displayed in Table 4.2. It is important to note that gear design has its own unique definitions of 

various quantities, so the dimensions of the gears and pinions are in U.S. customary units.  

Table 4.2. Pinion and gear characteristic dimensions for the two gears. 

Characteristics Gear 1 Pinion 1 Gear 2 Pinion 2 

Speed Ratio 4 1 3 1 

Number of 

Teeth 
52 13 54 18 

Diametral Pitch 

(1/in) 
16 16 16 16 

Pitch Diameter 

(in) 
3.250 0.8125 3.375 1.125 

 

Another constraint on the simulator’s gear design is the torque requirement for displacing 

the piston, which can be calculated using Eq. (4.5) 

   (4.5) 

where Tmax is the maximum torque experienced at the pin joint between the crank and connecting 

rod and Ps is the systolic blood pressure, which was set to be 200 mm-Hg for the design of the 

simulator because it is a maximum value that will be allowed in simulations. From the definition 

of Ps and using the r-value for the configuration that has a DV of 100 ml, the absolute maximum 

value of Tmax was calculated as 1.75 N-m. Since the simulator has a 12:1 overall gear ratio, this 

maximum torque requirement at the crank was calculated using Eq. (4.6) 
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   (4.6) 

where mv is the gear ratio of the simulator and Tmotor is the maximum torque requirement from 

the motor. Utilizing Eq. (4.6), Tmotor was determined to be approximately 0.15 N-m.  

 

4.4. Motor, Drive, and Electrical Components Selections 

After the slider-crank mechanism and the gear system were designed, the DC motor was 

selected based on the calculations of angular velocity and maximum torque, as these are the 

quantities that pertain most to motor selection. To narrow the search and find the motor that met 

the constraints of the simulator, a few key features were desired for the motor. One significant 

characteristic that was decided upon was to use a brushless DC motor as opposed to a brushed 

DC motor. Another was to use a compact motor that would fit well with the physical dimensions 

of the simulator. Perhaps the most significant feature required on the motor was the 

incorporation of a sensor that allows for the precise measurement and control of the motor’s 

shaft position and angular velocity; therefore, a motor with an encoder that had at least one 

measurement per degree was desired. Finally, it was desired to have a motor that did not require 

an input voltage that exceeded the capacity of a traditional wall outlet (approximately 220 volts). 

With these various criteria for the motor, the motor selection was made and the ElectroCraft 

RPX32-150V was chosen. The key features of this motor that led to its selection were 

determined by the performance curve provided by ElectroCraft shown in Fig. 4.2. 

max
1
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v

T T
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Figure 4.2. Performance curve displaying the peak torque, continuous torque, peak power, and 

continuous power over the angular velocity range of the RPX32-150 [26]. 

 

The most important curve in Fig. 4.2 is the continuous torque curve that tells us that the motor is 

capable of outputting a maximum torque value of approximately 0.15 N-m at angular velocities 

ranging from 0 rpm to approximately 7500 rpm. Since the absolute maximum torque that the 

motor will ever need to output is 0.15 N-m based on the calculation from Eq. (4.6), the 

ElectroCraft RPX32-150 meets the requirements of torque and angular velocity for the motor. 

Moreover, this motor has a 1024 differential line encoder, which translates to approximately 

three measurements per degree of rotation of the shaft, allowing for the precise control of the 

motor’s shaft position and angular velocity.  

Once the DC motor was sourced and purchased, a motor driver and power supply capable 

of providing 24 V and 18 A to the motor were necessary to power the motor and control its 
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output profile. To ensure a compatible motor driver, the ElectroCraft EA47-18 was selected as it 

can supply a maximum current of 18 A and a maximum voltage of 70 V and is the 

manufacturer’s recommendation for compatibility with the RPX32-150. The driver was also 

selected because it is controllable with a data acquisition system that can tell the motor driver 

exactly how to rotate the DC motor. Due to the requirements for voltage and current of both the 

DC motor and the motor driver, the HRP-450-24 power supply was selected as it produces 24 V 

and 18.8 A, respectively, and it has three channels that ensures a sufficient number of channels to 

run the current simulator setup and accommodate up to two new connections in future work.   

