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ABSTRACT 

Heart failure (HF) affects an estimated 5.8 million Americans, accounting for near 

250,000 deaths each year. With shortages in available donor hearts for cardiac 

transplantation, mechanical circulatory support (MCS) has emerged as a vital, life-

saving treatment for advanced stage HF. With growth in MCS use, a clinical and 

developmental need has emerged for a standard characterization and evaluation 

platform that may be utilized by the health care community for inter-device 

comparison and system training. The goal of this research was to harness 

SynCardia’s total artificial heart (TAH) to meet this need. We first sought to 

characterize the TAH in modern physiological terms – i.e. hemodynamics and 

pressure-volume loops. We then built upon this knowledge and developed a model 

of HF using the TAH and mock circulatory system operating in a reduced output 

mode. We demonstrated that MCS devices could be incorporated and evaluated 

within the HF model. Finally, we characterized the operational envelope of 

SynCardia’s Freedom Driver (portable driver), operating against varying loading 

conditions.  

Our results clearly defined the hemodynamic envelope of the TAH, with pressures, 

under normal operating conditions, closely mimicking normal cardiac pressures.  

Uniquely, the TAH was found not to operate with time-varying elastance, and to be 

insensitive to variations in afterload up to at least 135 mmHg mean aortic pressure.   

Consistent with the human heart the TAH did exhibit Starling-like behavior (output 

increasing over a range of increasing preload). After transitioning the setup to mimic 

heart failure conditions, left atrial pressure and left ventricular pressure were noted to 

be elevated, aortic flow was reduced, and Starling-like behavior was blunted, 
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consistent with human heart failure. Pressure-volume relationships demonstrated 

partial preservation of preload augmentation, and enhanced sensitivity to afterload. 

The system was then configured to allow ready addition of ventricular assist devices, 

which upon placement in the flow circuit resulted in restoration of hemodynamics to 

normal. Lastly, we demonstrated that the Freedom Driver is capable of overcoming 

systolic pressures of 200 mmHg as an upper driving limit.  

Understanding the physiology and hemodynamics of MCS devices is vital for proper 

and safe use, future device development, and operator training. Characterization of 

the TAH affords insight into the functional parameters that govern artificial heart 

behavior providing perspective on differences compared to the human heart. The 

use of the system as a heart failure model has the potential to serve as a valuable 

research and teaching tool to foster safe MCS device use.   
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CHAPTER 1 - THE HEART, HEART FAILURE, AND 
MECHANICAL CIRCULATORY SUPPORT DEVICES 

 

The human heart is an exquisitely built machine. It reliably beats 100,000 times a 

day, up to 35 million times per year, and about 2.5 billion times in a life-time1. It can 

pump with minimum loading volume and conversely against significantly elevated 

blood pressure. It performs at rates as low as 30 or as high as 220 beats per minute, 

produces cardiac outputs over 20 liters per minute, and has the ability to beat and 

function independently of extracardiac stimuli2. Incredibly, the human heart fulfills 

these feats while only being the size of one’s fist, averaging 250 grams for women 

and 300 grams in men, taking its only rest in between beats during the span of a 

person’s life3,4. 

It is unquestionable that the human heart and the vasculature together make up a 

remarkable system. Thus far, investigators have been unable to completely duplicate 

the sum of its intricacies. Nevertheless, researchers, engineers, and clinicians have 

made astounding progress in the areas of both mechanical systems and tissue 

engineering to push the field closer to developing truly artificial organs. Systems 

have been created that can begin to assist, replace, and repair heart function as 

treatment options for heart failure. Herein, a brief overview of the working 

mechanisms of the mammalian heart will be discussed, followed by an overview of 

heart failure and the realm of mechanical devices as a means to heart replacement.   
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THE MAMMALIAN HEART 

CARDIAC MUSCLE 

When compared to skeletal muscle fibers, cardiac muscle fibers are shorter, less 

circular, exhibit branching, and are organized in a staggered pattern. Each muscle 

cell connects to neighboring cells through intercalated discs, which function to hold 

the cells together and allow action potentials to move easily from one cell to another. 

This permits heart cells (cardiomyocytes) to function as a single, coordinated unit1. 

Similar to skeletal muscle, the cardiac muscle utilizes actin and myosin arranged in 

highly organized lattices as the basic force-generating unit within the muscle fiber, 

i.e. through cross-bridge cycling3. Muscle action potentials (generated by the heart’s 

spontaneously depolarizing “autorhythmic cells”) in the heart trigger physical 

contraction of the force-generating proteins, actin and myosin, through the process 

of excitation-contraction coupling, shown in Figure 1.1. The major event in the 

process is a drastic increase in intracellular Ca2+ concentrations. This occurs through 

the inflow of calcium through depolarization activated calcium channels (L-type), 

which in turn cause a substantial release of Ca2+ from the cell’s sarcoplasmic 

reticulum. Elevated intracellular Ca2+ concentrations allow calcium ions to bind to 

myofilament proteins, which activate contraction machinery within each cell. In order 

for relaxation to occur, intracellular calcium concentrations must decline, causing 

Ca2+ to dissociate from contractile machinery within each cell. The process of 

excitation-contraction coupling regulates intracellular calcium concentrations, which 

in turn controls the force of contraction4.  
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Figure 1.1: Excitation-contraction coupling and sarcoma shortening 

L-type calcium channels open with the depolarization of the membrane, allowing calcium to flow 
into the intracellular space. This triggers the release of calcium from the sarcoplasmic reticulum. 
Calcium then interacts with contractile proteins in order to allow contraction to occur. For 
relaxation to occur, intracellular calcium concentrations must decline and must dissociate from 
the contractile proteins. 4 

LENGTH-TENSION RELATIONSHIPS 

The behavior of cardiac muscle can be influenced by muscle length at the time of 

contraction. An illustration of an experiment utilizing muscle placed at three different 

lengths via tension is shown in Figure 1.2. As length is increased from the shortest 

tested length to the middle length, force generated by the cardiac muscle is greater. 

However when the cardiac muscle is further stretched, muscle generated force 

actually decreases. To achieve peak isometric (constant length) tension, a resting 

muscle must be stretched to an ideal length, Lmsx. When at “ideal length” before 

contraction, actin and myosin within myofilaments are able to achieve maximum 
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interaction, thus creating ideal conditions for maximum force generation, see Figure 

1.3. Furthermore, myofilaments have increased sensitivity to calcium as their length 

is increased, triggering even greater force generation with increased fiber length. 

Typically, cardiac muscle operates at lengths below Lmax, thus increased muscle 

length (caused by increased preload—ventricular filling) generally correlates to 

higher developed tension. This length-tension relationship exhibited by cardiac 

muscle has a powerful effect on heart function and is related to how the heart 

responds to variations in preload4.   
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Figure 1.2: Isometric contractions and the effect of muscle length on tension 
development 

The top panel displays an experimental setup for measuring muscle generated force at 3 different 
lengths at rest and while contracting. The middle panel displays time records of muscle tensions 
at each of the three lengths in response to an external stimulus. The lower panel displays a graph 
of the resting and peak tension results plotted against muscle tension.4 
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Figure 1.3: Length-tension curve for a strip of cardiac muscle.  

The active tension curve is derived by subtracting the passive tension from the total tension at 
each length. Lmax occurs at the peak of the active tension curve.3  

 

STRUCTURE 

The mammalian heart is a four-chambered structure, comprised of right and left atria 

and right and left ventricles, operating as two pumps in series. The “right heart” 

consists of the right atrium and the right ventricle and provides blood flow from the 

venous system (deoxygenated) into the pulmonary circulation (lungs). The “left 

heart” consists of the left atrium and the left ventricle; it functions to provide blood 

which has been oxygenated in the pulmonary circulation to the rest of body2. The 

atria function principally as large reservoirs for their respective ventricle. They are 

thin-walled and have low-pressures within; when they contract, their function is to fill 

the ventricle. The ventricles, conversely, contain thicker walls of muscle used to 

propel blood through the entire vasculature. Ventricular ejection occurs by the 

contraction of the cardiomyocytes in the ventricular wall causing first the 
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development of tension followed by a reduction in cardiomyocyte length, which 

correlates to a reduction in the inner ventricular space. As the ventricular wall 

constricts, inner ventricular pressure rises until the ventricle’s outflow valve opens 

and allows blood to exit the ventricle. The left ventricle develops an inner pressure 

about seven times that of the right ventricle and the left ventricular wall is 

considerably thicker than the right because it needs to provide flow throughout the 

body2. It must work against greater pressure and against gravity as it must get blood 

up to the head and throughout the body’s extremities. 

The heart contains four valves, which function to keep blood flowing uni-directionally 

through the organ. Atrioventricular valves reside between the atria and ventricles, 

which open during filling of the ventricle. The outflow valves of the left and right 

ventricle are termed semilunar valves because they are made of three crescent 

shaped cusps. The left ventricle’s outflow valve is called the aortic valve and the 

right is called the pulmonary valve. Each valve opens when the pressure inside the 

ventricle reaches a pressure that is higher than that of the aortic or pulmonary 

(outer) pressure. Once the valves open, blood will be pushed from inside the 

ventricle to its respective artery1.  

THE CARDIAC CYCLE 

The function of the heart can be described by pressure, volume, and flow changes 

throughout one cardiac cycle. One complete sequence of relaxation and contraction 

defines one cardiac cycle. An overview of the events is shown in Figure 1.4 and the 

Wiggers Diagram shown in Figure 1.5 from the perspective of the left heart. The 

cycle begins with diastole; the diastolic phase commences with the opening of the 

atrioventricular valve allowing blood to flow into the ventricle. This occurs once the 
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ventricles have an inner pressure that is lower than atrial pressure. Once the valves 

open, blood collected in the atria will rapidly flow into the ventricles (passive filling). 

Eventually, pressures in the atria and ventricle will reach equilibrium and the two 

chambers will fill together as blood returned from the venous system enters the 

heart. Atrial contraction will then be initiated near the end of ventricular diastole by 

the depolarization initiated by the autorhythmic cells located in the sinoatrial node in 

the right atrial wall. Atrial contraction will push an additional amount of blood into the 

ventricle (active filling) before the ventricle begins its contraction. Ventricular systole 

begins once the action potential reaches the ventricles. Once the ventricles begin to 

contract, the atrioventricular valves close immediately. The period after the 

atrioventricular valves close and before the semilunar valves open is called 

isovolumetric contraction and the volume that resides within the ventricle at this point 

in time is termed end diastolic volume (EDV- the most volume that will be in the 

ventricle during that cardiac cycle). During this phase of the cycle, the ventricles are 

generating pressure (first through increased tension by the cardiomyocytes); the 

semilunar valves will only open once the inner ventricular pressure is greater than 

the outer arterial pressure. Ventricular ejection begins with the opening of these 

valves. Once the valves open, blood ejects rapidly into the arteries causing the 

arterial pressure to rise. Pressure will then continue to rise in both the ventricles and 

the arteries as the ventricular walls continue to contract, constricting the inner 

ventricular space, until peak systolic pressure is reached. After peak pressure is 

achieved, the strength of ventricular contraction will diminish until the pressure within 

the ventricles is less than that of the arterials. At this time, the semilunar valves will 

close and the ventricle will continue to relax until the atrioventricular valve opens and 

diastole begins once again. The amount of blood that remains in the ventricle at the 



 26 

time of the semilunar valve closure is termed the end-systolic volume. The stroke 

volume, or amount of blood ejected during the cardiac cycle is the end-diastolic 

volume minus the end-systolic volume.   

The Wiggers diagram, seen in Figure 1.5 is a common method to display the events 

occurring in one cardiac cycle on a single plot with a common x-axis (time), allowing 

physicians and physiologists to observe the relationship between pressure, volume, 

and electrical potential throughout cardiac cycles.  
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Figure 1.4: Event summary during one cardiac cycle. 

A represents diastole, during which the muscle fibers are relaxed and the heart is filling. B 
represents systole, which can be further broken down into three periods: C isovolumetric 
contraction, during which sarcomere length does not change, but pressure increases D ejection, 
pressure inside the ventricle rises high enough during isovoumetric contraction that the outflow 
valve opens to allow ejection. E isovolumetric relaxation, during which the ventricle relaxes before 
filling. 4 
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Figure 1.5 Wiggers Diagram 

The Wiggers diagram is used to describe aortic pressure, atrial pressure, ventricular pressure, 
and, ventricular volume on the same axis with the electrocardiogram and sometimes the 
phonocardiogram (heart sounds).  (http://en.wikipedia.org/wiki/Wiggers_diagram) 

 

The major difference between the right and left sides of the heart during one cardiac 

cycle is the magnitude of pressures that are produced during the contractions. 

Because the lungs produce less resistance to blood flow than the systemic 

vasculature, less pressure is needed to pump blood through the pulmonary 

circulation (from the right side of the heart).  
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THE FRANK-STARLING RELATIONSHIP 

The length-tension relationship within the sarcomeres can be extrapolated to 

describe the whole heart and its interaction with the blood that fills it. Physiologists 

Otto Frank and Ernest Starling studied the effect of inner ventricular pressure via 

fluid (increased inner fluid functions to stretch the ventricular cardiomyocytes, much 

like fluid filling a water balloon will stretch the elastic balloon as liquid is added) on 

heart contraction and stroke volume. Their pioneering work on the behavior 

described the hearts capacity to pump a volume of blood equal to that which it 

receives. This behavior is termed the Frank-Starling law of the heart, which states 

that the volume ejected during one cardiac cycle is proportional to the length of the 

muscle fibers before contraction5. The length of the fibers before contraction is 

dependent on the amount of blood that resides in the ventricle before contraction, 

the end-diastolic volume. Thus, stroke volume is directly related to filling volume. 

Figure 1.6 shows a plot of the relationship between end-diastolic volume and cardiac 

output in the human heart. Note the similarity in curve shape to that of the length-

tension relationship seen in the sarcomere.  
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Figure 1.6: Frank-Starling Curve 

As end-diastolic volume is increased, sarcomeres are stretched to a greater length. Thus, a 
greater force of contraction is generated and the ventricle is able to displace more blood, 
increasing cardiac output. This ensures that the blood filled during diastole is always ejected. 

 

PRESSURE-VOLUME RELATIONSHIPS IN THE VENTRICLE: TIME-VARYING ELASTANCE  

The assessment of the left ventricular systolic and diastolic pump functionality is 

fundamental to understanding the ventricular characteristics, especially during heart 

failure, discussed later. The utility of pressure and volume analysis for the purpose of 

understanding cardiac function began when Frank and Starling first discovered the 

Frank-Starling law of the heart. However, at that time, it was difficult to use this 

principal clinically due to difficulty in calculating volume inside a pumping ventricle6. 

In the 1970s and 1980s, isolated blood-perfused canine heart models were used to 

further understand the relationship. These pivotal studies established the end-

diastolic and end-systolic pressure-volume relationships and defined how they could 

be utilized to characterize ventricular functionality. Utilizing findings from these 

canine models, techniques were developed in the 1980s and 1990s, to use pressure 

and volume to evaluate cardiac function. Presently, a growing number of scientists 
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and clinicians use pressure-volume analysis to characterize ventricular function, in 

both research and clinical settings. It has become standard in many animal models 

and doctors use them clinically to assess patient condition. 

As discussed with the Frank-Starling law of the heart, ventricular pressure and 

volume are linked to the tension and length of the sarcomeres2. This relationship can 

be plotted as a series of loops, each loop representing a single cardiac cycle, shown 

in Figure 1.7. In a pressure-volume loop, the phases of a cardiac cycle are displayed 

through plotting instantaneous pressure versus volume. Loops repeat with every 

cardiac cycle and display how the ventricle transitions from its end-diastolic state to 

the end-systolic state and back7. The loop is highly dependent on the length-tension 

relationship and the shape corresponds to the length-tension relationship of the 

sarcomeres, refer to Figure 1.3. The cardiac cycle begins with the opening of the 

mitral valve at end-systolic volume. The ventricle then fills until it reaches end-

diastolic volume; this act of filling passively stretches the resting cardiac muscles 

and the pressure and volume reached at end diastole is termed preload, correlating 

to the length at which the cardiomyocytes reside after the ventricle is full. At the 

termination of filling, the mitral valve opens and isovolumetric contraction begins. 

During this phase volume stays constant and pressure rises as the ventricle 

contracts until the aortic valve opens. Ejection occurs when the valve is opened and 

pressure continues to increase as inner ventricular volume decreases. Once peak 

systolic pressure is reached, inner ventricular pressure diminishes until the aortic 

valve closes, at which point end-systolic volume is reached. Isovolumetric relaxation 

then occurs until the mitral valve opens once again. The width of each pressure-
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volume loop represents the stroke volume of the cardiac cycle, as stroke volume is 

end-diastolic volume minus end-systolic volume.  

 

 

Figure 1.7: The Pressure-Volume Loop  

The pressure-volume loop explains the pressure and volume changes that occur during one 
complete cardiac cycle, as the ventricle transitions between diastole and systole by plotting 
instantaneous pressure vs. volume. Important events occurring during one cycle on the loop are 
labeled accordingly. 4 

 

As the heart transitions from each phase of the cardiac cycle, the properties of the 

ventricular wall are also changing due to cardiomyocytes generating tension and 

shortening during contraction.  
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THE EFFECTS OF PRELOAD AND AFTERLOAD ON PRESSURE-VOLUME LOOPS 

The relationship between preload and pressure-volume can be seen in Figure 1.8. 

Note that as preload is increased, the peak systolic pressure that can be reached is 

higher and the width of each loop (stroke volume) increases with increased preload, 

recall that cardiomyocyte force generation is increased with added preload. When 

multiple pressure-volume loops are plotted together in series to display variation in 

loading conditions (while contractility remains constant), as is seen in Figure 1.8, the 

end-diastolic volumes and pressures can be plotted to display the end-diastolic 

pressure-volume relationship (EDPVR) and the end-systolic pressure and volume 

can be plotted and connected to display the end-systolic pressure volume 

relationship (ESPVR). The EDPVR defines the passive physical properties of the 

chamber with the muscles in their most relaxed state, i.e. how well the ventricle is 

during its filling state. ESPVR characterizes properties of the chamber with the 

muscles in their most activated state, i.e. properties occurring during systole. The 

slope of ESPVR gives insight into the elastance of the ventricle and the shape of 

EDPVR give insight into the ability of the ventricle to fill6. 



 34 

 

Figure 1.8: Mammalian Heart Pressure-Volume Loops with Preload Variation 

The figure depicts how pressure-volume loops vary when variations of preload are applied to the 
ssertation todayventricle, while keeping all other variables constant. As can be seen, with low 
preload stroke volume (width of the loop) and peak systolic pressure (height of the loop) both 
lower compared to higher preload scenarios. As increased preload is placed on the ventricle, the 
length at which the cardiomyocytes begin systole is longer, enabling them to generate increased 
force during contraction. This leads to both an increase in stroke volume and an increase in 
pressure during systole. 6 

 

In contrast, variations in systemic arterial pressure (or pulmonary arterial pressure in 

the case of the right ventricle), or afterload, can also affect the pumping actions of 

the heart. These changes can be clearly seen on a pressure-volume loop. The 

pressure-volume loops in Figure 1.9 describe changes within the cardiac cycle when 

afterload is increased (preload and other variables held constant). As can be seen, 

increased afterload has a negative effect on stroke volume (decreased loop width). 

This is due to the fact that the increased arterial pressure makes it more difficult for 
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the sarcomeres to shorten and greater intraventricular pressure needs to be 

generated to open the outflow valve. 