As aforementioned, the EA47-18 motor driver is controllable with a programmable data 

acquisition system. It does this by receiving an input signal from the DC motor’s encoder and 

transferring it to a computer running software that can receive the input measurements. Because 

a copy of it was readily available and it is an industry standard in modelling dynamic systems for 

control in experimentation, LabVIEW was the software of choice to acquire the measurements 

from the encoder and utilize them in the controller scheme discussed in Chapter 3. Due to its 

seamless integration with LabVIEW and compatibility with the motor driver selected, the 

National Instruments (NI) myRIO-1900 data acquisition device was selected to record the 

encoder measurements and implement the controller output from the LabVIEW software into the 

motor driver. The wiring and setup schematic is shown in Fig. 4.3. It is important to notice that 

both the motor driver and the myRIO-1900 require a connection to the power supply and that 

there are two connections to the DC motor, namely the encoder connection to the myRIO-1900 

and the power and Hall effect sensor connection to the motor driver. The Hall effect sensor is 

merely the mechanism the DC motor uses to operate. After developing the theoretical setup of 

the electrical components, this system was physically constructed with the mechanical simulator 
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in the lab, and the result is displayed in Fig. 4.4. 

Figure 4.3. Electrical Schematic of the LV simulator. 
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Figure 4.4. Completed Design of the LV simulator with the corresponding electrical components 

attached. The components are as follows: (Lower Left) NI myRIO-1900, (Middle Left) EA47-18 

Motor Drive, (Top Middle) HRP-450-24 Power Supply, (Middle Right) LV simulator. 

 

4.5. Summary of Left Ventricle Simulator Design  

The overall design of the LV simulator began with defining the type of four bar 

mechanism necessary to obtain a volumetric displacement comparable to that of the LV of the 

human heart. With this fundamental relationship in mind, the simulator was designed to be a 

slider-crank mechanism with no offset; moreover, it was designed to displace three different 

volumes (40, 70, and 100 ml) and displace the fluid at any rate desired. After designing an 

effective and efficient slider-crank mechanism, it was necessary to reduce the requirements of 

torque and angular velocity at the crank so that a DC motor could be incorporated into the 
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system. In order to alleviate this problem, a system of two pinions and gears was implemented to 

give a gear ratio of 12:1, which allowed for the selection of the RPX32-150 brushless DC motor. 

The selection of this motor then led to selecting the necessary components to drive the motor 

with the purpose of implementing the controller described in Chapter 3. To do this, it was 

determined that a motor driver (EA47-18), data acquisition card (NI myRIO-1900), power 

supply (HRP-450-24), and computer with LabVIEW software were all necessary to ensure the 

most precise and efficient operation of the LV simulator. The final assembly of the entire LV 

simulator was displayed in Fig. 4.4. The successful design of the simulator has not yet been fully 

determined, as the work on this portion of the proof of concept of the LV volume controller 

design is still being conducted. Therefore, the presentation and discussion of the results and 

simulation in the following chapter does not incorporate outcomes of the LV simulator.    
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CHAPTER 5. RESULTS 

 

 

5.1. Introduction 

 The objective of this chapter is to illustrate the validity of the dynamic equations 

developed in the analysis of Chapter 2 and the effectiveness of the controller designed in Chapter 

3. By developing simulations for various configurations of possible physical heart conditions 

associated with RH, the controller is thoroughly tested for its capability to provide a desired 

aortic pressure profile that mitigates the effects of RH. The results of these simulations will 

provide an insight into the controller’s ability to reduce the effects of RH and achieve desired 

systolic and diastolic pressures within the aorta.  

 

5.2. Simulation Results of the Controller Design 

 In order to completely document the controller’s ability to maintain aortic pressure within 

a desired range by only altering the LV volume, a scenario is generated in which a patient’s 

aortic pressure at the end of systole and diastole is significantly greater than the maximum 

desired values at these points, denoted as  and , respectively. This is the most important and 

interesting scenario, as it is simulating a patient who suffers from Stage 2 hypertension; 

therefore, the hypertensive case is given a maximum, non-dimensional systolic pressure of 1.8 

and a minimum, non-dimensional diastolic pressure of 0.9. After describing the parameters of the 

hypertensive case that will be controlled in this scenario, the desired aortic pressures must be 

defined; consequently,  is set to the maximum desired value of systolic pressure in the aorta 

and  is set to the minimum desired value of diastolic pressure. Because it is the aim of this 
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research to reduce systolic and diastolic pressures below the respective thresholds of Stage 2 

hypertension, the non-dimensional values of  and  were set to the values described in Table 