 

Figure 1.9 Mammalian Heart Pressure-Volume Loops with Afterload Variation 

The figure depicts how pressure-volume loops are affected with variations in afterload, while all 
other variables remain constant. As can be seen, greater stroke volume (width of the loop) and 
lower systolic pressure (loop height) are seen with lower afterload compared to the loops 
generated during high afterload conditions. 6  

 

The preceding pressure-volume loops display changes in loop shape with variations 

in loading conditions while the heart contractile state remained constant. Figure 1.10 

displays how the ESPVR will vary with variation in inotropic state (contractility). As 

can be seen from the figure, an increase in inotropy will increase the slope of 

ESPVR (Ees) and a decrease in inotropy will decrease the slope of ESPVR. 
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Figure 1.10 Effect of contractility variations on the ESPVR. 

The figure depicts how the ESPVR of a given set of pressure-volume loops will respond to 
changes in contractile state by increasing or decreasing it’s slope (a change in Ees). An increase 
inotropy (contractility) will increase the slope of ESPVR and a decrease in inotropy will decrease 
the slope of the ESPVR 6 

 

The properties described in the above sections detail how a healthy mammalian 

heart functions. Although the preceding information only grazed the surface of the 

pool of information relating to heart function, it is clear that the heart operation is a 

complex and delicate process. When a single piece of the puzzle is out of balance, 

the cardiovascular system has astounding methods of compensating. However, 

these compensation techniques are not always enough. In that case, a healthy heart 

could turn into an overworked, failing heart.  
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HEART FAILURE 

Affecting an estimated 5.8 million Americans and accounting for approximately 

250,000 deaths each year, heart failure remains one of the leading causes of 

hospitalization among older adults to date8,9. Despite the advances in the treatment 

and prevention of all forms of heart disease, heart failure continues to be on the rise, 

with a diagnosis rate of 550,000 new patients per year10. Indirect and direct costs for 

treating heart failure (HF) surpasses $64 billion dollars per year and are continuing 

to rise, creating a high economic burden11. 

The etiology of heart failure is varied. It can result from myocardial ischemia (lack of 

oxygen) or infarction (death), persistent overload (i.e. high blood pressure), or a 

myopathy of the heart (disease of the heart muscle). All major forms of 

cardiovascular disease can lead to heart failure. Loss of more than a third of the left 

ventricle results in early signs and symptoms of heart failure, which are described 

below.   

Heart failure is a clinical syndrome in which cardiac output becomes inadequate to 

meet the needs and demands of the periphery, primarily caused by reduced 

contractility of the heart or problems during systole, i.e. systolic dysfunction3. 

However, failure of the heart can also be caused by inadequate filling of the ventricle 

caused by an increase in ventricular stiffness, making it difficult for the blood to 

stretch and fill the ventricle. Heart failure is the end result of a number of diseases, 

affecting the vasculature and/or the heart itself, affecting its ability to pump 

appropriately12. Generally, with heart failure, the “left heart” is more affected 

compared to the right heart due to the high demand of the left heart to sustain 
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sufficient blood flow to the entire body. However, the right heart can often weaken 

and fail overtime as well, especially if a patient has left ventricular failure (this causes 

increased load on the right heart). In a healthy individual, the right and left portions of 

the heart work together: venous return entering the right heart, passing through the 

pulmonary vasculature and into the left heart. However, when the left heart cannot 

keep up with the right heart, left atrial pressure quickly rises, as blood flow cannot be 

pumped adequately out of the left ventricle. Often, patients with left ventricular failure 

will have left atrial pressures in excess of 20 mmHg. This elevated left atrial pressure 

can cause  “backing up” of the right side and pulmonary portions of the vasculature 

and can cause pulmonary edema—accumulation of fluid in the lungs.  

A high pulmonary pressure puts added stress on the right ventricle, as it must pump 

against a high afterload. Furthermore, the accumulation of fluid in the lungs is a 

heart failure symptom, which is a serious threat to life as it interferes with lung 

function and causes symptoms of shortness of breath3. 

When a patient’s body recognizes that cardiac output is being diminished, it attempts 

to increase cardiac output and organ perfusion by increasing sympathetic activation 

while the kidneys work to increase blood volume. Unfortunately, in a system with a 

failing heart, most of the body’s mechanisms to compensate for a low cardiac output 

actually work against it. For example, the kidneys will retain more water to increase 

fluid volume and thus increase blood pressure in the vasculature. However, the 

increased pressure means the heart has to pump against an increased afterload, 

putting more stress on the already failing heart, recall that increased afterload 

requires the heart to create higher inner ventricular pressure before it can eject3. 

Additionally, remodeling of the heart muscle can occur during this time, often 
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causing the tissue to become stiff and less elastic. This affects the length-tension 

relationships of the sarcomeres, discussed below. Other common symptoms of heart 

failure are breathlessness, fatigue, and signs of fluid retention. At first, these signs 

only occur when the patient is active. However once failure progresses, symptoms 

become increasingly bothersome and are even present at rest.  

FRANK-STARLING AND PRESSURE-VOLUME LOOPS IN HEART FAILURE 

Commonly, heart failure is a result of systolic dysfunction and thus impaired 

emptying of the left ventricle. This causes low stroke volume and therefore an 

inadequate cardiac output. Typically, as the body attempts to compensate for the low 

cardiac output, remodeling of the heart occurs, which affects the length-tension 

relationships of the sarcomeres. For example, Schwinger et. al. used strips from 

failing and non-failing myocardium to show that the failing myocardium is unable to 

utilize the Frank-Starling mechanism, see Figure 1.11. In terms of muscle strips, this 

set of experiments shows that failing heart myocardium is unable to generate 

additional tension even when length, or preload, is increased.  
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Figure 1.11: Developed Tension at varying Preloads. Non-failing and Failing 
Myocardium. 

This graph shows the developed tension as a function of preload in human papillary muscle strips 
from nonfailing and failing myocardium. Data collected by Schwinger, et al. (Schwinger 1994).  

 

From a Frank-Starling perspective, this causes a reduction in the slope of the 
curve, see  

Figure 1.12. A decreased slope in the Frank-Starling curve means that even with a 

higher preload, i.e. greater starting cardiomyocyte length, there is only minimal, if 

any, increase in stroke volume or cardiac output.  
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Figure 1.12: Frank-Starling Mechanisms in Heart Failure 

The figure above depicts the relation between preload and cardiac output as contractility of the 
heart changes. A shows relationship during normal exercise, notice there is a high change in 
cardiac output with small changes in preload, i.e. the slope of the curve is high. B shows the 
curve state at normal rest. There is a slight shift to the right and small reduction in slope, i.e. 
cardiac output does not increase with small increments of length. C and D show the curves during 
heart failure and cardiogenic shock, respectively. As can be seen, there is a large reduction in the 
slope of the curve, implying that even with large increases in preload, there are little to no 
changes in cardiac output.  (www.dfwcfids.org) 

 

From a pressure-volume perspective, heart failure has two manifestations, shown in 

Figure 1.13. During the acute phase, while the body is still able to compensate for 

the failing heart, the end-systolic pressure-volume relationship (ESPVR) shifts to the 

right, but the end-diastolic pressure-volume relationship (EDPVR) remains constant. 

Stroke volume may be decreased compared to a healthy individual, but the body can 

compensate by increasing the heart rate. Once compensation no longer provides 

adequate cardiac output, remodeling of the heart often occurs13. This remodeling 

shifts both the ESPVR and EDPVR curves to the right. End-systolic volume is 

increased compared to normal than the acute compensated heart because it is no 
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longer able to eject as much blood, i.e. the fraction of blood filled compared to the 

volume ejected is lower (ejection fraction is decreased) in heart failure.  

 

Figure 1.13: Pressure-Volume Diagram in Heart Failure 

Systolic and diastolic properties shown by end-systolic and end-diastolic pressure-volume 
relations (ESPVR and EDPVR, respectively) with normal pressure-volume loop (blue). Acute 
decrease in contractility causes shift of ESPVR with reduced stroke volume (red solid line). Acute 
neurohormonal (NH) activation increases heart rate and constricts arteries and veins, which 
increases arterial, venous, and ventricular end-diastolic pressures (dashed purple line). When 
compensation is incomplete and neurohormonal activation persists, remodelling causes shifts 
toward larger volumes of both ESPVR and the EDPVR (green).13 

 

Patients with mild to moderate heart failure can benefit greatly from drug therapy 

while maintaining their disease with lifestyle modifications such as healthy weight 

control, diet, and regular exercise8. However, the survival and quality of life of 

patients with severe cases of heart failure, i.e. those with chronic and severely 

remolded ventricles, are still limited, and the rate of mortality after diagnosis is about 

20-50%8,9.  For these severe cases, drugs are not a viable treatment option, and 

more drastic measures are needed. The current treatment of choice in these patients 

is heart transplantation, which has a 10-year survival rate approaching 50%9,14–16. 

More limiting, however is the fact that there are only about 2,500 donor hearts that 
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become available per year, leaving an enormous number of patients on a lengthy 

transplant list; many of which will die while waiting for the new organ. This dilemma 

creates a large pool of patients without a feasible treatment option9.  

Despite the staggering statistics, tremendous progress in the field has taken place 

over the past 45 years to treat and improve the outcomes of heart failure.  Doctors 

and surgeons not only better understand how to medically and surgically treat 

cardiovascular diseases; they also better understand its basic mechanisms.  The 

death rate from heart attacks decreased 58% from 1970 to 2000 and the death rate 

from all cardiovascular disease fell 45% in the same time frame17. Although 

additional research and understanding of the disease still needs to be completed, 

headway is being made and new methods of treatment are being developed.  

MECHANICAL CIRCULATORY SUPPORT (MCS) DEVICES: VENTRICULAR 

ASSIST DEVICES AND THE TOTAL ARTIFICIAL HEART 

MCS DEVICE HISTORY 

The development and use of the heart-lung machine in the 1950s impacted the 

attitude and ingenuity of the cardiovascular surgery scene, triggering inspiration for 

the development of new, life-saving inventions. The successful use of the heart-lung 

system not only permitted surgeons to be creative with their approaches to surgical 

repair, but also proved that the work of the heart and lungs could be completely 

replaced, at least temporarily, with a machine17.  

In order to decrease the number of patient deaths and increase the quality of life of 

those patients living with end-stage heart failure, development of implantable pumps 

commenced shortly after the success of the heart-lung machine. The early 1950s 
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also marked the experimental beginnings of left ventricular assist devices and the 

total artificial heart. In 1963, Dr. Michael DeBakey successfully implanted the first left 

ventricular assist device, a product designed to assist a damaged or failing ventricle 

by displacing blood from the ventricle and propelling it to the aorta thus “assisting” 

the ventricle in its function. The patient had severe pulmonary edema due to a failing 

left ventricle. Surgeons implanted the assist device by placing the pump inlet directly 

into the left atria and the outlet in the descending aorta. The patient survived 

successfully on the device for four days before expiring due to other complications.  

Following the short-term success of his device, DeBakey wrote a grant to the 

National Institutes of Heath in search of funding to further the research in the area of 

cardiovascular devices. Fortuitously in the 1960s, the NIH began funding artificial 

heart research. After a few years of collaborative research another left ventricular 

assist pump was placed in a woman in 1966. This patient lived successfully with the 

device for ten days before being weaned off the device and making a recovery! The 

next major event in the mechanical device realm was in 1969, which marked the first 

artificial heart bridge-to-transplant. The implantation was risky, completed in an 

emergency situation, and astonishingly, the device was not even approved by the 

FDA at the time, which rose controversy. Nevertheless, the surgery was successful 

and the patient stayed alive for four days on the Liotta total artificial heart, which had 

only been tested in animals up until that point. A donor heart was found on the fourth 

day and the patient was then successfully transplanted with a donor heart18. The 

next hallmark event was the implant of the Jarvik-7 artificial heart into Barney Clark 

in 1982. Although experiencing some major complications, he survived almost four 

months on the device17. This marked a huge accomplishment for the field and 
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proved that artificial organs could be a long-term treatment options for patients that 

had no other treatment option available.  

Since these early days, the concept of circulatory assistance has made great 

progress. Mechanical circulatory support (MCS) devices have been developed as a 

viable therapeutic option for patients with advanced stages of heart failure; they also 

decrease the number of deaths of patients waiting for a donor heart and increase the 

quality of life of those with severe disease19. MCS devices can provide either full or 

partial ventricular support and the short-term use of these devices can normalize 

hemodynamics in the patient, improve organ dysfunction, and allow patients to be 

released from the hospital while they wait for a transplant organ20.  

VENTRICULAR ASSIST DEVICES 

Ventricular assist devices (VADs) function to increase the output of a single ventricle 

through pulsatile or continuous flow setups in patients experiencing end-stage, 

single ventricular failure. Most often, left ventricular failure—thus the term left 

ventricular assist device (LVAD). In patients with right ventricular failure, the assist 

device is implanted, termed right ventricular assist device (RVAD). The use of 

RVADs in patients experiencing isolated right ventricular failure is low among the 

implant population, as most patients experience left ventricular failure18,21.  VADs can 

provide a range of outputs, from 2 to 7 L/min, and a number of different devices are 

currently available on the market17,22,23. In patients requiring bi-ventricular support 

(due to left and right ventricular failure), the ventricular assist devices can be setup 

as Bi-VADs, in which two VADs are placed into a single patient, one device placed in 

each ventricle21.  
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The first VADs operated pneumatically, which provided pulsatile blood flow, though 

more recent devices function through axial or centrifugal pumping actions, which 

each offer continuous blood flow, see Figure 1.14 and Figure 1.15 for device 

diagrams24. Although sacrificing flow pulsatility, continuous flow pumps have gained 

popularity over the early pulsatile devices due to the fact that the continuous flow 

devices can be made smaller while maintaining ample flow rates. The long-term 

continuous versus pulsatile flow that these devices provide seems to show negligible 

effect on patient survival and organ function24.   

 

Figure 1.14: Axial Flow Ventricular Assist Device 

Axial flow pumps operate through a spinning impellor motor, which functions to provide 
continuous flow of blood through the pump. (www.novenaheartcentre.com) 
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Figure 1.15: Centrifugal Flow Ventricular Assist Device 

Centrifugal pumps operate through use of the centrifugal force. Blood flows into the center of the 
pump and the spinning impeller causes blood to be pushed to the outer portion of the pump 
before it is exits the pump and the flow is placed into the aorta25.  

 

Ventricular assist devices are, no doubt, life saving instruments; in 2009 there were 

two completed trials, which compared the survival rates of patients with severe end-

stage heart failure treated using either inotropic drugs or pulsatile mechanical 

circulatory support. Results showed that functional capacity and quality of life was 

superior in patients treated with ventricular assist devices26,27. Newer rotary 

continuous flow pump technology has been shown to improve patient 

hemodynamics, end-organ function, and quality of life for those patients waiting for 

heart transplantation, and to an even higher degree than the pulsatile blood 

pumps26. However, the devices are not without flaw and development will continue 

for the foreseeable future. Complications such as right heart failure, hemolysis, 

gastrointestinal bleeding, thrombogenesis, and acquired Von Willebrand syndrome 

are some of the clinical symptoms of device implantation28. Earlier devices, which 
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were large and bulky, also came with abdominal complications such as intestinal 

blockage and fistulas29. Other complications such as infection, hemolysis, and 

device failure are problems that must be kept in mind when new devices are being 

developed. That being said, VADs are rapidly evolving in order to minimize the 

aforementioned side effects of device support. With the continual improvement in 

technology and the ingenuity of the device support community, there will be a 

plethora of new devices in the upcoming decade. That being said, the future of 

mechanical circulatory devices will also require the use of a platform to 

interchangeably test support devices for both development and clinical treatment 

approaches. 

THE TOTAL ARTIFICIAL HEART 

In patients with failing left and right ventricles, biventricular support is obligatory. 

Though VADs can be configured such that a patient has one VAD assisting each 

ventricle, this Bi-VAD setup can often be complex, as the patient must have two 

controllers and double the batteries of a typical VAD patient. Thus, the total artificial 

heart was developed to address this need, assisting patients with bi-ventricular 

failure by replacement of the ventricles. Over the past two decades, a number of 

total artificial heart systems have been developed; however, by the early 2000s, only 

two systems had progressed to regulatory level trials: the electrohydraulic TAH, 

AbioCor, and the pneumatic pulsatile TAH (SynCardia Systems, Inc)22. Of the two, 

SynCardia’s TAH was (and is) the only one to reach clinical use and acceptance; it 

has had pronounced clinical success as a life-saving mechanical support device in 

patients with end-stage biventricular heart failure30,31. In addition, two other TAHs are 

currently in their development phase: the CARMAT and the ReinHeart total artificial 



 49 

heart systems, each with their own unique characteristics. The four TAHs each work 

in a slightly different method, utilizing different materials and pumping technology, 

each attempting to mimic the function of the complex human heart. Below is a brief 

description of each.  

The AbioCor TAH 

The AbioCor TAH, developed by AbioMed was the world’s first fully implantable 

TAH. First inserted in man in 2001, the device produces pulsatile blood flow through 

two artificial ventricles, which pump through an electohydraulic design32. The device 

has an internal battery which is charged via transcutaneous energy transfer33. The 

TAH’s unique property is that the design is completely embedded within a patient, 

i.e. there is no need for transcutaneous drivelines32. The artificial heart’s feasibility 

study in fourteen patients with end-point survival of 60 days led to rejection by the 

FDA for clinical use. Though one patient was supported by the device for 512 days, 

there was a high rate of failure and problems concerning its large size and beat 

rate32. However, humanitarian device use was approved by the FDA in September of 

2006 in patients ineligible for transplantation33,34. Due to the disappointment of initial 

feasibility studies, the company is developing its AbioCor II TAH. However, the 

device has not been tested clinically at present32.  

The CARMAT TAH 

The CARMAT TAH is unique in that its blood contacting surfaces are made of bovine 

pericardium and expanded polytetrafluorethylene (ePTFE)33. Each of these materials 

is known to show high biocompatabilly in cardiovascular related applications; its use 

in an artificial heart gives hope for good hemocompatibility once implanted. The 

device contains two ventricles, each containing a blood compartment and a liquid 
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compartment, containing silicone fluid, separated by a membrane. The pumping 

action is caused by electrohydraulic pumps moving the silicone fluid and deploying 

the membrane. Pressure sensors within the device respond to preload, with a 

pumping range between 2 and 9 L/min. The four valves of the heart are uniquely 

bioprosthetic, in order to increase hemocompatability in the device33,35. A 

percutaneous driveline provides power to the device and also collects information on 

device function. The driveline is connected to a console, which lies outside the 

patient33.  

Initial in vitro testing results show respectable hemocompatilibity after being exposed 

to human blood in a test loop when compared to a silicone control surface. More in 

depth validation will need to be completed in vivo, but these early results are 

promising. The goal of the group is that anti-coagulants can be reduced during 

support with the device35. Up to this point, the French National Agency for Medicines 

and Health Products Safety has approved a feasibility study of four patients. The first 

implant took place in December of 2013, and the results will be released after 

completion of the study33.   

The ReinHeart TAH 

The ReinHeart TAH is under development by the End-stage Heart Failure and 

Mechanical Circulatory Support, Heart and Vascular Center in Duisburg, Germany. 