5.1 for four different trials. These four trials aid in demonstrating the controller’s ability to 

achieve any pressures at the end of systole and diastole. The last specification that makes this 

case unique is the values of , or the desired LV volume for both systole and diastole. As is 

illustrated throughout this chapter, these values have a profound impact on the controller’s 

response and ability to reduce aortic pressure. In this scenario  is set to 2.5, and  is set to 

1. While Figs. 5.1 – 5.4 display the effects the controller has on  for Trials 1 – 4, respectively, 

Figs. 5.5 – 5.8 illustrate the controller’s effect on cardiac output (CO) for Trials 1 – 4, 

respectively. In the figures the red curves illustrate the hypertensive case while the blue curves 

represent the results of the controller in each trial. 

 

Table 5.1. Varying values of non-dimensional diastolic and systolic pressures for simulation to 

characterize controller effectiveness. 

Trial   

1 0.6 1.0 

2 0.7 1.1 

3 0.8 1.2 

4 0.6 1.1 
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Figure 5.1.  vs. non-dimensional time for Trial 1.  

 

 

 

 

Figure 5.2.  vs. non-dimensional time for Trial 2.  
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Figure 5.3.  vs. non-dimensional time for Trial 3.  

 

 

 

 

 

Figure 5.4.  vs. non-dimensional time for Trial 4.  

âP
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Figure 5.5. CO vs. time for the systolic and diastolic values of Trial 1. 
 
 
 
 

 

 

 

Figure 5.6. CO vs. time for the systolic and diastolic values of Trial 2. 
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Figure 5.7. CO vs. time for the systolic and diastolic values of Trial 3. 

 

 

 

 

Figure 5.8. CO vs. time for the systolic and diastolic values of Trial 4. 
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As previously described, the importance of Figs. 5.1 – 5.4 was to simulate scenarios in 

which the patient has aortic pressures in systole and diastole that are significantly greater than 

the minimum values for classification as Stage 2 hypertension. The results of these simulations 

illustrate the effectiveness of the controller, as the aortic pressure is reduced from the 

hypertensive diastolic value of 0.9 to the desired diastolic values from Table 5.1; furthermore, 

the controller design is able to reduce the hypertensive systolic pressure value of 1.8 to the 

desired systolic pressure values indicated in Table 5.1. An interesting phenomenon that arises 

from altering the desired aortic pressures is observed if one compares the results obtained in 

Trials 1 and 2 (Figs. 5.1 and 5.2) to those obtained for Trial 4 (Fig. 5.4). In this comparison, it is 

apparent that by increasing the difference between  and , or by solely reducing , a more 

gradual decrease of  during diastole occurs, which results in a longer heartbeat duration. This 

phenomenon is reiterated in Figs. 5.5 – 5.8, as this causes a reduction in the CO for Trial 1 and 

Trial 4. This illuminates that the CO is a byproduct of the controller design and cannot be 

maintained. Because of its ability to track to any given values of systolic and diastolic pressures, 

the controller design is sufficient in achieving the objective of completely controlling the aortic 

pressure.  

 Although they provide the necessary insight into the controller’s ability to reduce aortic 

pressures, Figs. 5.1 – 5.8 do not describe the controller’s response throughout the simulation; 

therefore, Figs. 5.9 – 512 were created to illustrate the control effort and other important 

characteristics that result from the controller. It is important to note that these plots are similar 

for each of the four trials, so it is only necessary to incorporate the response for one case; 

therefore the  and  values for Trial 3 are displayed.  
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Figure 5.9.  vs. time for Trial 3. 

 

As depicted in Fig. 5.9,  spikes to a maximum value of approximately 1.35 at the 

termination of diastole and beginning of systole, at which point it rapidly decreases to a 

minimum value of approximately -0.2. A negative  value indicates that the LV is completely 

emptied during systole, but this is not physically possible. The LV pressure profile in Fig. 5.9 

should be an approximation to the curve labeled ‘Ventricle’ from the Wiggers diagram that was 

presented in Chapter 1, which it does, illustrating the controller’s ability to alter the aortic 

pressure in a patient while maintaining the heart’s ventricular pressure profile and functionality. 
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Figure 5.10.  vs. time for Trial 3.  

 

Figure 5.10 illustrates the control effort required to produce the desired systolic and 

diastolic pressures in the aorta that were displayed in Fig. 5.3. From this, it is apparent that the 

volume in the LV must increase to 2.5 times the stroke volume to achieve the desired diastolic 

pressure and decreases to 1.56 times the stroke volume to achieve the desired systolic pressure. 