The device is completely implantable, electrically driven and aimed to support 

patients for at least 5 years, with the eventual aim of being a destination therapeutic 

option for patients ineligible for heart replacement36,37. The device utilizes a linear 

motor concept, which is attached to left and right pusher plates that pump in an 

alternating way to provide pulsatile blood flow. The chambers are constructed of a 
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methacrylate-acrylonitrile-butadiene-styrene thermoplastic that boasts high 

biocompatibility and durability. The device contains four mechanical St. Jude valves 

that ensure uni-directional flow through the device. The heart is described as having 

starling-like properties due to the pump chambers not being mechanically attached 

to the pusher plates, allowing for pre-load sensitive filling, and flow up to 7.5 L/min36.  

The ReinHeart is fully implantable, with transcutaneous energy transmission used to 

charge power the device. The concept device is currently being tested in chronic 

bovine models and the company plans to test in man for destination therapy, i.e. 

patients that are ineligible for transplant, in the near future36.   

The SynCardia TAH 

The SynCarida TAH is an orthotopic pneumatic biventricular cardiac prosthesis that 

replaces the ventricles as well as all four valves38,39. Approved as a temporary 

device for bridge to cardiac transplantation by the FDA in 2004, it is currently the 

only FDA and CE marked TAH in clinical use. To date, the device has been 

implanted into more than 1,300 patients worldwide and boasts a 79% bridge-to-

transplantation rate40–44. The TAH has utility for long-term support and patient 

survival has been reported up to four years44.  

SynCardia’s TAH is pneumatically driven and is made of two rigid, polyurethane 

ventricles, shown in  Figure 1.16. Within each ventricle, there is a diaphragm, which 

separates a blood-contacting chamber from an air-contacting chamber. Drive lines 

going between the heart and an external driver provide positive and negative 

pressure to the diaphragm, mobilizing it and causing the pumping action used to 

drive blood through the body, capable of providing flows of greater than 9 
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L/min22,39,40. Currently, the SynCardia TAH is approved for use as a bridge to 

transplant and recently also received FDA designation as a humanitarian use device. 

In addition, new uses of the TAH are emerging, the TAH has proven its success as a 

means of salvaging patients with protracted, irreversible cardiogenic shock post 

myocardial infarction, heart failure associated with failed Fontan or other repair 

procedures for congenital heart disease, failed cardiac transplants, failed VADs and 

infiltrative cardiomyopathies22. High device outputs, which are not possible with most 

ventricular assist devices, lead to high perfusion pressures that lead to dramatic 

recoveries and return to normal activities40.  

  

 Figure 1.16: SynCardia’s Total Artificial Heart 

The right and left ventricles of SynCardia’s total artificial heart replaces both ventricles of the 
heart and all four valves. The cannula exit the patient at the abdomen and provide a conduit for 
air flow in and out of the air contacting portion of each ventricle to provide movement of the 
diaphragm.  
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Initially, patients supported by the SynCardia TAH were forced to remain in the 

hospital, tied to a 418 pound pneumatic driver console as they awaited their 

transplantation39. With the goal of making patients ambulatory, development of 

smaller, more portable pneumatic drivers occurred and the introduction of the 

smaller 57 pound Companion 2 Driver in 2009 allowed patients more mobility around 

the hospital while still offering the capabilities of an implant driver, i.e. adjustment of 

all driver parameters offered by the CSS console. In 2010, a much smaller 13.5-

pound backpack sized Freedom driver was released and enabled stable patients 

extended mobility and the option to be discharged from the hospital. Consideration 

for long-term “destination” for the TAH is not yet approved, but is undoubtedly 

reasonable and will likely be seen in the future.  

MOCK CIRCULATORY SYSTEMS 

With the development and growth in the popularity and use of mechanical support 

devices, including both ventricular assist devices and total artificial hearts, there is a 

continual need for testing systems to both validate pump performance during device 

development stages and evaluate device feasibility before in vivo testing. In the case 

of cardiovascular devices, it is imperative that test setup mimics human vasculature 

so that assessment can be completed under in vivo-like loading conditions. Often 

times, the devices are first evaluated in simple, non-pulsatile loops, which can help 

fine-tune early device iterations. These simple loops may be as simple as connecting 

the outflow of the device to the inflow via a length of tubing22. Though this may 

demonstrate device feasibility these simple loops do not load the device with the 

proper resistances and do not apply the flow pulsatilly that will be present during in 

vivo implantation45. Later development testing requires a setup which mimics the 
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human vasculature, modeling the loading conditions that the device will encounter 

when it is inserted in vivo45,46. While many mock circulation loops have been 

developed, none have been widely accepted and used across institutions and testing 

facilities.   

The Donovan mock circulation loop was of the first designed mock circulatory 

devices. Though preceded by William Kolff’s design in 1959, the Donovan loop 

became a more popular device and is even used currently to test the SynCarida total 

artificial hearts40,47,48. Donovan’s system was constructed of acrylic and contained 

four chambers to simulate the pulmonary and systemic portions of the human 

vasculature. Bellows-operated valves are used to set vasculature resistances, and 

compliance is controlled through the volume of air that is trapped in each chamber. It 

contains four chambers, which simulate the: aortic pressure, pulmonary arterial 

pressure, left atria, and right atria, see Figure 1.17 for a diagram of the setup.  
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Figure 1.17 The Donovan Mock Circulatory System 

The above depicts a diagram of the Donovan Mock Circulatory System used and designed to test 
artificial hearts47. 

 

Since the Donovan’s creation there have been many other devices used to simulate 

the complexity of the human vasculature. For example, there are some models that 

only work to simulate the systemic vasculature49–51. While there are obvious benefits 

to the ease of construction of a single ventricle, valuable information is lost without 

use of pulmonary circulation. Furthermore, without the addition of the pulmonary 

circulation, a mock loop cannot be used to evaluate bi-ventricular assist devices. 

Other mock circulation loops utilize a hybrid-model to test device function under 

normal and pathologic conditions52,53. Despite the newer mock circulatory systems 

that have been developed, the Donovan mock system is still used today to test 

SynCardia’s total artificial hearts and drivers. The Donovan remains an accurate, 
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robust, easy to use model of patient vasculature. For these reasons, it was used as 

the model circulation system for this research.  
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CHAPTER 2 - RESEARCH OBJECTIVES 
 

PROJECT SIGNIFICANCE 

Heart failure, the inability for the heart to provide adequate blood flow and oxygen to 

the body, is a growing problem in developed countries and is the end stage of all 

forms of cardiovascular diseases. Currently the syndrome affects 4.7 million 

Americans with an annual diagnosis rate of 550,00 new patients per year9,54. In 

addition, more Medicare dollars are spent annually for the diagnosis and treatment 

of the heart failure compared to any other diagnosis11,15. While medical drug therapy 

is an effective means of treating early stages of the disease, the treatment of choice 

for end-stage heart failure is cardiac transplantation14,55. However, with the limited 

number of available transplant organs, a large number of patients are left without the 

luxury of receiving a transplant organ quickly. In fact, patients may wait for years for 

a donor organ, during which their health deteriorates and their quality of life 

diminishes9.  

To decrease the number of patient deaths and increase patient quality of life during 

while on the transplant list, mechanical circulatory support (MCS) devices have 

become a popular treatment option for patients with severe heart failure8,19,20,56. The 

treatment utilizes a mechanical device to assist or completely take the place of a 

patient’s failing heart. These devices can be used as permanent solutions to heart 

failure conditions (destination therapy), as means to allow heart recovery (by 

removing load from the heart for a period of time), or as a bridge to transplant. As 

the popularity of MCS devices increases, it becomes critical that clinicians 

understand how each device operates in order to correctly select the best device for 
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an individual patient. Additionally, an easy means of device comparison is needed 

for both the clinician and the engineers. This dissertation seeks to provide useful 

clinical information regarding mechanical circulatory support devices to the MCS 

community through the following aims. 

SUMMARY AND SPECIFIC AIMS OF THE DISSERTATION 

I. PHYSIOLOGICAL CHARACTERIZATION OF THE SYNCARDIA 70CC TOTAL ARTIFICIAL 

HEART USING PRESSURE-VOLUME LOOPS 

Purpose and Overall Approach 

The SynCardia total artificial heart (TAH) has emerged as an effective, life-saving bi-

ventricular replacement system for patients with end-stage heart failure. While the 

clinical performance of the 70 cc TAH is established and over 1,300 patients world-

wide have been implanted with the device, most showing astounding success, 

modern physiologic characterization, in terms of elastance behavior and pressure-

volume characterization has not been defined. Herein, we seek to examine the TAH 

in terms of elastance using a non-ejecting left-ventricle, and then characterize the 

pressure-volume relationship of the TAH.  

The TAH was attached to the Donovan Mock Circulatory System equipped with 

pressure transducers and flow meters. Pressure-volume loops were created by 

plotting the instantaneous pressure versus volume in the left ventricle. Through 

varying preload and afterload parameters on the setup, we were able to describe the 

heart’s characteristics in terms of elastance and Frank-Starling behavior. 

Understanding the physiology of the TAH affords insight into the functional 
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parameters that govern artificial heart behavior providing perspective on differences 

compared to the human heart. 

The SynCardia Total Artificial Heart 

As described previously, the SynCarida TAH is an orthotopic pneumatic biventricular 

cardiac prosthesis that replaces both ventricles as well as all four valves38,39. 

Approved as a temporary device for bridge to cardiac transplantation by the FDA in 

2004, it is currently the only FDA and CE marked TAH in clinical use. To date, the 

device has been implanted into more than 1,300 patients worldwide and boasts a 

79% bridge-to-transplantation rate40–44. This pneumatically driven device is made of 

two rigid polyurethane ventricles, each housing a diaphragm, which separates a 

blood-contacting chamber from an air-contacting chamber. Drive lines going 

between the heart and an external driver provide positive and negative pressure to 

the diaphragm, mobilizing it and causing the pumping action used to drive blood 

through the body, capable of providing flows of greater than 9 L/min22,39,40. As the 

majority of development of the device was completed previous to the clinical and 

research use of the pressure-volume loop, the device was not characterized utilizing 

this technique. By attaching the TAH to a mock circulatory system, we were able to 

manipulate the loading parameters that the heart must pump against, lending the 

ability for the device to be thoroughly characterized.  

The Donovan Mock Circulation System 

The Donovan mock circulation loop was of the first designed mock circulatory 

systems and was created to evaluate total artificial hearts47. The setup allows for the 

attachment of a left and right ventricle to the front portion of the scheme and 

contains four chambers to simulate the pulmonary and systemic portions of the 
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human vasculature. Bellows-operated valves are used to manipulate vasculature 

resistances, and vasculature compliance is controlled through the volume of air that 

is trapped in each of the system’s chambers. The entire system is build of ½” thick 

acrylic and contains four chambers, which simulate the: aortic pressure, pulmonary 

arterial pressure, left atria, and right atria.  

With the ability to adjust vascular resistance, we use the system to incrementally 

increase the amount of afterload placed on the heart during normal operation of the 

TAH. Preload of the system was manipulated via variations in the right ventricle’s 

vacuum (pumping more fluid into the left ventricle).  

The Pressure-Volume Loop 

The pressure-volume loop depicts the pressure and volume changes that occur in a 

single ventricle during one complete cardiac cycle by plotting instantaneous pressure 

versus volume as the ventricle transitions between diastole and systole. The 

pressure-volume loop is used clinically to characterize ventricular function and 

elastance. Within these studies, our aim was to employ the pressure-volume loop to 

characterize the total artificial heart such that its characteristics can be understood in 

modern physiological terms.  

II. CREATION OF A NOVEL LEFT SIDED HEART FAILURE MODEL UTILIZING THE 

SYNCARDIA 70CC TOTAL ARTIFICIAL HEART AND THE DONOVAN MOCK 

CIRCULATION LOOP 

Purpose and Overall Approach 

While there is astounding growth in cardiovascular device development and longer-

term device usage, there still remains a clinical and developmental need for an easy 
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to use, clinically relevant, effective evaluation setup for MCS devices. Although 

evaluation setups do currently exist, many are complex, only represent one ventricle, 

and/or cannot be controlled without the aide of a computer. During this study, we 

hypothesize that the SynCardia total artificial heart operating in reduced output 

conditions working in conjunction with the Donovan Mock Circulation System 

(DMCS) will act as a complete model of heart failure.  

The SynCardia TAH and The Donovan Mock Circulation System 

As described above, the SynCardia TAH along with the Donovan Mock Circulation 

System were utilized in this study to mimic a heart failure patient. The SynCardia 

70cc Total Artificial Heart was attached to the DMCS and driven with a Companion 2 

Driver at varying left drive pressures with vacuum removed. Once heart failure 

parameters were defined (by reducing driving parameters), pressure-volume loops of 

the system operating in reduced output conditions were created by varying preload 

and afterload conditions of the heart failure model. Characteristics such as Frank-

Starling and ability to overcome afterload were assessed. Lastly, a ventricular assist 

device was connected to the loop to show the model’s capability of device 

evaluation. This study demonstrates the use of the TAH and DMCS as a novel left-

sided heart failure model that can be used to easily and interchangeably compare 

MCS devices on a single apparatus.   

The HeartMate II 

The HeartMate II is a ventricular assist device widely used clinically57.  Due to its 

clinical popularity, we chose to use this device as an example of the utility of our 

model to evaluate ventricular assist devices. The HeartMate II is a continuous flow 

rotary pump. It consists of an internal blood pump with a percutaneous driveline, 
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which connects to an external power and controller system. It is reported to provide 

up to 10 L/min of flow at a mean pressure of 100 mmHg (rotary and centrifugal 

pumps are sensitive to the pressure gradient which they pump against. Hence, the 

utility in testing under in vivo-like conditions)57. In this work, we do not evaluate its 

performance, but show the feasibility of device characterization using our heart 

failure model.  

III. DEFINING THE ENVELOPE: EVALUATING THE FREEDOM DRIVER “SWEET SPOT” 

Purpose and Overall Approach 

Until recently, patients supported by the SynCardia Total Artificial Heart had to 

remain in the hospital, attached to a large pneumatic driver console, while awaiting 

transplantation. Introduction of the smaller, portable Freedom Driver System has 

enabled patients to be discharged from the hospital, giving them the ability to wait for 

their organ in the comfort of their home. Clinically, the Freedom Driver has shown 

success with stable patients and received FDA approval in 2014. However, upon its 

initial release, clinical experience with the Freedom Driver had shown suspected 

differences in sensitivity to afterload and preload compared to other driver systems. 

Additionally, there has been suspected discrepancies in driver reported cardiac 

output during hypervolemic situations. The purpose of this study was to investigate 

the aforementioned cases, comparing data to the Companion 2 implant driver. 

The Freedom Driver 

The Freedom Driver is SynCardia’s portable driver. It differentiates itself from the 

other larger pneumatic drivers by its size. This portable driver is a mere fourteen 

pounds and can be carried in a backpack as patients undergo their daily lives. 
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Amazingly, patients supported by the Freedom driver have been known to partake in 

running events and even ride bicycles. The Freedom’s counterparts, the larger 

“implant drivers”, are used when patients are first implanted with the TAH because 

they provide the user with more control over pneumatic driving parameters, giving 

the clinician much more control over the pumping characteristics of the TAH. This is 

necessary when patients first receive their TAH because their bodies are not in 

stable condition directly after implant, and precise control of TAH function is needed. 

However, after a patient reaches stable conditions, the Freedom driver can be 

utilized. Though it does not provide as much control or patient feedback, it is typically 

sufficient in supporting a stable patient.  

The SynCardia TAH and Donovan Mock System 

As described in the previous section, the SynCardia TAH and Donovan Mock 

Circulatory System are again used to characterize the function of the TAH. Their use 

in this particular study is outlined below: 

The 70cc Total Artificial Heart was attached to the Donovan Mock Circulation 

System and driven using the portable Freedom Driver System. Two sets of 

experiments took place: 1) Afterload was increased incrementally by raising the 

systemic vascular resistance of the system and 2) patient volume was adjusted by 

the incremental increase of volume added to the mock system’s right atrial pressure 

chamber. During experiments, Freedom Driver’s reported cardiac output was 

collected as well as the mock system’s reported cardiac output. Both experiments 

were then repeated using the Companion 2 Driver System. Understanding the 

response of the TAH drivers to varying patient conditions provides insight into patient 

management and Freedom Driver clinical use. 
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CHAPTER 3 - PHYSIOLOGICAL CHARACTERIZATION OF THE 
SYNCARDIA 70CC TOTAL ARTIFICIAL HEART 

 

This chapter has been accepted for publication in the Journal of the American 

Society for Artificial Internal Organs for placement in the May/June 2015 issue. 

Jessica R. Crosby, Katrina J. DeCook, Phat L. Tran, Richard G. Smith, Douglas F. 
Larson, Zain I. Khalpey, Daniel Burkhoff, Marvin J. Slepian 

OVERVIEW 

The SynCardia total artificial heart (TAH) has emerged as an effective, life-saving bi-

ventricular replacement system for a wide variety of patients with end-stage heart 

failure. While the clinical performance of the TAH is established, modern physiologic 

characterization, in terms of elastance behavior and pressure-volume 

characterization has not been defined. Herein we examine the TAH in terms of 

elastance using a non-ejecting left-ventricle, and then characterize the pressure-

volume relationship of the TAH by varying preload and afterload parameters using a 

Donovan Mock Circulatory System. We demonstrate that the TAH does not operate 

with time-varying elastance, differing from the human heart. Further, we show that 

the TAH has a pressure-volume relationship behavior that also differs from that of 

the human heart. The TAH does exhibit Starling-like behavior, with output increasing 

via preload dependent mechanisms, without reliance on an alteration of inotropic 

state within the operating window of the TAH. Within our testing range, the TAH is 

insensitive to variations in afterload, however this insensitivity has a limit, the limit 

being the maximum driving pressure of the pneumatic driver. Understanding the 

physiology of the TAH affords insight into the functional parameters that govern 
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artificial heart behavior providing perspective on differences compared to the human 

heart. 

INTRODUCTION 

The SynCardia total artificial heart (TAH) is a life-saving mechanical circulatory 

support device for patients with biventricular heart failure30,31. To date, the TAH has 

been implanted into more than 1,300 patients, with a demonstrated 79% bridge-to-

transplantation rate, and utility for long-term support with patient survival reported up 

to four years 40–44.  While the hemodynamic performance of the TAH is established 

and clinically defined, full physiologic characterization of the TAH, in terms of 

modern cardiovascular physiology parameters has not been described. The TAH 

was originally designed and functionally characterized in an era prior to the 

widespread adoption of pressure-volume characterization of cardiac function and 

mechanics58–61. As such, the functional behavior of the TAH in terms of elastance 

and pressure-volume relationships, ventricular-arterial interactions, and the effect of 

loading conditions remain unknown.  

The human heart has multiple ways of altering cardiac output, including adjusting 

heart rate, contractility, and ventricular cavity volume and geometry in response to 

load conditions and demands. Classically, cardiac performance has been 

characterized via the Frank-Starling relationship, in terms of ventricular function 

curves, with output being a function of preload62,63.  The limitation of this approach as 

a means of completely characterizing cardiac function was recognized in the 1970s 

with demonstration of the load-sensetivity of the relationship64–66. Cardiac 

contractility, described in terms of the end-systolic pressure-volume relationship, was 
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noted to be independent of preload and afterload64,65. Thus, a load-independent 

approach was established with the recognition that the human heart behaves with 

time-varying elastance, reflecting alterations in tissue and stiffness over time5,67,68. 

The TAH, in contrast, is constructed with a polymeric body that has consistent 

material composition and properties throughout the cardiac cycle40. How a 

functionally inelastic material construction will effect artificial heart performance 

remains unknown. 