These values indicate that the LV must be capable of achieving a cardiac reserve value of 1.6, 

which is a realistic value attainable by patients.  
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Figure 5.11.  vs. time for Trial 3. 

  

An important observation found by comparing Figs. 5.10 and 5.11 is that  is related to 

 based on the first-order differential equation described in the analysis of Chapter 2. Due to 

this relation, the responses of the two non-dimensional quantities are very similar, an expected 

outcome due to the small time-delay value associated with this system; moreover, as the time-

delay approaches zero,  will approach . Perhaps the most trivial plot that arises from the 

configuration in Scenario 2 is illustrated in Fig. 5.11. It describes the controller design’s 

‘switching’ of  from its diastolic to systolic value for each heartbeat duration. This 

characteristic plot reiterates what was described previously: that the LV spends the majority of 

the heartbeat duration in its diastolic phase. 
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5.3. Conclusion 

 In this chapter, the results generated for a scenario in which the systolic and diastolic 

pressures of the aorta were in the range of Stage 2 hypertension were presented to completely 

examine the efficacy of the controller designed in Chapter 3. From this scenario and its results, 

the controller design demonstrated that it is capable of achieving the following: reducing aortic 

pressures above desired systolic and diastolic values to any set of independent desired pressure 

values with only a small decrease in cardiac output.  
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CHAPTER 6. CONCLUSION 

 

 

 The objectives of this thesis were the following: derive a set of two new pressure-rise-rate 

equations for describing the pressures in the LV and in the aorta, create a novel controller that 

alters only LV volume to reduce aortic pressures to treat RH, and design a simulator that mimics 

the LV throughout the duration of a heartbeat. The remaining paragraphs are introduced to 

conclude the key concepts, ideas, and outcomes each chapter had on achieving these objectives.  

 In Chapter 1, the fundamental ideas of the cardiovascular system as a whole were 

introduced and described explicitly. These concepts were then utilized to define the complex and 

prevalent problem of RH and the inability physicians currently have to control the aortic pressure 

in these patients. The literature review was conducted to substantiate the claim that no treatment 

options exist for RH that can reduce hypertension without causing substantial risks to the patient 

and to discuss the shortcomings the traditional Windkessel model has in describing the arterial 

system. All of this lead to the development of the following hypothesis: LV volume can be 

controlled to reduce the aortic pressure in patients with resistant hypertension. From this 

hypothesis, it was determined that the optimal way to determine the answer was to design a 

novel controller that attempts to control LV volume and to design a mechanical simulator to test 

the controller design experimentally. 

 Because the controller requires the kinematic equations that define the LV, the analysis in 

Chapter 2 was conducted to derive these fundamental equations. The analysis began with 

deriving the pressure-rise-rate equations for both the LV and aorta, which completely describe 

the pressures necessary to characterize hypertension. The flowrates of blood across the mitral 
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and aortic valves were then given in terms of these pressures and implementing the 

approximation that the valves function as ideal check valves that do not allow for the 

regurgitation of blood. This analysis provides the necessary equations to design a controller to 

reduce aortic pressure, and the governing equations were non-dimensionalized to allow for the 

controller’s design to be implemented in any similar system that contains the same relevant 

dimensional variables. 

 As aforementioned, the main objective of this thesis was to design a novel controller that 

alters only LV volume to control aortic pressure. Chapter 3 outlined the design of this controller 

explicitly. A key feature of the controller design was that the time to complete the complex 

process of ventricular filling and emptying was approximated by defining a desired first-order 

response for the LV that incorporates a time constant that is dependent on the physical 

parameters of the cardiovascular system.  

 Chapter 4 provided the overall design of the LV simulator that will be used for 

experimental verification of the controller design in future work. The simulator’s design began 

with discovering that the LV of the human heart is mechanically similar to a slider-crank 

mechanism generally, but as an in-line slider-crank mechanism specifically. To allow for 

variations in simulations, the simulator was designed to have three different stroke volumes (40, 

70, and 100 ml) and displace the fluid at any desired rate. After designing an effective and 

efficient slider-crank mechanism, a system of two pinions and gears with a gear ratio of 12:1 was 

implemented to reduce the requirements of torque and angular velocity at the crank so that a DC 

motor could be incorporated into the system. The RPX32-150 brushless DC motor was selected 

based on its performance, and this selection led to the selection of the following necessary 

components to drive and control the motor with the controller designed in Chapter 3: a motor 
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driver (EA47-18), a data acquisition card (NI myRIO-1900), a power supply (HRP-450-24), and 

a computer with LabVIEW software. 