In the present study we hypothesize that the TAH will perform with Frank-Starling-

like behavior, with output demonstrating load–dependency over a range of preloads, 

however, will have dissimilar pressure-volume characteristics compared to the 

human heart as a result of the functionally inelastic housing of the TAH.  As such, we 

first verify the inelastic behavior of the TAH – i.e. the lack of time-varying elastance. 

Second, we characterize and define the pressure-volume (PV) relationship of the 

TAH under typical operating conditions, with the TAH connected to a Donovan Mock 

Circulatory System. Third, we examine the effect of varying loading conditions – pre-

load and afterload, on TAH PV behavior.  Detailed characterization of the physiology 

of the TAH affords insight into the difference in behavior compared to the human 

heart and will potentially aid in the development of physiological control algorithms 

for next generation artificial hearts.  

METHODS 

THE TOTAL ARTIFICIAL HEART 

A 70 cc pneumatically driven, pulsatile Total Artificial Heart (SynCardia Systems Inc., 

Tucson, AZ) was utilized for all studies. Each of the TAH ventricles has a rigid 
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spherical outer housing, supporting a blood-contacting diaphragm, two inner 

diaphragms, and an air contacting diaphragm, all fabricated together from 

segmented polyurethane (SPUS)40, Figure 3.1. 

           

Figure 3.1: Pumping action of the TAH and human heart during diastole and 
systole. 

In the TAH, blood fills the blood-contacting chamber of the ventricle as air is removed from the 
air-contacting portion of the ventricle, lowering the diaphragm. Blood exits the ventricle when air 
is pumped into the air contacting chamber and pushes the diaphragm up, causing blood to eject. 
In the human heart, the ventricle expands as blood fills and contracts from all sides during 
systole. This is different compared to TAH “contraction” which only involves movement of the 
diaphragm and the rigid ventricular walls remain still. 

 

The air-contacting chamber is pressure-controlled by an external driver, providing 

positive and negative air pressure to a driveline, functioning to mobilize the 

diaphragms and provide pulsatile pumping action required for blood flow. The 

negative pressure, or vacuum, applied during diastole functions to actively retract the 

diaphragm towards the base of the ventricular chamber, creating empty space in the 
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cavity facilitating blood inflow and ventricular filling with minimal resistance. Under 

normal operating conditions the left drive pressure is set at 180 mmHg and operates 

under “full eject” parameters. That is, the diaphragm will always reach its maximum 

upward excursion position during systole, ensuring full ejection of the blood that 

entered the ventricular chamber during diastole. The external pneumatic driver 

allows for the control of drive and vacuum pressures for each ventricle, percent 

systole, and heart rate. The ventricles each contained two tilting disk mechanical 

valves (Medtronic–Hall, Medtronic Inc. Minneapolis, MN), functioning as mitral/aortic 

and tricuspid/pulmonary valve surrogates.  

DETERMINATION OF ELASTIC BEHAVIOR OF THE TAH  

Both the mitral and aortic valves of the left-ventricle of a TAH were maintained in a 

closed position while connected to the pneumatic driver set at 180 mmHg drive 

pressure. A 35% (w/v) glycerin/deionized water solution (blood surrogate) was 

added to the ventricle via syringe through a 2 mm port in the wall of the ventricle, in 

10 ml increments, until the ventricle was completely full. At each volume increment, 

data were collected for 10 seconds while the driver was pumping at 100 BPM; data 

were collected in triplicate. Maximum ventricular pressures during systole were 

collected and averaged and minimum ventricular pressures during diastole were 

collected and averaged for each collection period.  

HYDRAULIC ANALOG OF THE CIRCULATORY SYSTEM - DONOVAN MOCK CIRCULATORY 

SYSTEM (DMCS) 

A DMCS (SynCardia Systems, Inc, Tucson, AZ) was used to simulate the systemic 

and pulmonary portions of the human vasculature for all experiments performed in 

this study47. Briefly, the DMCS contains four chambers representative of the 
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following blood-containing domains: 1) right atrium, 2) pulmonary artery, 3) left atrial 

and 4) aorta, see Figure 3.2A for a diagram of fluid flow through the DMCS. The 

pulmonary and systemic resistances are adjusted by bellows-operated valves within 

the DMCS. The tank was filled with 35% (w/v) glycerin/deionized water blood 

surrogate, viscosity 3.5 cps at room temperature. The TAH is attached to the DMCS 

with Tygon tubing (1” ID), which acts as the working atria for the test setup. 

 

Figure 3.2: Explanation of fluid flow through the DMCS and TAH ventricles. 

A) Fluid flow through the total artificial heart (right and left ventricle) and DMCS. The triangles 
represent inflow and outflow valves in the TAH. Systemic and pulmonary vascular resistances 
can be adjusted using bellows operated valves within the DMCS. B) The DMCS with attached 
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total artificial heart. The inlet in the upper left corner is a close up of the TAH attached to the 
DMCS. 

EXPERIMENTAL CONFIGURATION 

All chambers of the DMCS were fitted with pressure transducers (Abbott, Abbott 

Park, Illinois) to provide the following pressures: Aortic pressure (AoP), left atrial 

pressure (LAP), right atrial pressure (RAP), and pulmonary artery pressure (PAP). 

Four Millar catheters, (SPR-524, Millar Instruments, Inc, Houston TX) connected to a 

pressure control unit (PCU-2000, Millar Instruments, Inc) were used to monitor 

continuous pressure at the entrance to the aortic chamber, inside the left ventricle, 

inside the right ventricle, and at the outflow of the LAP chamber (Figure 3.2A). Three 

flow meters (ME 25 PXN, Transonic Systems, Inc, Ithaca, NY) were placed 

throughout the system to measure fluid flow rates of left ventricular inflow, left 

ventricular outflow, and right ventricular outflow. Data from all sensors were acquired 

at 200 Hz with a compact data acquisition board (NI-9219, NI-9211, and two NI-

9205, National Instruments, Austin, TX) interfaced with a custom LabView 

executable. 

The TAH was driven by the Companion 2 pneumatic driver (SynCardia Systems, Inc, 

Tucson, AZ). Baseline “normal” driver conditions were: left drive pressure 180 

mmHg, left vacuum -10, right drive pressure 60 mmHg, right vacuum -10, heart rate 

100 beats per minute, and 50% systole. These conditions were chosen based on 

clinical and past characterization driver settings for the Companion 2 operating 

under normotensive patient conditions. Once baseline parameters were set on the 

driver, the DMCS was set to clinically relevant “normotensive” patient conditions: 

right atrial mean pressure 6 ± 5 mmHg, pulmonary arterial mean pressure 20 ± 5 

mmHg, left atrial mean pressure 10 ± 5 mmHg, and AoP mean 85 ± 5 mmHg. 
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EFFECT OF ALTERATION OF AFTERLOAD AND PRELOAD ON TAH PERFORMANCE AND 

SYSTEM HEMODYNAMICS 

With the driver set at “normal” drive conditions and the DMCS tank set at 

“normotensive” conditions, 10 seconds of data were recorded after a steady state 

had been reached at baseline. The response of the TAH and DMCS to an increase 

in afterload was assessed by raising the systemic vascular resistance. A 10, 20, 30, 

40 and 50 mmHg increase in AoP above the initial starting AoP (85 mmHg) was 

created.  Similarly, the response of the TAH and the DMCS to an increase in preload 

was assessed by varying the vacuum pressure of the right ventricle between 0 and -

20 (normal vacuum is -10) in increments of 4. This change in right vacuum pressure 

causes variations in the pumping action of the right ventricle by changing the speed 

at which the diaphragm is mobilized. As the vacuum is increased, the diagram 

moves towards the base of the ventricular chamber (downward) more quickly, 

allowing the ventricle to fill with less resistance. Thus the change in right vacuum 

pressure will affect the preload on the left ventricle. The left fill volume is calculated 

by an algorithm within the driver software and is displayed during normal operation. 

At each increment this measurement was recorded. End diastolic volume was 

calculated by the addition of the fill volume and the residual volume of the TAH, 

30ml. For all experiments, 10 seconds of data were recorded at 200 Hz at one time 

and all experiments were preformed in triplicate. Means were calculated using all 

data recorded. Pressure-volume loops were created using the 3rd data set collected.  
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RESULTS 

DETERMINATION OF THE ELASTIC BEHAVIOR OF THE TAH 

Incremental filling of the ventricle over a range of volumes did not lead to an 

increase in peak systolic pressure. Under non-ejecting operating conditions (drive 

pressure = 180 mmHg, 100 BPM) the pressure minimums and maximums obtained 

are shown in Figure 3.3 (maximum systolic pressures in black, minimum diastolic 

pressures in gray).  

 

Figure 3.3: Non-Ejecting Left Ventricular Pressure vs. Volume of the SynCardia 
TAH 

The maximum pressure achieved during systole and the minimum pressure seen during diastole 
of a non-ejecting heart operating with 180 mmHg drive pressure as 10 ml of blood analog was 
added incrementally. 

 

These data indicate greater pressures are not achieved with additional volume within 

the ventricle, i.e. there is no change in compliance (dV/dP) or elastance (the inverse 

of compliance, dP/dV) As such, the TAH, over the range of volume and pressures 
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tested, does not manifest elastic behavior or the time-varying elastance properties of 

the human heart. This difference in behavior also impacts the pressure-volume 

relationship behavior of the TAH as shown below. In Figure 3.6 with varying 

afterload the end-systolic relationship (ESPVR) i.e. is vertical, i.e. with infinite slope.   

This too differs from the behavior of the human heart, with the ESPVR of the human 

heart having a characteristic sloping behavior.  

HEMODYNAMIC PROFILE OF THE TAH UNDER NORMAL OPERATING CONDITIONS 

Typical hemodynamic profiles obtained with the TAH operating under normal drive 

conditions, with the DMCS set to normotensive patient conditions, are shown in 

Figure 3.4. 
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Figure 3.4: Waveforms from all collection channels of the DMCS with TAH 
operating at normal conditions 

A-H) Output from all sensors with the TAH operating at normal drive conditions. The spikes seen 
in the aortic pressure waveform (F) are attributed to the normal “flapping” of the aortic valve as it 
closes. This flapping can also be seen in the left ventricular pressure trace immediately after 
ejection (D).   

 

The figure depicts 5 seconds of data (about 8 cardiac cycles) while the TAH was 

operating at 100 BPM with a left drive pressure of 180 mmHg.  Spikes seen in the 
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AoP waveform (Figure 3.4F) are due to a “bounce” or oscillatory movement of the 

mitral valve as it opens. The remaining channels depict pressures and flows 

fluctuating rhythmically with ventricular ejection. Bouncing of the mitral valve is 

similarly seen in the left ventricular pressure waveform as well, as a sharp spike after 

the pressure increase from systole. RAP (Figure 3.4A), varied between about 6 and 

8 mmHg under normal conditions. The LAP (Figure 3.4B), varied between about -10 

and 45 mmHg with an average value of about 9 mmHg, with a spike in pressure at 

the beginning of systole. This spike from 0 to 45 mmHg is similarly due to a bounce 

with the closure of the mitral valve. The right ventricular pressure waveform (Figure 

3.4C) also has noisy regions at the opening of the pulmonary valve during ejection 

and with the closure of the valve. This is likely due to the valves oscillating for brief 

intervals of time, which is normal and can be seen during function. The left 

ventricular pressure (Figure 3.4D) varied between -32 and 124 mmHg, with a mean 

value of 85 mmHg. Waveforms demonstrated a clear increase in pressure with mitral 

valve closure and the initiation of systole. After peak systolic left ventricular pressure 

was reached, pressure was noted to fall but then rose quickly before becoming 

slightly negative (also seen clearly in the PV loops in Figure 3.6 and Figure 3.11). 

These quick changes in pressure are from the vacuum engagement of the driver, to 

speed the mobilization of the diaphragm for rapid ventricular filling and the bouncing 

of the mitral valve as it opens. The AoP waveform has obvious spikes with closure of 

the aortic valve; this flapping of the valve is noted to be normal and can be visibly 

seen upon inspection during normal operation. Right ventricular outflow and left 

ventricular inflow and outflow waveforms, Figure 3.4, appear as expected with the 

TAH set at 50% systole. The negative flow, seen in the right ventricular outflow and 

left ventricular inflow waveforms, occurred briefly with valve closure, with fluid 
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moving into the closed valve, resulting in a brief period of time when the flow meters 

register a negative flow. 

 

 

Figure 3.5: Variation of the Afterload 

A-C) Mean left atrial pressure, left ventricular pressure, and left ventricular outflow over a range of 
aortic pressures. Afterload increase is represented as mean aortic pressure and was increased in 
increments of 10 between 85 and 135 mmHg using the systemic vascular resistance bellows 
operated valve within the DMCS. 
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EFFECT OF VARYING AFTERLOAD ON TAH PERFORMANCE AND DMCS HEMODYNAMICS 

Afterload in the DMCS was increased by manipulating the bellows-operated valve to 

restrict flow between the AoP chamber and RAP chamber. Figure 3.5A-C shows 

mean left atrial pressure, left ventricular pressure, and left ventricular outflow over a 

10 second acquisition period with varying mean aortic pressures. As mean aortic 

pressure increased, there was a small increase in average left atrial pressure (Figure 

3.5A) and a noticeable trend in the left ventricular pressure in relation to changes in 

AoP. As afterload was increased, mean ventricular pressure also increased (Figure 

3.5B). There is no notable variation in left ventricular output, Figure 3.5C, despite 

changes in afterload. Figure 3.6A displays pressure-volume loops at three different 

afterload settings providing mean aortic pressures of 85, 115, and 135 mmHg. 

Between the three loops, there is an increase in ventricular pressure during systole, 

without large, noticeable differences in stroke volume. This shows that stroke work 

(area of the PV loop, stroke volume multiplied by pressure) increased with afterload, 

but cardiac output did not change, despite variations in afterload. The spikes seen 

on the left end of the loop are a result of mitral valve opening as filling begins, Figure 

3.6B, adapted from Burkhoff et. al.  2005, shows the PV loop changes seen in a 

healthy human heart with increases in afterload6. As afterload is increased, the 

stroke volume decreased and ventricular pressure during systole increased. In 

contrast, the TAH variations in stroke volume are not seen with increases in 

afterload, so that cardiac output is not compromised. This relationship was noted to 

hold true over the range of afterloads tested. Waveforms from RAP, left ventricular 

pressure, AoP, and LAP during afterload variations can be seen in Figure 3.7.  
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Figure 3.6: Pressure-Volume Loops with Varying Afterloads 

A) Pressure-volume loops from the TAH’s left ventricle with the DMCS at 85, 115, and 135 mmHg 
aortic pressures. The arrow indicates the noise caused by the bouncing of the mitral valve as it is 
opening. Note the end-systolic pressures are at similar volumes depending on the afterload, 
indicated by the triangle and bracket. B) Shows the effect of afterload variation in a human 
ventricle. (Adapted from Burkhoff et. al. 2005) 
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Figure 3.7: Variations in Afterload 

Waveforms from Right Atrial Pressure (A), Left Ventricular Pressure (B), Aortic Pressure (C), and 
Left Atrial Pressure (D) with variations in afterload. Mean aortic pressure was varied to increase 
afterload. Waveforms at 85, 115, and 135 mmHg mean aortic pressure are displayed. 

 

EFFECT OF VARYING PRELOAD ON TAH PERFORMANCE AND DMCS HEMODYNAMICS 

Preload was altered through adjustments in the right ventricle’s vacuum. The 

vacuum was varied between 0 and -20 mmHg (normal is -10 mmHg), causing end 

diastolic volumes (EDV) of the left ventricle to vary between 21 and 54 mL. Mean 

values for left atrial pressure (Figure 3.8A), left ventricular pressure (Figure 3.8B), 

AoP (Figure 3.8C), and left ventricular outflow (Figure 3.8D) over a 10 second 

acquisition period are displayed. Left atrial pressure (Figure 3.8A), ventricular 

pressure (Figure 3.8B), AoP (Figure 3.8C), and left ventricular outflow (Figure 3.8D) 

averages all increased with increases in preload (EDV). Waveforms from RAP, left 

ventricular pressure, AoP, and LAP during preload manipulations are shown in 

Figure 3.9. 
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Figure 3.8: Varying the Preload 

A-C) Mean left atrial pressure, left ventricular pressure, and left ventricular outflow over a range of 
end diastolic volumes (preloads). End diastolic volumes were varied through variations of the 
right ventricular vacuum, which in turn varied the pumping action of the right ventricle thus varying 
filling into the left ventricle. 
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Figure 3.9: Variations in Preload 

Waveforms from Right Atrial Pressure (A), Left Ventricular Pressure (B), Aortic Pressure (C), and 
Left Atrial Pressure (D) with variations in preload. End diastolic volume (EDV) was varied using 
the right ventricular vacuum manipulations. EDVs of 51, 65, and 83 mL are displayed. 

 

The preload/output relationship is shown in the Frank-Starling-like curve displayed in 

Figure 3.10A. This curve was created by comparing the end-diastolic volume with 

the left ventricular output as preload was adjusted. Figure 3.10B shows the Frank-

Starling Curve in a normal human heart. The curve created with the TAH 

demonstrates increased output with increasing preload, similar to that observed with 

the human heart. However, the shapes of the two curves differ, as the TAH is 

inelastic. There is a linear relationship between fill volume and output in the TAH 

whereas the curve in a human heart is more logarithmic. The pressure-volume 

relationships created with preload variations are demonstrated in the PV loops 

shown in Figure 3.11A. Pressure spikes at the left of the loop are a result of mitral 

valve opening. As displayed with the average value plots (Figure 3.8A-D), increases 
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in stroke volume with increased end-diastolic volume are seen. Higher left ventricular 

pressures are observed during systole and diastole when comparing the loops. 

Figure 3.11B, adapted from Burkhoff et. al. 2005, shows the reaction of a normal 

human heart to variations in preload6. As in the TAH, the human heart has increased 

stroke volume and increased ventricular pressure during systole with increases in 

end-diastolic volume.   
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Figure 3.10: Starling Curve 

Left Ventricular Output vs Left End Diastolic Volume (fill volume) in the TAH (A) and a typical 
human heart (B). Because the residual volume of the TAH is around 30 mL, the Starling-like 
curve created with the TAH does not intersect at the origin of the axis. Any end diastolic volume 
under 30 mL would result in no ejection. 
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Figure 3.11: Pressure-Volume Loops with Varying Preloads 

A) Pressure-Volume loops from the TAH’s left ventricle with variations in preload, end diastolic 
volumes (EDV) of 51, 65, and 83 ml are displayed. B) Shows the effect of varying preload on a 
human ventricle (Adapted from Burkhoff et. al. 2005). 
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DISCUSSION 

This study is the first to characterize the TAH using pressure-volume relationships 

and describe TAH function with varying preloads and afterloads on a beat-to-beat 

basis. Our findings verify the inelastic property of the TAH ventricle and the lack of 

time-varying elastance. We also demonstrate that the TAH operating under normal 

conditions is afterload insensitive up to the tested parameters, but is preload 

sensitive, demonstrating Frank-Starling-like behavior within a range of filling 

volumes. End-systolic and end-diastolic pressure-volume relationships seen in the 

human heart were not observed in the TAH as the housing of the ventricle is 

effectively rigid in comparison to the elastance of the human ventricle. Suga et. al. 

demonstrated that the non-ejecting canine ventricle displayed a pressure-volume 

relationship demonstrating elastance of the ventricular wall58.  As volume was added 

to the non-ejecting ventricle, increased end-systolic pressure was also seen, i.e. a 

direct relationship. As shown in the non-ejecting TAH ventricle, Figure 3.3, this 

relationship does not hold true for the polymeric TAH. Thus, the TAH does not 

display the time-varying elastance characteristics of the human heart.  

Overall, we see expected pressure and flow waveforms from the TAH operating with 

normal drive conditions under a normotensive patient load on the mock circulatory 

loop. We note that there are rapid fluctuations of pressures, yielding a noisy signal, 

due to closing and oscillations of the contained mechanical valves.  

PRESSURE-VOLUME RELATIONSHIPS WITH VARIATION IN AFTERLOAD AND PRELOAD 

When afterload was varied, the most noticeable change occurred in the average left 

ventricular pressure, as the ventricle must reach a higher inner pressure for the 
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aortic valve to open. Limited variation in cardiac output is expected as the TAH is 

operating in full ejection conditions. The diaphragm reaches its full upright position, 

ejecting all volume that enters the ventricle for that cardiac cycle if the afterload or 

AoP stays under 180 mmHg (the operating drive pressure). In a normal human 

heart, decreased cardiac output is seen with increased afterload, assuming there is 

no change in heart contractility. In contrast, the TAH does not demonstrate a 

significant change in left ventricular output with increased afterload, within our tested 

range. This is a result of the pneumatic driver exerting a pulse pressure which is able 

to overcome variations in afterload. These data reveal the difference in the behavior 

of the TAH in terms of end-systolic pressure-volume relationship compared to the 

human heart. No linear end-systolic pressure-volume relationship regression could 

be created, as the TAH does not maintain the same end-systolic pressure-volume 

point as the load changes, i.e. the effective slope is infinite, with no elastance, Ees, 

line revealed from the TAH pressure-volume loops in Figure 3.6A.  

In a pressure-volume loop, the phases of a cardiac cycle are displayed through 

plotting instantaneous pressure versus volume. Loops repeat with every cardiac 

cycle and display how the ventricle transitions from its end-diastolic state to the end-

systolic state and back. In situations of increased afterload in the TAH, the width of 

each loop (loop width represents stroke volume) remains constant throughout the 

afterload variation, with increased ventricular pressure during systole. Thus, 

additional stroke work (area of the pressure-volume loop) is required per cardiac 

cycle, since the TAH is pumping against a higher load, without a substantial change 

in ventricular output. In contrast, in the human heart the width (stroke volume) of the 

PV loop is decreased with increases in afterload.   
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As preload is increased in the TAH, there is a clear increase in stroke volume and 

end-systolic volume is similar despite variations in preload (as a result of full 

ejection). From a pressure-volume relationship standpoint, we can create an end-

diastolic pressure-volume relationship (EDPVR) curve using the six different tested 

preloads. However, it is difficult to relate the typical EDPVR curves to the curve 

generated by the TAH as the TAH is behaving effectively as a rigid body whereas an 

animal or human tissue ventricle has elastance. When a tissue ventricle is filled, the 

ventricular volume increases initially through passive filling, but also via tissue 

stretch to further accommodate additional blood volume. In contrast, no stretching 

occurs within the TAH, as the housing is a non-yielding polymer and while the inner 

pumping diaphragm of the TAH is flexible, its positioning within the ventricle does not 

allow any increase in cavity volume.  When the diaphragm is fully retracted, allowing 

the ventricle to fill, its excursion is limited by the bottom wall of the housing, which 

keeps it from expanding. Thus, the EDPVR’s slope in this case is only based on the 

fluid pressure lying above the Millar port and not from elasticity of the ventricular 

wall.  

In the human heart, the Frank-Starling Law dictates that, with increased preload, 

cardiac output will be increased partially from a larger contraction force, resulting 

from loading of the ventricular muscular wall. In the case of the TAH, increased 

cardiac output occurs with increased preload. However this is not from an increase 

in contractility, as the drive pressure remains constant during normal function. With 

additional venous return, resulting in a rise in end diastolic volume, the TAH’s 

ventricle accommodates the additional volume, which is fully ejected. This 

mechanism is Frank-Starling-like and the trend is relatively linear, as the TAH is 
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rigid, until the ventricle is fully filled. Once the ventricle is fully filled, additional 

volume cannot enter the ventricle and cardiac output will plateau even with 

increased preload because the maximum stroke volume of the TAH is 70 mL. The 

stroke volume limit, or high end on the Starling-like curve, will affect patient mobility 

or comfort specifically if the patient attempts high intensity activity21. However, during 

normal activity, the Starling-like ability of the TAH allows the device to respond to 

increased venous return just as a healthy heart would, increasing output relative to 

the preload delivered. On the low end, the TAH has a residual volume of about 30 

ml. If end diastolic volume is ever under 30 ml, ejection will not occur. “Partial fill, full 

eject” only applies to the filled volume during a cardiac cycle; the filled volume is 

always fully ejected, but the residual volume will remain in the ventricle.  

As with the EDPVR, a typical end systolic pressure-volume relationship (ESPVR) 

curve cannot be generated for the TAH, as the walls of the ventricle do not contract. 

For the TAH, contraction occurs as a result of diaphragm displacement.    

LIMITATIONS OF THE STUDY 

To fully explore the full operating envelope of the TAH, a wider range of preloads 

and afterloads needs to be tested and these studies are planned for the future. We 

assume that the Starling-like mechanisms are limited by the high, fully filled volume 

of the ventricle and the low, residual volume of the ventricle. However, we were 

unable to reach these end-diastolic volumes using the parameters varied in this 

testing. In the case of varied afterloads, we assume that the TAH is insensitive to 

variations up to the maximum drive pressure of the driver. However, we were unable 

to verify this assumption with test parameters as with the DMCS, as we were limited 
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in that we could not raise the aortic pressure higher than 135 mmHg without 

changing other parameters that were held constant throughout all other experiments.  

We acknowledge the existence of other mock circulatory systems that may have 

additional features with better modeling of patient vasculature and compliance45,49. 

However, the DMCS has proven to be a success in testing the TAH in the past, was 

used in the FDA approval process of the TAH, and is widely distributed in medical 

centers that implant the device. The volume of liquid within the inflow tubing of each 

ventricle acts as the working atria for the test setup. While typical left atrial volumes 

can vary between 25 and 77 ml in a healthy male, the inflow tubing contained a 

larger than typical atrial volume due to incorporation of flow meters and tubing, 

creating a larger preload compared to typical human anatomy 69. However, as 

preload is varied throughout the course of the studies performed, we were still able 

to see the effects of preload variation on the TAH, despite the large atrial volume on 

the DMCS. 

CONCLUSION 

This study defines the pump performance properties of the TAH in terms of 

pressure-volume characteristics. The TAH does not manifest or behave with time-

varying elastance. Nevertheless, the TAH operates with Frank-Starling-like behavior 

in response to changes in preload and with insensitivity to afterload variation, over 

the range of pressures tested, i.e. up to a mean AoP of 135 mmHg. Although the 

present TAH has a smaller operating window compared to the human heart, i.e. it 

cannot achieve stroke volumes higher than 70 ml, nor vary contractile strength 

without changing driver settings, the TAH by virtue of its defined maximum volume, 
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set material property, and defined non-varying elastance can operate equally well, 

i.e. providing cardiac output comparable to the human heart, over a wide range of 

loading conditions.  

The characterization of the pneumatically driven SynCardia TAH that has emerged 

in this study may aid in the development of physiological control algorithms, next 

generation TAH designs, and will further our understanding of how the TAH performs 

in patients over a range of hemodynamic conditions. In the future, the construction of 

an artificial heart with expansile volume capabilities and time-varying elastance 

properties might extend the operating envelope of the artificial heart, bringing it 

closer to the maximum range of human physiologic parameters.  

  



 91 

CHAPTER 4 - DOES A PLASTIC HEART EQUAL A HUMAN 
HEART?  

 

This chapter was written as a stand-alone commentary on the role of the pressure-
volume relationships within the heart and how they relate to the SynCardia total 
artificial heart.  

ABSTRACT 

The assessment of left ventricular diastolic and systolic pumping characteristics is 

essential in the evaluation of mammalian heart function. Furthermore, it is a 

fundamental element used to gauge heart failure severity, remodeling, or assess 

therapeutics. As a means for evaluation, ventricular pressure-volume diagrams have 

emerged as a standard method of assessment in all species. The characterization of 

the total artificial heart (TAH) by Crosby et al., defined the pumping performance 

properties of the total artificial heart in terms of pressure-volume characteristics, but 

found that it did not behave with time-varying elastance, i.e. does not manifest the 

same pressure-volume relationships typically observed when assessing a human 

heart via pressure-volume analysis.  This chapter discusses the implications of the 

lack of elastance in regards to the total artificial heart. While not limiting patients 

working at mild to normal activity level, the lack of elastance in the TAH creates a 

limit to its operational range, i.e. high levels of cardiac output cannot be achieved 

without driver manipulations. In the future, the construction of an artificial heart with 

expansile volume capabilities and time-varying elastance properties might extend 

the operating envelope of the artificial heart, bringing it closer to the maximum range 

of human physiologic parameters.   
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INTRODUCTION 

The human heart is exquisite. With its wide operating envelope, it can pump 

effectively in a range of situations. For example, it can function with minimum loading 

volume and conversely pump against a significantly elevated blood pressure; it can 

function at a beat rate between 30 and 220 BPM depending on the demand of the 

body1. It is unquestionable that the human heart and the vasculature together make 

up a remarkable system, which sustains all of life’s activities. Because of its 

complexity, investigators have only been able to mimic pieces of its properties and 

pumping power through the use of mechanical support13,14,18,21,56. Though 

researchers are unable to completely duplicate the sum of the heart’s intricacies, the 

systems which have been created to assist, replace, and repair heart function in the 

case of failure have undoubtedly saved the lives of many. Herein we will briefly 

discuss the heart’s physiology, discuss differences between the human heart and 

artificial heart, and lastly, discuss the notion of time-varying elastance. 

PHYSIOLOGY 

The mammalian heart is a four-chambered structure, comprised of right and left atria 

and right and left ventricles, operating as two pumps in series and functioning to 

provide oxygenated blood to the body2. As the left heart functions to provide blood to 

the body’s vasculature, the left ventricle develops an inner pressure about seven 

times that of the right ventricle and the left ventricular wall is considerably thicker 

than the right because it needs to provide flow throughout the body’s vasculature2. It 

must work against greater pressure and against gravity to get blood to the head, etc. 



 93 

Physiologists Otto Frank and Ernest Starling studied the effect of inner ventricular 

pressure via fluid on heart contraction and stroke volume. They defined the heart’s 

capacity to pump a volume of blood proportional to that which it receives. The 

property they revealed is termed the Frank-Starling law of the heart, which states 

that the volume ejected during one cardiac cycle is proportional to the length of the 

muscle fibers before contraction5. Thus, stroke volume is directly related to filling 

volume. The limitation of this approach as a means of completely characterizing 

cardiac function was recognized in the 1970s with demonstration of the load-

dependency of the relationship between pressure and volume—i.e. if afterload 

changed, the relationship between preload and cardiac output would vary64–66. 

Cardiac contractility, described in terms of the end-systolic pressure-volume 

relationship, was noted to be independent of preload and afterload64,65.  Thus, a 

load-independent approach was established with the recognition that the human 

heart behaves with time-varying elastance, reflecting alterations in tissue stiffness 

over time5,67,68. The “elastance” of the heart is defined as the instantaneous 

ventricular pressure versus ventricular volume, which when plotted creates loops as 

the ventricle transitions between systole and diastole during each cardiac cycle. The 

max value of the function during one cardiac cycle is called “Emax” and is the 

elastance at end-systole. This number remains unchanged over a wide range of 

preload and afterload variations, thus “load-independent”70. With this, ventricular 

pressure-volume diagrams have emerged as a standard method of assessment in all 

species. However, how does the total artificial heart relate to the human heart in this 

aspect? 
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HEART FAILURE & THE ARTIFICIAL HEART 

Despite the advances that have been achieved in the treatment and prevention of all 

forms of heart disease, heart failure continues to be on the rise, with a diagnosis rate 

of 550,000 new patients per yearr10. Patients with mild to moderate heart failure can 

benefit greatly from drug therapy while maintaining their disease with lifestyle 

modifications such as healthy weight control, diet, and regular exercise71. However, 

the survival and quality of life of patients with severe cases of heart failure are 

limited, and the rate of mortality after diagnosis is about 20-50%8,9. For these severe 

cases, drugs are not a viable treatment option, more drastic measures are needed. 

The current treatment of choice in these patients is heart transplantation, which has 

a 10-year survival rate approaching 50%16,27. More limiting however is the fact that 

there are only about 2,500 donor hearts that become available per year, leaving an 

enormous number of patients on a lengthy transplant list; many of which will die 

while waiting for the new organ. This dilemma creates a large pool of patients 

without a feasible treatment option27. 

As a means to decrease the number of patients left without a viable treatment 

option, mechanical circulatory support was created. Total artificial heart (TAH) 

technology has been developed alongside ventricular assist devices over the past 60 

years. The first successful implantation in an animal model took place in 1957 in a 

dog. Though the animal only survived for a 90-minute period post surgery, this 

success was a huge landmark in mechanical circulatory support history. The first 

human to receive an artificial heart was at Texas Heart Institute in 1969. Several 

subsequent implants took place at various centers and the development of a variety 

of different devices occurred. However, the SynCarida Total Artificial heart (TAH) is 
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currently the only approved total artificial heart by the FDA and boasts over 1,300 

implants, the majority with success in bridge to transplant.  

The device is pneumatically driven, and is made of two rigid, polyurethane ventricles. 

Within each ventricle there is a diaphragm, which separates a blood-contacting 

chamber from an air-contacting chamber. Drive lines going between the heart and 

an external driver provide positive and negative pressure to the diaphragm, 

mobilizing it and causing the pumping action used to drive blood through the body, 

capable of providing flows of greater than 9 L/min22,30,72. In addition to being a vital 

treatment method for bi-ventricular failure, new uses of the TAH are emerging. The 

device has proven its success as a means of salvaging patients with protracted, 

irreversible cardiogenic shock post myocardial infarction, for heart failure associated 

with failed Fontan or other repair procedures for congenital heart disease, for failed 

cardiac transplants, and for failed VADs and infiltrative cardiomyopathies22. With 

additional uses for the TAH becoming more prevalent, it is important that the device 

is fully characterized and understood by clinicians so that it can be used to its 

greatest potential. Crosby et al. (2015) characterized the TAH using pressure-

volume analysis, relating to current clinical and research evaluation techniques 

(Chapter 3)6. The findings demonstrate that the TAH does not operate with time-

varying elastance and that the TAH has a pressure-volume relationship behavior that 

differs from that of the human heart.  The TAH does exhibit Starling-like behavior, 

with output increasing via preload dependent mechanisms, and within their testing 

criteria, the TAH was insensitive to variations in afterload. While the rigid, 

polyurethane TAH behaves like a human heart in some aspects, i.e. provides 

pulsatile blood flow and has Starling-like properties, it also differs in many aspects, 
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i.e. elastance and afterload sensitivity.  The various differences and their implications 

on the TAH are discussed below.  

FRANK-STARLING-LIKE PROPERTY OF THE TAH 

The TAH operates on the principle of partial fill-full eject. That is, under normal 

operation, neither ventricle of the TAH will fully fill to its maximum capacity. It will, 

however, fully eject all the volume that enters during diastole22. The volume of fluid 

that is filled during each cardiac cycle can be controlled by beat rate and driver 

provided vacuum. The Frank-Starling-like property of the TAH comes from this 

principle. Because the ventricle is never fully filling during each cardiac cycle, there 

is “reserve” space within the ventricle at any given time. This reserve can 

accommodate an increase of venous return that may occur due to increased 

movement or vasculature variation. Furthermore, because the ventricle will always 

eject the fluid that is filled during each diastolic period, the TAH can produce a 

Starling-like curve, shown in Crosby et al. 2015, displaying increasing stroke volume 

(or cardiac output) with increased preload or end-diastolic volume.  

AFTERLOAD INSENSITIVITY OF THE TAH 

The human heart, when holding contractility constant, is sensitive to the load at 

which it is pumping against-- for the left ventricle, the aortic pressure. As the load is 

augmented, stroke volume and thus cardiac output will decrease. Conversely, 

Crosby et al. show that the TAH is insensitive to afterload variability, with stroke 

volume remaining constant with variations in afterload. Though, this differs from the 

working characteristics of the mammalian heart, it works in favor of the TAH and the 

patient its supporting. The mechanism by which the afterload insensitivity stems is 

the partial fill, full eject working principle. The driving pressures set within the TAH 
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drivers, which function to push air into the driveline and mobilize the diaphragm, are 

set at a high pressure—well above a patient’s systolic blood pressure. In doing this, 

clinicians can ensure that the ventricle will always full eject—even if afterload is 

increased. Because drive pressures are set to always full eject, the TAH will 

generally be insensitive to increases in afterload. This is beneficial to the patient 

because it means they will never have diminished cardiac output if they become 

hypertensive, up until the point of the set driving pressure.  

TIME-VARYING ELASTANCE 

The elastance of the heart characterizes its function and can further be related to the 

amount of remodeling that has occurred in a failing heart, providing insight into the 

degree of severity. As such, elastance evaluation via the use of pressure-volume 

analysis is vital in assessing and treating heart failure patients. The TAH, being 

constructed of a ridged outer housing, lacks elastance. Though the diaphragm is 

made of a flexible material, it does not behave with elastance, nor vary its properties 

based on the length (or stretch). Furthermore, the outer housing also acts as a hard 

stop for the diaphragm keeping it from stretching if it becomes fully filled.  

The lack of elastance does not inhibit the normal function of the TAH when the 

patient is at rest, walking, or doing light exercise. However, because the ventricle 

cannot increase its fill volume by expanding as the mammalian heart does, it is 

limited to 70cc stroke volume. Thus, the limit that the lack of elastance imposes on 

the heart is stroke volume. During exercise, a human heart can increase cardiac 

output upwards of 20 L/min, over four times the normal output71. In order to do so, it 

must both increase in heart rate and stroke volume. Stroke volume can be increased 

due to the heart’s ability to expand with increased venous return through its elastic 
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properties. Future iterations of the TAH may incorporate some form of elastance to 

functionally increase the operating window of the device—giving patients the 

freedom of working out to a greater degree than is possible with the current 70cc 

TAH by providing an increased stroke volume.  

CONCLUSION 

Although the present TAH has a smaller operating window compared to the human 

heart, i.e. it cannot achieve stroke volumes higher than 70 ml., nor vary contractile 

strength without changing driver settings, the TAH by virtue of its defined maximum 

volume, set material property, and defined non-varying elastance can operate 

equally well, i.e. providing cardiac output comparable to the human heart, over a 

wide range of loading conditions. With its Starling-like properties, the TAH gives the 

flexibility of responding to light exercise and movement easily without needing any 

driver variations. Furthermore, the afterload insensitivity of the heart ensures that 

cardiac output will not diminish when a patient becomes hypertensive.  