 Because the objective of this thesis was to develop a controller capable of reducing the 

effects of RH by altering LV volume, Chapter 5 was written to illustrate the effectiveness of the 

controller design outlined in Chapter 3. In this chapter, four cases were given that outline the 

important aspects of the controller’s capability of reducing aortic blood pressures to desired 

systolic and diastolic values, which translates to reducing the effects of RH. Four trials were 

given to illustrate the controller’s ability to reduce the aortic pressures in systole and diastole 

associated with Stage 2 hypertension. The response to an initial aortic pressure that is 

significantly higher than the desired systolic pressure and the controller’s ability to reduce this 

pressure to the desired systolic and diastolic values for a heartbeat. As depicted in the figures of 

Chapter 5, the controller is capable of achieving this control; however, the control of CO is no 

longer attainable, as it is now a function of the controller and not explicitly defined. This is not 

an ideal outcome, as a healthy CO is necessary to maintain patient health; however, the results 

indicate that CO only decreases slightly whenever the largest difference between the desired 

systolic pressure and the diastolic pressure is prescribed. It is unique because it defines three 

different values for both diastolic and systolic pressure for a given peripheral resistance value 

and desired LV volume values. The resulting figures of this scenario presented in Chapter 5 

provide an insight into the novelty of this controller: that any values of diastolic and systolic 

pressure are obtainable from the controller design and can be independently set by the physician.  

 From the controller design to the results of the simulations that utilize this design, one 

thing is abundantly clear: based on the analytical model in Chapter 2 to described the kinematics 

of the LV, LV volume is a controllable variable within the cardiovascular system that can lead to 
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a reduction in aortic pressure and can be manipulated to treat RH. Although the simulated results 

of the controller design illustrate the ability to control aortic pressure throughout the duration of 

a heartbeat, further investigation must be done to compare these simulations to experimental 

results obtained from the designed mechanical simulator and determine the actual effects the 

controller has on aortic pressure. 
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APPENDIX A. MATLABÒ PROGRAM 

 

 

 MATLAB, a computer program capable of interacting with the controller designed in 

Simulink, was used to completely describe the system and initiate the controller. Two files were 

created, one of which is the S-Function of the desired LV volume and the other is the script file 

to run the simulations of the controller. Both of these files are provided in this appendix. The 

design of the controller was described explicitly in Chapter 3, and the results that result from 

these MATLAB files were presented in Chapter 5.   

 

S-FUNCTION 

function [sys,x0,str,ts] = VD_hat_ND(t,x,u,flag) 
function [sys,x0,str,ts]=mdlInitializeSizes 
% sizes array. 
sizes = simsizes; 
sizes.NumContStates  = 0; 
sizes.NumDiscStates  = 0; 
sizes.NumOutputs     = 1; % WE OUTPUT (VD_hat) 
sizes.NumInputs      = 2; % WE INPUT (dPa_hat,Pa_hat) 
sizes.DirFeedthrough = 1; 
sizes.NumSampleTimes = 1;   % at least one sample time is needed 
sys = simsizes(sizes); 
% initialize the initial conditions 
x0  = []; 
% initialize the array of sample times 
ts  = [-1 0]; 
% end mdlInitializeSizes 
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function sys=mdlOutputs(t,x,u) 
%  LEFT VENTRICLE MODEL 
%  Input parameters ... 
    dPa_hat = u(1); % Time-Derivative of Aortic Pressure ... 
    Pa_hat = u(2); 
%  Non-Dimensional Quantities Required 
    Ps = 1.2; % Non-dimensional Systolic Pressure 
    Pd = 0.8; % Non-dimensional Diastolic Pressure 
    VD_hat_d = 8; % ND Desired diastolic LV volume 
    VD_hat_s = 1; % ND Desired systolic LV volume 
%  Calculate the pressure-rise-rate in the left ventricle 
if Pa_hat > Ps  % Over-pressurized aorta 
    VD_hat = VD_hat_d; 
elseif Pa_hat < Pd  % Under-pressurized aorta 
    VD_hat = VD_hat_s; 
elseif Pa_hat > Pd && Pa_hat < Ps && dPa_hat > 0  % Systole 
    VD_hat = VD_hat_s; 
elseif Pa_hat > Pd && Pa_hat < Ps && dPa_hat < 0  % Diastole 
    VD_hat = VD_hat_d; 
end     
%   End the program ... 
sys = [VD_hat]'; 
end mdlOutputs 
end 
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SCRIPT FILE 