The characterization of the pneumatically driven SynCardia TAH will aid in the 

development of physiological control algorithms, next generation TAH designs, and 

will further our understanding of how the TAH performs in patients over a range of 

hemodynamic conditions. In the future, the construction of an artificial heart with 

expansible volume capabilities and time-varying elastance properties may extend 

the operating envelope of the artificial heart, bringing it closer to the maximum range 

of human physiologic parameters.  
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CHAPTER 5 - A LEFT-SIDED HEART FAILURE MODEL 
UTILIZING THE SYNCARDIA TOTAL ARTIFICIAL HEART AND 

THE DONOVAN MOCK CIRCULATORY SYSTEM 
 

This chapter has been submitted in the Journal of the American Society for Artificial 
Internal Organs November 2014. 

Jessica R. Crosby, Katrina J. DeCook, Phat L. Tran, Richard G. Smith, Douglas F. 
Larson, Zain I. Khalpey, Daniel Burkhoff, Marvin J. Slepian 

OVERVIEW 

Mechanical circulatory support (MCS) has emerged as a vital therapy for advanced 

and end-stage heart failure patients. Recently, several new (MCS) devices –notably 

a range of continuous flow ventricular assist devices (VADs), have entered clinical 

use, with several other promising VAD designs in development.  With this, a need 

has emerged for a system to allow inter-device comparison using actual clinical 

heart failure conditions.  We developed a robust, physical model of bi-ventricular 

heart failure utilizing the SynCardia Total Artificial Heart (TAH) attached to the 

Donovan Mock Circulation System (DMCS), with the TAH pneumatically pumped at 

66% of standard drive pressure. With this system, left atrial pressure and left 

ventricular pressure were elevated (+115% and + 51.6 % over baseline, 

respectively) and aortic flow was reduced (-11%). Starling-like behavior was blunted 

with continued preload augmentation. Similarly, pressure-volume relationships 

demonstrated partial preservation of preload augmentation and enhanced sensitivity 

to afterload, as is consistent with a human heart. The system was configured to 

allow addition of a VAD, which upon insertion (HeartMate II at 9600 rpm) resulted in 

restoration of hemodynamics to normal. The present configuration has the potential 

to serve as a valuable research and teaching tool to foster safe MCS device use.  
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INTRODUCTION 

Heart failure (HF) is an increasingly burdensome syndrome, affecting more than 5 

million patients in the United States and over 20 million patients worldwide73. HF is 

the leading cause of hospital admission in the US, the number one Medicare DRG  

(diagnostic related group), and the disease state with the greatest cost burden to the 

health care system11,15. While pharmacologic agents are the mainstay of therapy for 

mild and moderate heart failure, severe, advanced and end-stage failure often 

requires additional hemodynamic support. Traditionally, definitive therapy for 

advanced heart failure has been cardiac transplantation55,74. Over the past few 

years, with the persistent shortage of donor hearts, coupled with improvements in 

circulatory support technology, mechanical circulatory support (MCS) has emerged 

as the standard-of-care for advanced heart failure (AHA Stage D, NYHA Class 

IV)8,19,20,75. Following the initial success of MCS therapy as a bridge to 

transplantation (short-term therapy), destination therapy (long-term therapy) has 

emerged as a viable therapeutic option50. With the growth in MCS device use and 

development, a need has emerged for the development of an effective system and 

means for evaluating the comparative efficacy of a given device.   

A wide variety of mock circulation systems have been configured over many years to 

mimic human circulatory physiology48,76. Several of these have been utilized in 

recent years for in vitro hemodynamic, hydrodynamic, hemolysis, and performance 

testing of MCS devices70. However, many of these mock systems have not been 

used to objectively compare devices to one another, especially under various 

loading conditions. Additionally, many of these systems only mimic the left ventricle, 

limiting the assessment of right heart behavior, and/or are extremely complex, 



 101 

requiring the use of computer-controlled systems which are not readily available or 

easy to use45,46,49,77. The shortcoming of these efforts has been several-fold, 

including the lack of a characterized model of heart failure, coupled with the inability 

to readily interchange test devices being evaluated, under reproducible operating 

conditions.    

Recently, we have defined and characterized a robust mock circulatory system 

emulating patient physiology, employing the Donovan Mock System (DMCS) and the 

SynCardia Total Artificial Heart (TAH) (Chapter 3) in order to characterize the TAH 

from a modern physiologic perspective. In this recent study, the TAH system was 

evaluated over a wide range of loading parameters, with hemodynamics and flow-

volume relationships reported. In the present study, we build upon this work and 

have modified the DMCS with attached TAH system to operate under reduced 

function conditions, emulating clinical left ventricular failure.  Specifically, we 

hypothesize that the TAH operating in reduced output conditions in conjunction with 

the DMCS will provide a reliable physical model of heart failure, demonstrating 

hemodynamics consistent with left ventricular systolic failure.  Further, we posit that 

this system can be characterized to define reproducible heart failure conditions and 

then be utilized as a test bed to evaluate the functional performance of ventricular 

assist devices added to “augment” and improve hemodynamics. As such, we first 

define the heart failure condition by varying the left driveline pumping pressure of the 

TAH. Second, we characterize the heart failure model over a range of preloads and 

afterloads, examining hemodynamics as well as pressure-volume (PV) relationships. 

Third, we examine the effect of adding a ventricular assist device to the system, as 

to its ability to correct and restore hemodynamics.  
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METHODS 

THE TOTAL ARTIFICIAL HEART AND THE HYDRAULIC ANALOG OF THE CIRCULATORY 

SYSTEM  

A Donovan Mock Circulatory System combined with an affixed SynCardia Total 

Artificial Heart (70 cc, SynCardia Systems Inc, Tucson, AZ) was utilized for all 

studies. For a full description of the TAH and mock circulatory system, see Crosby et 

al. 2014. Each of the TAH ventricles has a rigid spherical outer housing, supporting a 

blood-contacting diaphragm, two inner diaphragms, and an air contacting 

diaphragm, all fabricated together from segmented polyurethane (SPUS). The air-

contacting chamber is pressure-controlled by an external driver, providing positive 

and negative air pressure to a driveline, functioning to mobilize the diaphragms and 

provide pulsatile pumping action required for blood flow. The external pneumatic 

driver allows for the control of driveline and vacuum pressures for each ventricle, 

percent systole, and heart rate.  

A DMCS (SynCardia Systems, Inc, Tucson, AZ) was used to simulate the systemic 

and pulmonary portions of the human vasculature for all experiments performed in 

this study47. The DMCS contains four chambers representative of the following 

blood-containing domains: 1) right atrium, 2) pulmonary artery, 3) left atrium and 4) 

aorta, see Figure 5.1A for a diagram of fluid flow through the DMCS. The tank was 

filled with a 35% (w/v) glycerin/deionized water blood surrogate, with a viscosity of 

3.5 cps at room temperature.  
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Figure 5.1: Explanation of fluid flow through the DMC and TAH ventricles. 

A) Fluid flow through the total artificial heart (right and left ventricle) and Donovan Mock 
Circulation System (four chambers) showing placement of Millar catheters and flow sensors. The 
triangles within the ventricles represent valves. B) Close up of the left and right ventricles of the 
total artificial heart attached to the DMCS. C) The DMCS with attached total artificial heart.  
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EXPERIMENTAL CONFIGURATION  

All chambers of the DMCS were fitted with pressure transducers (Abbott, Abbott 

Park, Illinois) to provide the following pressures: Aortic pressure (AoP), left atrial 

pressure (LAP), right atrial pressure (RAP), and pulmonary artery pressure (PAP). 

Four Millar catheters, (SPR-524, Millar Instruments, Inc, Houston TX) connected to a 

pressure control unit (PCU-2000, Millar Instruments, Inc) were used to monitor 

continuous pressure at the entrance to the aortic chamber, inside the left ventricle, 

inside the right ventricle, and at the outflow of the LAP chamber (Figure 5.1). Three 

flow meters (ME 25 PXN, Transonic Systems, Inc, Ithaca, NY) were placed 

throughout the system to measure fluid flow rates of left ventricular inflow, left 

ventricular outflow, and right ventricular outflow. Data from all sensors were acquired 

at 200 Hz with a compact data acquisition board (NI-9219, NI-9211, and two NI-

9205, National Instruments, Austin, TX) interfaced with a custom LabView 

executable. 

The TAH was driven by the Companion 2 pneumatic driver (SynCardia Systems, Inc, 

Tucson, AZ). Baseline “normal” driver conditions were: left drive pressure 180 

mmHg, left vacuum -10 mmHg, right drive pressure 60 mmHg, right vacuum -10 

mmHg, heart rate 100 beats per minute, and 50% systole. Once baseline 

parameters were set on the driver, the DMCS was set to “normotensive” patient 

conditions: right atrial mean pressure 6 ± 5 mmHg, pulmonary arterial mean 

pressure 20 ± 5 mmHg, left atrial mean pressure 10 ± 5 mmHg, and AoP mean 85 ± 

5 mmHg.  
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EMULATION OF LEFT VENTRICULAR SYSTOLIC FAILURE WITH THE DMCS AND TAH 

To mimic the hemodynamics of left ventricular systolic failure, two parameters were 

varied on the TAH system: left ventricular driveline pressure and left ventricular 

vacuum. These two parameters regulate the mobilization of the inner diaphragm, 

which produces the pulsatile pumping action of the TAH. During characterization of 

the loop in reduced output, “heart failure” conditions, the DMCS was set to normal 

operating conditions (as above) as a baseline. The TAH pneumatic driver 

(Companion 2), the left vacuum was then set to 0 mmHg and the left drive pressure 

was progressively varied between 200 mmHg and 120 mmHg (the minimum 

achievable drive pressure on the Companion 2 Driver), in increments of 10 mmHg; 

with 180 mmHg being the typical drive pressure utilized clinically.  Following each 

incremental adjustment, the tank was allowed to reach homeostatic conditions for 

two minutes, following which data from all channels was recorded at 200 Hz for ten 

seconds and completed at least three times. Left ventricular drive pressure of 120 

mmHg and left ventricular vacuum of 0 mmHg were utilized as the heart failure 

parameter settings throughout the duration of the study.  Pressure, flow and percent 

ventricular emptying were measured as endpoint variables for all protocols run. (The 

term “ejection fraction” was avoided in this report – reserving this for a tissue 

ventricle, as the TAH with a plastic ventricle does not dilate, lacks time varying 

elastance and is always purposely under filled to allow preload augmentation of 

output).   
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EFFECT OF VARYING AFTERLOAD AND PRELOAD ON HEART FAILURE MODEL 

HEMODYNAMICS 

The system’s response to an increase in afterload was assessed during reduced 

driver conditions; the driver was set to heart failure parameters (as described 

above). The mean aortic pressure (afterload) was raised in 5 mmHg increments from 

95 to 110 mmHg. Similarly, the system’s response to a change in preload was 

assessed during reduced driver conditions through variations in the right ventricular 

vacuum, which in turn varied left ventricular end diastolic volume. The right vacuum 

was varied from 0 to 20 mmHg (10 mmHg being the normal value used) so that the 

end diastolic volume (EDV) of the left ventricle ranged from 48 to 73 mL.  Left 

ventricular EDV did not change after the right vacuum was above 12 mmHg, thus we 

only display data for right vacuum pressures of 0 thru 12 mmHg throughout the 

study. Ejection fraction was calculated as mentioned above.  

ADDITION OF A VENTRICULAR ASSIST DEVICE TO THE HEART FAILURE MODEL 

The DMCS with attached TAH was altered to incorporate various MCS devices 

through modifications to the left ventricular outflow tubing. Two T-junctions, 

separated by a one-way bi-leaflet Open Pivot artificial heart valve (Medtronic, 

Minneapolis, MN), were placed between the outflow of the left ventricle and the 

inflow to the systemic arterial chamber of the DMCS. This essentially extends the left 

ventricle such that the inflow of any MCS device could be incorporated to the mock 

vasculature loop without damaging the ventricle of the TAH. A flow sensor (ME 25 

PXN, Transonic Systems, Inc, Ithaca, NY) was placed immediately after the MCS 

insertion site to measure device outflow. 
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EFFECT OF VAD PUMP SPEED ON HEART FAILURE MODEL PHYSIOLOGY: 

With the overall system set to heart failure mode (66% of baseline drive pressure) 

the HMII VAD was added and set to operate at speeds varying between 7000 and 

11000 RPM (9600 RPM is the average operating speed) in increments of 200 RPM. 

At each increment, after allowing the DMCS to reach homeostatic conditions for two 

minutes, a ten second window of data was collected through all channels. 

RESULTS  

DEFINING THE HEART FAILURE MODEL 

Incremental decreases in pneumatic driver pressure with the vacuum turned off led 

to a reduction of TAH pumping power and thus an alteration of normal filling and 

circulatory pressures on the DMCS. Figure 5.2 shows the alterations in average left 

atrial pressure (Figure 5.2a), left ventricular pressure (Figure 5.2b), aortic pressure 

(Figure 5.2c), and left ventricular outflow (Figure 5.2d) as the left drive pressure is 

varied. As left drive pressure is decreased, a decrease in heart pumping action, or 

“contractility” is apparent. Reduction in aortic pressure and left ventricular output 

occurs with decreased left driveline pressure, and there are increases in left 

ventricular pressure and left atrial pressure as left ventricular driveline pressure is 

reduced. As expected, the most severe case of heart failure (using these setup 

parameters) occurred at the lowest left driveline pressures which could be obtained 

with the Companion 2 driver, i.e. 120 mmHg with the vacuum removed.  At this drive 

condition, the DMCS had a mean right atrial pressure of 7 mmHg, mean left 

ventricular pressure of 67.5 mmHg, mean aortic pressure of 85.5 mmHg, mean left 

atrial pressure of 19.5 mmHg, and left ventricular outflow of 3.6 L/min. These are the 
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parameters that were used for baseline “heart failure” conditions throughout the rest 

of the study.   

 

Figure 5.2: Effect of Progressive “Failure” (decreasing drive pressure) on TAH 
and systemic pressures 

A-D) Average values of right atrial pressure, left ventricular pressure, aortic pressure, left atrial 
pressure and left ventricular pressure against an increase of left drive pressures. The Arrow over 
180 mmHg indicates the normal left drive pressure typically used clinically. No driveline vacuum 
was applied with the driver in order to further decrease function of the TAH in order to mimic 
reduced function.  

 

Typical hemodynamic profiles obtained with the TAH operating under heart failure 

and normal conditions are shown in Figure 5.3. The figure depicts three seconds of 

data (about 5 cardiac cycles) while the TAH was operating at 100 BPM with the 

pneumatic driver set to normal (180 mmHg) and heart failure (120 mmHg) drive 
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conditions. All waveforms vary periodically correlating to the rhythmic pumping of the 

ventricles. There are noticeable pressure spikes in the right and left ventricle 

pressure traces during diastole, due to inflow valve flapping upon closure (Figure 

5.3c and d). There are noticeable pressure spikes in the aortic pressure waveform 

(Figure 5.3f) at end diastolic and systolic pressures, peaks and valleys, due to 

oscillation of the mitral valve during closure. In heart failure conditions, left atrial 

pressure is raised compared to normal operating conditions, mean pressure of 9.0 

mmHg in normal conditions and 19.5 mmHg in HF condition (116% increase, Figure 

5.3b). Right ventricular pressure is higher in heart failure conditions, with mean 

pressure of 0 mmHg at normal and 26.5 mmHg in heart failure conditions (Figure 

5.3c). Left ventricular pressure has a slightly lowered systolic pressure in heart 

failure conditions compared to normal operating conditions. Mean left ventricular 

pressure at normal is 44.5 mmHg and 67.5 mmHg in HF conditions; however, this 

value is skewed due to the valve flapping causing a greater pressure spike in HF 

conditions (Figure 5.3d). Pulmonary arterial pressure is also raised in heart failure 

conditions, mean pressure of 16.2 mmHg in normal conditions and 28.4 mmHg in HF 

conditions (75.3% increase, Figure 5.3e). Aortic pressure and right ventricular 

outflow waveforms look similar between the two conditions (Figure 5.3f-g). Mean 

aortic pressure during normal conditions is 85.5 mmHg and 84.4 mmHg in HF 

conditions. Mean right ventricular outflow under normal conditions is 2.95 L/min and 

3.13 L/min under HF conditions. However, obvious differences between left 

ventricular outflows are seen between heart failure and normal conditions; there is 

significantly higher outflow under normal operating conditions compared to HF 

conditions (Figure 5.3h).  Mean left ventricular flow under normal conditions is 4.0 

L/min and 3.6 L/min under HF conditions (11% reduction of flow).  
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Figure 5.3: Waveforms from all collection channels in “heart failure” conditions. 

Output from all sensors with the TAH operating at reduced drive, “heart failure” conditions (black) 
and normal operating conditions (gray). The large spikes seen in the aortic pressure waveform 
(F) are attributed to the normal “flapping” of the aortic valve as it closes.   
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EFFECT OF AFTERLOAD VARIATION ON HEART FAILURE MODEL HEMODYNAMICS  

Afterload in the DMCS was increased by manipulating the bellows-operated valve to 

restrict flow between the AoP chamber and RAP chamber. Figure 5.4 (a-d) shows 

average right atrial pressure (a), left ventricular pressure (b), aortic pressure (c) and 

left atrial pressure (d) over a ten second acquisition period with varying mean aortic 

pressures. As mean aortic pressure was increased from 95 to 110 mmHg, right atrial 

pressure exhibited a slight reduction from 7.23 to 6.85 mmHg (5.2% reduction), 

Figure 5.4a, and average left ventricular pressure increased by about 7 mmHg (10% 

increase) over the varying afterload pressures (Figure 5.4b). Left ventricular outflow 

decreased drastically, from an average 3.59 to 0.66 L/min (81% reduction). Lastly, 

left atrial pressure increased at aortic pressures greater than 95 mmHg, from 19 

mmHg at 95 mmHg AoP to 22 mmHg at 100 and 105 mmHg AoP (16% increase), 

and 20 mmHg LAP at 110 mmHg AoP (5% increase from baseline).  
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Figure 5.4: Effect of Afterload alterations in heart failure conditions. 

A-D) Plots of mean Right Atrial Pressure, Left Ventricular Pressure, Left Ventricular Outflow and 
Left Atrial Pressure (respectively) over a range of mean aortic pressures (afterloads). The 
afterload was varied using the bellows operated valve in the DMCS.   

 

EFFECT OF AFTERLOAD VARIATION ON HEART FAILURE MODEL PRESSURE VOLUME 

RELATIONSHIPS 

Pressure-volume loops of heart failure conditions at varying afterloads are 

represented in Figure 5.5. For ease of viewing, pressure spikes caused by the 

closing of the mitral valve were removed from the pressure trace in heart failure 

conditions (Figure 5.5a). Afterload variation under normal operating conditions is 

shown in Figure 5.5b, from Crosby et al. 2014. In heart failure conditions, as 

afterload is raised, there is a prominent reduction in stroke volume (width of the loop) 

with the smallest stroke volume being the loop at an aortic pressure of 110 mmHg. 
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This trend correlates with results shown in Figure 5.4; as afterload increases, output 

decreases. Additionally, we note that the ventricle’s end systolic volume is between 

40 and 50 ml. The ventricle has a residual volume of about 30 ml during full ejection. 

Here, in reduced output mode, the end systolic volume is consistently higher than 

30, indicating that the ventricle is not fully ejecting the volume filled during diastole. 