% This m-file is used to run the Non-Dimensional Simulation of the LV system. 
clear all; close all; clc; 
%% Units used for each type of quantity 
% Flowrate (Q) -- [ml/s] 
% Volume (V) -- [ml] 
% Pressure (P) -- [mm-Hg] 
% Compliance (C) -- [ml/(mm-Hg)] 
% Peripheral Resistance (R) -- [(mm-Hg s)/ml] 
% Pressure-Rate (dP) -- [mm-Hg/s] 
% Time -- [s] 
%% Set the known constant parameters 
Rb = 1; % Peripheral Resistance of Body [mm-Hg*s/ml] 
deltaV = 70; % Stroke Volume 
beta = 486.111*Rb; % Fluid-bulk-modulus [mm-Hg] 
C = 1.44/Rb; % Arterial Compliance of Aorta  
Rh = 0.001; % Peripheral Resistance of Heart [mm-Hg*s/ml] 
P_0 = 0.1; % Pressure in Left Atrium [mm-Hg] 
T = 0.8; % Heartbeat Duration [s] 
T_e = 0.3; % Ejection Period of Heart 
T_e_hat = T_e/T; % ND Ejection Period 
T_hat = T/(Rb*C); % ND Heartbeat Duration 
tau = 0.025; % Time Constant [s] 
tau_hat = tau/T; % ND Time Constant 
%% Begin the simulations of the Controller using VD_hat Control 
sim('ND_Diastolic_REV1'); 
%% Plot the Results of VD_hat Control 
figure(1); 
plot(t_hat_Diastolic,Pa_hat_Diastolic,'r-'); hold on; 
ylabel('Non-Dimensional Aortic Pressure','FontSize',22);  
xlabel('Non-Dimensional Time', 'FontSize',22);  



 63 

title('Non-Dimensional Aortic Pressure vs. Time'); 
grid on; hold off; 
figure(2); 
plot(t_hat_Diastolic,Plv_hat_Diastolic); hold on; grid on;  
title('Non-Dimensional Left Ventricle Pressure vs. Time'); 
ylabel('Non-Dimensional LV Pressure','FontSize',22); 
xlabel('Non-Dimensional Time','FontSize',22); hold off; 
figure(4);  
plot(t_hat_Diastolic,Qa_hat_Diastolic); hold on; grid on;  
title('Non-Dimensional Aortic Valve Flowrate vs. Time','FontSize',25); 
ylabel('Non-Dimensional Aortic Valve Flowrate','FontSize',22); 
xlabel('Non-Dimensional Time','FontSize',22); hold off; 
figure(5);   
plot(t_hat_Diastolic,dVlv_hat_Diastolic); hold on; grid on;  
title('ND Time-rate-of-change of LV Volume'); 
ylabel('Time-rate-of-change of LV Volume'); xlabel('ND Time (t/T)'); hold off; 
figure(6); 
plot(t_hat_Diastolic,Vlv_hat_Diastolic); hold on; grid on;  
title('Non-Dimensional LV Volume vs. Time','FontSize',25); 
ylabel('Non-Dimensional LV Volume','FontSize',22); 
xlabel('Non-Dimensional Time','FontSize',22); hold off; 
figure(7); 
plot(t_hat_Diastolic,CO); hold on; grid on;  
title('Non-Dimensional Cardiac Output vs. Time','FontSize',25); 
ylabel('Non-Dimensional Cardiac Output,'FontSize',22);  
xlabel('Non-Dimensional Time','FontSize',22); hold off; 
figure(9); 
plot(t_hat_Diastolic,VD_hat); hold on; grid on;  
title('Non-Dimensional Desired LV Volume vs. Time','FontSize',25); 
ylabel('Non-Dimensional Desired LV Volume','FontSize',22);  
xlabel('Non-Dimensional Time','FontSize',22); hold off;  
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APPENDIX B. LEFT VENTRICLE SIMULATOR DESIGN DRAWINGS 
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