Compared to the afterload variations seen in normal operating conditions, Figure 

5.5b, which shows consistent stroke volume over varying afterloads, the pressure-

volume loops in heart failure conditions (Figure 5.5a) show that the TAH operating in 

reduced output conditions is sensitive to afterload. The increase in concavity of the 

loops during systole (top of the loop) in Figure 5.5a compared to the loops in Figure 

5.5b is due to “lagging” of diaphragm movement in heart failure conditions since 

drive pressure is lower compared to normal operating conditions. Systolic pressure 

during heart failure conditions for mean AoPs of 95 mmHg, 100 mmHg, and 110 

mmHg were 111 mmHg, 112 mmHg, and 114 mmHg respectively. Pressure-volume 

loops with mean and systolic aortic pressures higher than those documented could 

not be achieved with stability, as cardiac output would diminish with a larger increase 

in aortic pressure.  
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Figure 5.5: Pressure-Volume Loops with Varying Afterloads in heart failure and 
normal conditions. 

A) Pressure-Volume loops with 95, 100, and 110 mmHg mean aortic pressures, corresponding to 
systolic pressures of 111, 112, and 114 mmHg respectively.  B) Pressure-Volume loops with 85, 
115, and 135 mmHg mean aortic pressures. Notice the difference in loop trends over the varying 
afterloads. Stroke volume (loop width) decreases with increased afterload whereas in normal 
operating conditions stroke volume remains the same over varying afterloads. Normal condition 
pressure volume loops from Crosby et al 2014. In heart failure conditions, pressure-volume 
loops with a mean AoP of up to 135 mmHg (as was tested under normal conditions) was not 
achievable because flow through the system would cease at higher aortic pressures. 
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EFFECT OF PRELOAD VARIATION ON THE HEART FAILURE MODEL  

Venous return and preload were altered through adjustments in the right ventricle’s 

vacuum pressure. The vacuum was varied between 0 and -20 mmHg (normal is -10 

mmHg), causing end diastolic volumes (EDV) of the left ventricle to vary. However, 

no change was seen in left ventricular end diastolic volume in right vacuum 

parameters higher than 12 mmHg. Thus, only data from 0 to 12 mmHg vacuum 

pressures are shown. The effects of preload variation on mean left atrial pressure 

(a), left ventricular pressure (b), left ventricular outflow (c), and aortic pressure (d) 

are shown in Figure 5.6a-d.  As end diastolic volume was increased from 48 to 73 

mL, left atrial pressure significantly increased as end diastolic pressure was 

increased, changing from an average of 8.81 mmHg at an EDV of 48 mL to an 

average of 18.5 at an EDV of 73 mL (106% increase, Figure 5.6a), mean left 

ventricular pressure raised from an average of 45 to 66 mmHg (46% increase, 

Figure 5.6b), left ventricular outflow also showed a significant increase as end 

diastolic volume increased, from 1.92 L/min to 3.58 L/min  (86% increase) between 

48 and 63 ml; however, no further increases were seen at end diastolic volumes 

higher than 63 ml (Figure 5.6c), and mean aortic pressure increased with increased 

end diastolic volume (Figure 5.6d).  

EFFECT OF PRELOAD VARIATION ON HEART FAILURE MODEL PRESSURE VOLUME 

RELATIONSHIPS 

Pressure-volume (PV) loops at the varying preload conditions are shown in Figure 

5.7. As end diastolic volume is raised during heart failure conditions (Figure 5.7a), 

increases in stroke volume (loop width) between EDV of 48 to 62 ml are notable. 

However, the stroke volume increase between an EDV of 62 and 73 is minimal and 
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the end systolic pressure between the two preloads remains similar, but greater than 

the end systolic pressure generated with lower preload. Figure 5.7b shows the PV 

loop generated under normal operating conditions, which shows incremental 

increases in stroke volume with increased EDV. A Starling Curve for the variations in 

preload is represented in Figure 5.8 comparing normal left ventricular drive 

conditions to the reduced drive conditions (Crosby 2014). With normal drive 

conditions (left drive pressure of 180 mmHg and vacuum of 10 mmHg), a higher end 

diastolic volume was achieved when the right ventricular vacuum was set at 20 

mmHg, EDV of 84 mL at normal conditions compared to 73 mL at reduced output 

conditions. In addition, heart failure conditions produce little increase in left 

ventricular output after an EDV of 63 mL is reached. At EDV of 63 mL, left ventricular 

output is 3.45 L/min and at EDV of 73 mL, left ventricular output is 3.5 L/min. The 

slope of the line at normal operating conditions is 0.11 (L/ml) with an R2 value of 

0.998. The first three data points of the reduced drive conditions create a line of 

slope 0.105 (L/ml) with an R2 value of 1, before cardiac output plateaus. As in the 

human heart, the TAH has increased stroke volume and increased (left) ventricular 

pressure during systole with increases in end-diastolic volume. However, in the heart 

failure model a threshold left ventricular EDV is reached, above which preload 

augmentation does not increase left ventricular output any longer, as the pump has 

inadequate pumping force to eject fluid out of the ventricle; this action being similar 

to a failing heart.   
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Figure 5.6: Varying the Preload. 

Preloads were acquired through variations in the right ventricular vacuum pressure. A-D) 
Waveforms of Right Atrial Pressure, Left Ventricular Pressure, Aortic Pressure, and Left Atrial 
Pressure, respectively, with 3 different preloads. E-I) Average values of right atrial pressure, left 
ventricular pressure, aortic pressure, left atrial pressure, and left ventricular outflow obtained 
though varying the end diastolic volume or preload. 
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Figure 5.7: Pressure-Volume Loops with Varying Preloads 

Pressure-Volume loops with variations in Right Vacuum, which varies the amount the right 
ventricle is pumping. Thus, altering preload by changing the end diastolic volume (EDV). A) With 
reduced output, “heart failure” conditions. B) Under normal operating conditions. Notice the 
difference in stroke volume (loop width) between heart failure and normal operating conditions. In 
normal operating conditions, an increase in stroke volume is obvious with increased EDV, 
whereas in heart failure conditions, increased EDV does not elicit as high of a change in stroke 
volume.   
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Figure 5.8: Starling Curve. 

Left Ventricular Output vs Left End Diastolic Volume (fill volume). Variations in preload were 
achieved by manipulating the right vacuum. Comparison between normal (solid) and reduced 
drive pressures (dotted).  

 

EFFECT OF HEARTMATE II PUMP SPEED ON HEART FAILURE MODEL HEMODYNAMICS: 

After characterization of the TAH operating in reduced output drive conditions, a 

HeartMate II was added to the circulatory loop by the addition of two T-junctions and 

one heart extra valve. A flow diagram of the setup is shown in Figure 5.9. 
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Figure 5.9: The Incorporation of a Ventricular Assist Device. 

A ventricular assist device was incorporated into to the loop by the addition of two T-junctions 
(orange) and the addition of a valve that acts as the aortic valve when the VAD is one, essentially 
extending the volume of the left ventricle. This allows for the addition of a VAD into the system 
without damaging or altering the TAH. The triangles represent valves. All sensor and flow meter 
placements are depicted. When the VAD is on, the aortic valve remains open.  

 

In order to asses the variation of VAD speed on the hemodynamic profiles of the 

system, the DMSC in conjunction with the TAH was set to heart failure conditions 

and the HeartMate II was run at varying speeds between 7,000 and 11,000 RPM, 

Figure 5.10. As VAD speed increases, there was a rise in mean right atrial pressure, 

from 6.9 mmHg to 7.45 mmHg, a decrease in mean left ventricular pressure, 62 

mmHg to 20 mmHg, limited variation in aortic pressure, a decrease in left atrial 

pressure, 18 mmHg to 10 mmHg, decrease in left ventricular outflow, 1.7 L/min to -

0.15 L/min, and an increase in VAD outflow as speed was increased from 2.16 to 4.4 
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L/min. The negative left ventricular outflow at higher pump speeds is attributed to 

suction as liquid in the ventricle is being pulled by the high pump speed.   

 

Figure 5.10: HearMate II Operation at Varying Speeds. 

Figures A-F display right atrial pressure, left ventricular pressure, aortic pressure, left atrial 
pressure, left ventricular outflow and VAD outflow as the HeartMate II ventricular assist device 
was placed in-line with our heart failure model. Note the reductions in HF conditions as RPM is 
increased. At speeds above 9800 RPM, suction is occurring within the left ventricle, which is why 
left ventricular flow becomes negative.  
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EFFECT OF HEARTMATE II PUMP SPEED ON HEART FAILURE MODEL HEMODYNAMICS 

After characterization of TAH operation under reduced output drive conditions, a 

HeartMate II ventricular assist device (VAD) was added to the circulatory loop by the 

addition of two T-junctions and one extra heart valve (to allow for VAD incorporation 

without damage to the TAH ventricle). A flow diagram of the setup is shown in Figure 

5.9. 

In order to asses the variation of VAD speed on the hemodynamic profiles of the 

system, the DMSC in conjunction with the TAH was set to the baseline heart failure 

conditions described above and the HeartMate II was run at speeds varying between 

7,000 and 11,000 RPM, Figure 5.10. As VAD speed increased, there was an 

increase in mean right atrial pressure (from 6.9 mmHg to 7.45 mmHg, 8% rise), a 

decrease in mean left ventricular pressure (62 mmHg to 20 mmHg, 67.7% 

reduction), limited variation in aortic pressure, a decrease in left atrial pressure (18 

mmHg to 10 mmHg, 55.5% reduction), decrease in left ventricular outflow (1.7 L/min 

to -0.15 L/min, 108% reduction), and an increase in VAD outflow as speed was 

increased from 2.16 to 4.4 L/min. The negative left ventricular outflow observed at 

higher pump speeds is a result of suction, as fluid in the ventricle is being diverted 

from LV ejection via pump suction at high pump speeds.   

DISCUSSION 

In the present study, we build upon our prior work of characterizing the TAH with a 

mock circulatory system (the DMCS) and modify it to provide a reproducible left 

ventricular systolic heart failure model.  Previously, we demonstrate that under 

normal, non-failure operating conditions, the TAH demonstrates Starling-like 
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behavior, with preload sensitivity consistent with the human heart, though without 

afterload sensitivity, due largely to the robustness of the pneumatic driver, 

generating pressures able to over come the presented afterload. In contrast, under 

heart failure drive conditions this model presents representative pressures, i.e. 

elevated left atrial pressure, and decreased LV outflow typically seen in clinical heart 

failure.  The novelty of this system lies in it being a robust physical model, generating 

reproducible hemodynamics with an actual biventricular pulsatile heart allowing the 

physical addition of MCS devices to the construct to examine augmentative 

physiologic effects.    

While various physical models of heart failure have been developed over the years 

only one other group to date (Senage et al) has incorporated a pulsatile artificial 

heart within a mock system.45,46,52,70,78,79 Though these investigators utilize a TAH, 

they have not fully characterized the physiology of the TAH under normal and heart 

failure operating conditions in their report.  Herein, we close that gap by 

characterizing the heart failure model before device testing and then examine the 

effect of VAD addition on hemodynamic performance79.  

As demonstrated in the present study, under heart failure conditions the TAH  

demonstrates Starling-like behavior, although to a more limited degree as compared 

to non-failure conditions with a reduction seen in the relationship between output and 

preload, as is observed in the human heart during failure80–82. The Starling-like 

characteristics of the heart failure model are shown to respond to increases in 

preload but only at lower end-diastolic volumes, with output plateauing at higher end-

diastolic volumes. The system also exhibits afterload sensitivity, with ventricular 

output and left ventricular ejection decreasing dramatically with increased afterload, 
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thus leading to increased left atrial pressure. This response to increased afterload 

differs from the TAH operating under normal driving parameters, which shows 

resilience to increases in afterload (Crosby, et al, 2015).  It does however closely 

mimics the human heart in failure, which demonstrates a reduction in ejection 

fraction when subjected to increasing afterload.  

There are clear variations in the shape of the pressure volume loops in the TAH 

compared to the pressure volume loops of the human heart7,13. Under normal 

operating conditions, the TAH has been shown to be afterload insensitive (Crosby et 

al 2015). That is, the cardiac output from the normally operating TAH will not 

diminish with variations in afterload as the TAH is designed to constantly fully eject, 

hence cardiac output in a patient with a TAH with newer driver systems in clinical 

use will not diminish if they become hypertensive or hypervolemic. However, when 

operating the TAH in reduced driving mode, the left ventricle is not always capable of 

overcoming the afterload and fully ejecting all volume that enters the ventricle during 

diastole. Reduction in stroke volume, i.e. width of the pressure-volume loop, is seen 

even with a 5 mmHg increase from baseline mean aortic pressure, with flow 

decreasing to under 1 L/min at a mean aortic pressure of 110 mmHg.  The pressure-

volume loops show that the ejection pressure during systole remains the same, even 

with an increase in afterload.  In heart failure mode, a higher ejection pressure 

cannot be generated within the TAH ventricle, thus limiting fluid ejection as afterload 

is increased. Additionally, differences with respect to end-systolic pressure volume 

relationships compared to a mammalian failing heart exist in our model as the 

housing of the TAH is rigid and does not exhibit time-varying elastance13.  
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During preload variation, a left ventricular end-diastolic volume above 74 ml was not 

achieved by right vacuum manipulations. With the left vacuum turned off in our heart 

failure model, the diaphragm is incapable of mobilizing to its “down position” quickly 

enough to allow more filling, even when increased preload is applied.  In a sense this 

behavior is acting similarly to a hypertrophied heart in heart failure – exhibiting an 

element of diastolic dysfunction, with reduced ability to fill. In addition, during preload 

variations, left ventricular output failed to increase with increasing preload at end-

diastolic volumes greater than 63 mL, due to the reduction in pumping power of the 

left ventricle, as occurs in a failing human heart. From these variations in afterload 

and preload for the TAH in heart failure mode, it is apparent that the system is able 

to mimic many of the important characteristics of the heart failure patient.  

When the VAD was connected to the heart failure model, a clear improvement in 

“heart failure conditions” occurred, with a trend toward correction of hemodynamics. 

When VAD speed was varied, not only was elevated atrial pressure and mean left 

ventricular pressure reduced and left ventricular outflow increased, additionally, 

suction and back flow was observed with excessive VAD speed.   

The setting of VAD pump speed when the device is first implanted into a patient is 

essential. As the TAH is a bi-ventricular system and has a pulsatile pumping action, 

VAD displays will show waveforms and numbers that are typical of what is observed 

clinically. Thus, this platform may be used as a training tool to mimic various patient 

parameters and situations that would be clinically relevant to the VAD operator, 

affording proper VAD user feedback. Additionally, as a wide variety of MCS devices 

may be readily interchanged and switched out with our platform, inter-device 

comparison is facilitated via its use.   
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RELIABILITY AND USER-FRIENDLINESS OF THE MODEL 

The benefit of our model is that it is easy to use, readily accessible, reproducible, 

and contains two pumping ventricles. The use of the TAH as the pumping 

mechanism of the systems allows for precise control of the degree of heart failure, 

and the DMCS permits changes in vascular parameters. The ability of the user to 

have complete control of patient conditions and heart pumping parameters gives this 

system extreme versatility, allowing the user to create a wide variety of testing 

conditions. Although the TAH does not display time-varying elastance due to the 

rigidity of the TAH ventricular housing, it does show Starling-like behavior under both 

normal as well as reduced (heart failure) operating conditions. The only foreseen 

limitation of the lack of elastance relates to a reduced ability to study ventricular 

suction events due to the greater rigidity of the TAH ventricular wall as compared to 

the human ventricular tissue wall.   

CLINICAL IMPACT 

The described TAH heart failure model system is ideal for direct device comparison, 

can be utilized and performed in institutions worldwide, and provides an excellent 

environment for training personnel on a variety of MCS devices. The DMCS has 

been previously characterized under normal conditions and is installed, present and 

utilized in institutions around the world as a result of their participation and utilization 

of the SynCardia TAH (a necessary component of center training/certification)47.   In 

addition, with the growing variety of commercially available MCS devices on the 

market, there is a need for an easy to use, readily available method of direct device 

comparison; a feat that is difficult even in animal models since they introduce high 

variability to testing. Lastly, the training of personnel on the use of these devices is 
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extremely important in order to ensure proper patient care83. Thus, a single model 

that could both allow for MCS device comparisons and easy personnel training 

would be extremely valuable to the MCS device community. 

LIMITATIONS 

The described model creates biventricular heart failure. While both right and left 

heart pressures were measured in the present study, emphasis was placed on left 

sided failure and its alteration with device placement. In future studies, an 

examination of changes in hemodynamics and PV relationships for both isolated RV 

failure and augmentation with an RVAD or bi-ventricular failure with Bi-VADs will be 

performed. The lack of time varying elastance of the TAH ventricles also presents a 

limitation to the model - and has been discussed above.  

The lowest achievable driving pressure of the Companion 2 driver (120 mmHg) is 

also a limitation of the described model. HF severity could be increased if a lower 

drive pressure was used. This could be achieved using SynCardia’s larger, CSS 

Driver, which we did not have available to us during this study. The CSS allows for 

drive pressure adjustments between 0 and 300 mmHg for the left drive pressure, 

whereas the Companion 2 is limited between 120 and 280 mmHg.  

CONCLUSION 

A robust, physiologically defined, user-friendly physical heart failure model has been 

developed and characterized based on the Donovan Mock Circulation and 

SynCardia’s Total Artificial Heart. This construct provides physiologically accurate, 

reproducible pressures and flows representative of the heart failure state. The ability 

to readily manipulate patient parameters on the DMCS and the straightforwardness 
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in adjusting pumping parameters on the TAH drivers allows for an extremely 

versatile system capable of modeling a multitude of clinical scenarios. The ability to 

rapidly interpose a wide variety of MCS devices in the flow circuit makes the system 

an effective tool for comparative assessment of MCS device performance. 

Widespread availability of the DMCS and TAH already within the TAH user 

community will further enhance the value of the described system for use as both a 

research and training tool to enhance the care of patients with MCS devices.  
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CHAPTER 6 - EVALUATING THE FREEDOM DRIVER 
OPERATIONAL ENVELOPE  

 

Jessica R. Crosby, Mackenzie A. Steinbach, Katrina J. DeCook, Phat L. Tran, 
Richard G. Smith, Marvin J. Slepian 

OVERVIEW 

The SynCardia total artificial heart (TAH) has emerged as an effective, life-saving bi-

ventricular replacement system for a wide variety of patients with end-stage heart 

failure. Until recently, patients supported by the TAH had to remain in the hospital, 

attached to a large pneumatic driver console, while awaiting heart transplantation. 

Introduction of the smaller, portable Freedom Driver System® has enabled patients 

to be discharged from the hospital while they wait for their donor organ, providing 

them with more freedom and the comfort of their own home. Clinically, the Freedom 

Driver has shown success with stable patients and received FDA approval in 2014. 

However, upon its initial release, clinical experience with the Freedom Driver showed 

suspected differences in afterload and preload sensitivity compared to other clinical 

driver systems. Additionally, suspected discrepancies in driver-reported cardiac 

output during hypervolemic (high patient blood volume) situations exist. The purpose 

of this study was to investigate the aforementioned cases, comparing data to the 

Companion 2 implant driver. It was shown that the Freedom Driver showed the 

ability to overcome systolic pressures of 200 mmHg and that increased pulmonary 

arterial pressure had no effect on the driver’s capacity to overcome increases in 

afterload. Discrepancies in the reporting of Freedom Driver’s cardiac output in 

hypervolemic conditions were seen, showing a drastic drop in cardiac output on the 

driver display when the ventricle was full-filling. This occurrence was more 
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pronounced when the device was in hypertensive situations. The ability for clinicians 

to deal with the complexities of device management is essential to device success, 

thus we highlight circumstances that clinicians need to be aware of. In the future, this 

data could be used to create better control algorithms for next generation TAH driver 

systems.  

INTRODUCTION 

The SynCardia temporary total artificial heart (TAH) has had pronounced clinical 

success as a life-saving mechanical support device in patients with end-stage 

biventricular heart failure30,31. The device is an orthotopic pneumatic biventricular 

cardiac prosthesis that replaces the ventricles as well as all four valves38,39. 

Approved as a temporary device for bridge to cardiac transplantation by the FDA in 

2004, it is currently the only FDA and CE marked TAH in clinical use. To date, the 

device has been implanted into more than 1,300 patients worldwide and boasts a 

79% bridge-to-transplantation rate40–44. The TAH has utility for long-term support and 

patient survival has been reported up to four years44.  

Each ventricle of the TAH is constructed of a ridged, polymeric body, which houses a 

flexible inner diaphragm that separates each ventricle into two compartments, one 

blood and one air-contacting40. Air is pumped in and out of the air-contacting 

partition, mobilizing the inner diaphragm and in turn pumping blood in and out of the 

blood-contacting chamber, providing pulsatile blood flow through the patient.  

Initially, patients supported by the SynCardia TAH were forced to remain in the 

hospital tethered to the 418-pound CSS pneumatic driver console while waiting for 

their heart transplantation39. With the goal of making patients ambulatory, 
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development of smaller, portable pneumatic drivers was needed. Introduction of the 

smaller 57-pound Companion 2 Driver allowed patients more mobility around the 

hospital while still offering the capabilities of an implant driver, i.e. adjustment of all 

driver parameters offered by the CSS console. In 2010, a much smaller 13.5-pound 

backpack sized Freedom driver was released which enabled stable patients 

extended mobility and the option to be discharged from the hospital84.  

The TAH’s functionality has recently been described on a beat to beat basis in terms 

of pressure-volume characteristics by Crosby et. al. 2015. Within the testing range, 

the group found that the TAH is insensitive to variations in afterload, but they 

hypothesized that this afterload insensitivity would have a limit based on the drive 

pressure of the pneumatic driver. The study, however, only evaluated the TAH being 

driven by the Companion 2 Driver. Initial clinical experience with the Freedom 

pneumatic driver demonstrated differences in sensitivity to elevated blood pressure 

and there are also suspected discrepancies in driver-reported cardiac output during 

hypervolemic (increased patient blood volume) situations. 

In the present study, using a Donovan Mock Circulatory System (DMCS), we seek to 

examine and evaluate the operational envelope of the TAH operating with the 

Freedom Driver System with respect to afterload sensitivity and patient volume 

sensitivity in order to provide guidelines for future development and patient care. 

Data collected will be compared to use with the Companion 2 Driver to highlight 

differences between the two driver systems. The characterization of the operational 

envelope of the TAH driven with the Freedom Driver in terms of afterload and 

volume sensitivity affords insight into driver behavior and will potentially aid in patient 
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management and development of future designs or control algorithms for next 

generation drivers.   

MATERIALS AND METHODS 

THE TOTAL ARTIFICIAL HEART 

A SynCardia 70 cc pneumatically driven, pulsatile TAH was utilized for all studies 

(SynCardia Systems Inc., Tucson, AZ). Each of the TAH ventricles has a rigid 

spherical outer housing, supporting a blood-contacting diaphragm, two inner 

diaphragms, and an air contacting diaphragm, all fabricated from segmented 

polyurethane (SPUS)40. The air-contacting chamber is pressure-controlled by an 

external driver, providing positive and negative air pressure to a driveline attaching 

to the ventricle, functioning to mobilize the diaphragms and provide pulsatile 

pumping action required for blood flow. Under normal operating conditions the left 

drive pressure is set at 180 mmHg and operates under “full eject” parameters. That 

is, the diaphragm should always reach its maximum upward excursion position 

during systole, ensuring full ejection of the blood that entered the ventricular 

chamber during diastole. The external pneumatic implant driver (Companion 2) 

allows for the control of drive and vacuum pressures for each ventricle, percent 

systole, and heart rate. The Freedom Driver only provides beat rate adjustment as 

the rest of the driver settings are fixed84. The ventricles each contain two tilting disk 

mechanical valves (Medtronic–Hall, Medtronic Inc. Minneapolis, MN), functioning as 

mitral/aortic and tricuspid/pulmonary valve surrogates.  
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HYDRAULIC ANALOG OF THE CIRCULATORY SYSTEM - DONOVAN MOCK CIRCULATORY 

SYSTEM (DMCS) 

A DMCS (SynCardia Systems, Inc, Tucson, AZ) was used to simulate the systemic 

and pulmonary portions of the human vasculature for all experiments performed in 

this study47. Briefly, the DMCS contains four chambers representative of the 

following blood-containing domains: 1) right atrium, 2) pulmonary artery, 3) left 

alatrial and 4) aorta. The pulmonary and systemic resistances are adjusted by 

bellows-operated valves within the DMCS. The vasculature compliance is set by the 

amount of air that is above the water level in each chamber. While fluid is moving 

through the system, the tank chamber pressures will adjust based on the set 

conditions and the flow provided by the TAH ventricles and/or MCS device. The tank 

was filled with deionized water throughout all experiments.   

EXPERIMENTAL CONFIGURATION 

All chambers of the DMCS were fitted with pressure transducers (Abbott, Abbott 

Park, Illinois) to provide the following pressures: aortic pressure (AoP), left atrial 

pressure (LAP), right atrial pressure (RAP), and pulmonary artery pressure (PAP). 

Cardiac output was provided with a flow meter. The TAH connected to the DMCS 

was driven by either the Freedom Driver or the Companion 2 Driver throughout all 

experiments. The Freedom Driver was set to a beat rate of 130 BPM and the 

Companion 2 Driver settings were: left drive pressure of 200 mmHg, right drive 

pressure of 100 mmHg, % systole of 50, and left and right vacuums of -12 mmHg. 

These Companion 2 Driver settings were chosen because they are comparable to 

the Freedom Driver’s settings. Once baseline parameters were set on the driver, the 

DMCS was set to “normotensive” patient conditions: right atrial mean pressure 10± 2 
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mmHg, pulmonary arterial mean pressure 27 ± 5 mmHg, left atrial mean pressure 12 

± 5 mmHg, and AoP mean 85 ± 2 mmHg. See Figure 6.1 for a complete 

representation of the test setup and Figure 6.2 for pictures of the driver systems.  
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Figure 6.1: Explanation of fluid flow through the DMC and TAH ventricles. 

A) Fluid flow through the total artificial heart (right and left ventricle) and Donovan Mock 
Circulation System (four chambers) showing placement of Millar catheters and flow sensors. The 
triangles within the ventricles represent valves. B) Close up of the left and right ventricles of the 
total artificial heart attached to the DMCS. C) The DMCS with attached total artificial heart.  
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Figure 6.2: SynCardia Driver Systems 

Photo of SynCardia Driver Systems: Companion 2 (left) and Freedom Driver (right).  

 

AFTERLOAD SENSITIVITY 

Starting with the DMCS set to normotensive patient conditions, the afterload was 

incrementally raised using the bellows operated valve. Before recording 

measurements, the system was given time to reach homeostatic conditions after 

each parameter adjustment. Cardiac output and chamber pressure in all four 

chambers was recorded at each increment as afterload was increased. This testing 
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was completed with the TAH being driven with both the Freedom and Companion 2 

Driver Systems.  

AFTERLOAD SENSITIVITY WITH INCREASED PULMONARY ARTERIAL PRESSURE 

Starting with the DMCS set to normotensive patient conditions, the pulmonary 

arterial pressure was increased to 60 mmHg by raising the pulmonary vascular 

resistance with the bellows operated valve. Then, afterload was incrementally raised 

using the bellows operated valves, which controls systemic vasculature resistance. 

Before recording measurements, the system was given time to reach homeostatic 

conditions after each parameter adjustment. Cardiac output and chamber pressure 

in all four chambers was recorded at each increment as afterload was increased. 

This testing was completed with the TAH being driven with both the Freedom and 

Companion 2 Driver Systems.  

VOLUME SENSITIVITY 

Starting with the DMCS set to normotensive patient conditions, water was added to 

the RAP chamber to produce RAP pressures between 10 and 24 mmHg in 

increments of 2 mmHg. After making fluid volume additions, the system were given 

time to allow the tank to reach homeostatic conditions before any measurements 

were recorded. Cardiac output, chamber pressure in all four chambers, and driver-

displayed cardiac output were recorded at each incremental increase in RAP. 

VOLUME SENSITIVITY WITH INCREASED AFTERLOAD 

With the DMCS set to have a mean AoP of 145, water was again added to the RAP 

chamber to produce RAP pressures between 10 and 24 mmHg in increments of 2 

mmHg with a higher afterload conditions. Before recording measurements, the 
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system was given time to reach homeostatic conditions after each volume addition. 

Cardiac output, chamber pressure in all four chambers, and driver-displayed cardiac 

output were recorded at each incremental increase in RAP. 

RESULTS 

AFTERLOAD SENSITIVITY 

Incremental increases in systemic aortic pressure with DMCS initially at 

normotensive settings led to small reductions in cardiac output with the Freedom 

Driver, with a small dip in cardiac output between systolic pressures of 185 and 195 

mmHg, see Figure 6.3. Cardiac output never fell below 5.5 L/min within the testing 

range using the Freedom Driver even when an aortic pressure of 200/150mmHg 

(systolic/diastolic) was achieved with the DMCS. With the Companion 2 Driver, the 

same trend is observed between systolic aortic pressures between 115 mmHg and 

160 mmHg, after which we see a sharp decrease in cardiac output, from 5.4 L/min at 

a systolic pressure of 160 mmHg to 3.0 L/min at a systolic pressure of 170 mmHg 

(150 mmHg diastolic).  
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Figure 6.3: Cardiac Output vs. Systolic Aortic Pressure 

The graph above shows cardiac output versus systolic blood pressure as systolic aortic pressure 
is incrementally increased. As can be seen, the Freedom Driver maintains a cardiac output above 
5.5 L/min up to 200 mmHg systolic pressure. The Companion 2 Driver does show diminished 
cardiac output at a systolic pressure of 170 mmHg. However, the benefit of the Companion 2 
Driver is that the clinician could easily increase drive pressure with the press of a button to 
restore blood flow immediately, whereas there is no drive pressure adjustment on the Freedom 
Driver.  

AFTERLOAD SENSITIVITY WITH INCREASED PULMONARY ARTERIAL PRESSURE 

Incremental increases in systemic aortic pressure with the DMCS at raised 

pulmonary arterial settings led to small reductions in cardiac output with the 

Freedom Driver over the range of tested systolic aortic pressures, 120 to 160 mmHg 

systolic aortic pressure, whereas the Companion 2 Driver cardiac output remained 

constant over the range of applied aortic pressures, see Figure 6.4 for plotted data. 

Though decreasing slightly with augmented aortic pressure, the Freedom Driver was 

able to sustain outputs over 5.0 L/min throughout the tested values. Companion 2 

was able to sustain outputs over 4.75 L/min over the course of the tested values. 
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However, as mentioned previously, the Companion 2 has the option of increasing 

driver pressure and vacuum to mediate a lower cardiac output. 

 

Figure 6.4: Cardiac Output vs. Systolic Aortic Pressure with Raised Pulmonary 
Arterial Pressure 

Cardiac output versus systolic aortic pressure with pulmonary arterial pressure of 60 mmHg. With 
high patient pulmonary arterial pressure, increases in afterload (via aortic pressure) do not cause 
drastic drop of cardiac output. The Companion 2 cardiac output stays very stable across the 
varying aortic pressures, whereas the Freedom Driver’s cardiac output decreases slightly as 
aortic pressure increases.   

 

VOLUME SENSITIVITY 

Incremental augmentation in patient volume was simulated by the addition of water 

to the RAP chamber of the DMCS. RAPs tested ranged from 10 mmHg to 24 mmHg. 

At each RAP level increment, cardiac output displayed from the DMCS was recorded 

and cardiac output from the driver display was recorded. Figure 6.5 shows the 
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results when the TAH was driven with the Freedom Driver (A) or the Companion 2 

Driver (B). The Freedom Driver calculates cardiac output acceptably with RAPs in 

the range between 10 and 20 mmHg. Once the DMCS reaches an RAP above 20 

mmHg, the Freedom cardiac output display begins to vary from the actual cardiac 

output and at an RAP of 24 mmHg, the Freedom reports a drastically reduced 

cardiac output compared to the actual cardiac output. With an RAP of 22 and 24 

mmHg, the diaphragm on the left ventricle can be visually seen making significant 

contact with the outer ventricular housing, indicating that the ventricle is full-filling. 

When the same incremental rise in RAP is completed with the Companion 2 Driver 

operating the TAH, there is no drastic discrepancy between calculated cardiac 

output and actual cardiac output. Additionally, the driver properly acknowledges a 

high fill volume, whereas there is no high fill alarm on the Freedom Driver.  
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Figure 6.5: Actual versus Driver Displayed Cardiac Output with Increasing 
Volume. Companion 2 and Freedom Driver 

As patient volume is increased, the Companion 2 Driver (A) properly reports cardiac output 
compared to the actual cardiac output throughout the range of CVPs tested. The Freedom Driver, 
however, has discrepancy at higher CVP values, likely when the ventricle is full filling.  
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VOLUME SENSITIVITY WITH INCREASED AFTERLOAD 

Incremental increases in a hypertensive patient’s volume were simulated by the 

addition of water to the RAP chamber of the DMCS with a starting mean aortic 

pressure of 150 mmHg. RAPs tested ranged from 10 mmHg to 24 mmHg in 

increments of 2 mmHg. At each increment, actual cardiac output displayed from the 

DMCS was recorded and cardiac output from the driver display was recorded. Figure 

6.6 shows the results when the TAH was driven with the Freedom Driver (6A) or the 

Companion 2 Driver (6B). Freedom Driver’s displayed cardiac output between 10 

and 14 mmHg was acceptable. However, once 16 mmHg was reached, the Freedom 

Driver’s displayed value was drastically decreased compared to the actual cardiac 

output shown on the DMCS. Again, this occurrence was observed when the left 

ventricle’s inner diaphragm was visually seen contacting the outer ventricular 

housing, indicating a full-fill situation. When the same incremental rise in RAP was 

completed with a high starting mean aortic pressure using the Companion 2 Driver, 

there was no large discrepancy seen when the TAH was full filling. Driver 

estimations for the Companion 2 during this test case are generally higher than the 

actual value displayed on the DMCS, with a rise in driver calculated cardiac output 

seen at 14 and 16 mmHg RAP’s. 
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Figure 6.6: Actual versus Driver Displayed Cardiac Output with Increasing 
Volume at Hypertensive conditions. Companion 2 and Freedom Driver. 

As patient volume is increased, the Companion 2 Driver (A) over estimates cardiac output 
significantly at CVP between 14 to 18 mmHg compared to the actual cardiac output throughout 
the range of CVPs tested. The Freedom Driver, however, has large discrepancy above 14 mmHg 
CVP, under reporting cardiac output by a significant amount, which would cause the driver alarm 
to sound.  
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DISCUSSION 

Under normal operating conditions, Crosby et al 2015 has shown that the TAH 

operating with the Companion 2 Driver is afterload insensitive up to at least a mean 

aortic pressure of 135 mmHg, which was the highest afterload pressure tested in the 

study. Their analysis demonstrated that the partial fill, full eject principle the TAH 

operates under is an effective means of ensuring cardiac output is not jeopardized if 

a patient becomes hypertensive within the range of their drive pressure.  However, 

their testing was only completed using the Companion 2 Driver. Upon initial release, 

the portable drivers demonstrated increased sensitivity to increased afterload 

compared to the inpatient consoles. However, the Freedom Driver System is only 

intended for use on stable patients with manageable blood pressures.  Nevertheless, 

the operational range of the Freedom Driver should be clinically known in case a 

patient becomes hypertensive during Freedom Driver device support.  

In the present study, it has been demonstrated that the TAH drivers are indeed 

sensitive to increased systemic afterloads during patient situations in which the 

patient’s blood pressure is near the driving pressure of the pneumatic driver. Under 

these particular testing conditions, the Freedom Driver showed less afterload 

sensitivity compared to the Companion 2 driver.  However, the settings on the 

Companion 2 driver can be easily modified if a patient becomes hypertensive, 

causing the driver system to overcome the additional afterload—only one 

Companion 2 left drive pressure was tested in this study. Furthermore, we can 

conclude that increased pulmonary arterial pressure does not have an effect on 

driver response to afterload augmentation.  
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Within the limits of extrapolating any ex-vivo study to clinical care, these results have 

significant implications for the management of TAH patients. They support the need 

for tight volume and blood pressure control in TAH patients. Patients who are at risk 

for being hypervolemic or could have become hypervolemic while at home should be 

switched to an implant driver before any changes in fluid regime are made. If a 

patient’s TAH is full-filling and they are instructed to ingest more fluid because  the 

driver-displayed cardiac output is incorrectly reporting low, it could have detrimental 

effects on the patient. This situation is worsened if a patient is hypertensive.  

LIMITATIONS OF THE STUDY 

We acknowledge the existence of other mock circulatory systems that may have 

additional features better modeling patient vasculature and compliance45,49. 

However, the DMCS has proven to be successful in testing the TAH in the past, was 

used in the FDA approval process of the TAH, and is widely distributed in medical 

centers that implant the device. Additionally, we understand that the use of a blood 

analog instead of water would have been more representative of blood within the 

DMCS. However, as this study was addressing afterload and the effect of fluid 

volume and not complete function of the TAH, we believe water was an acceptable 

testing liquid, which fits the scope of our study.    

CONCLUSION 

Utilizing the defined and characterized SynCardia TAH in conjunction with the 

Donovan Mock Circulation System, we have highlighted important aspects of the 

Freedom Driver, functioning to further define its operational window. The Freedom 

Driver can appropriately respond to afterloads reaching as high as 200 mmHg 
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(systolic aortic pressure) without having diminished cardiac output. However, it was 

revealed that there are discrepancies in driver-calculated cardiac output in situations 

of hypervolemia. This discrepancy is emphasized if a patient is also hypertensive. 

Knowing and understanding various patient scenarios and how each driver system 

reacts is vital for proper TAH patient care. The evaluation of the Freedom Driver’s 

operational envelope in this study may aid in the development of physiological 

control algorithms, next generation TAH designs, and will further our understanding 

of how the TAH performs in patients over a range of hemodynamic conditions. 

   



 148 

CHAPTER 7 - FUTURE DIRECTIONS WITH THE DONOVAN 
MOCK CIRCULATORY SYSTEM AND HEART FAILURE 

MODEL 
 

Two future directions we plan to take utilizing the Donovan Mock Circulatory System 

and Heart failure model are described below. Each use has preliminary data, which 

is explained and provided accordingly. 

USE OF THE DONOVAN MOCK CIRCULATORY SYSTEM WITH ARTIFICIAL 

HEART AS A TRAINING TOOL 

Preliminary studies presented in poster presentation at BMES National Meeting, San 
Antonio, TX, 2014:  
MOCK CIRCULATORY LOOP AND TOTAL ARTIFICIAL HEART TO MODEL PATIENT 
IN HEART FAILURE AND TRAIN PERSONNEL ON VENTRICULAR ASSIST DEVICES  
 
Katrina DeCook, Jessica R. Gamboa (Crosby), Phat L. Tran, Richard G. Smith, 
Daniel Burkhoff, Marvin J. Slepian 

 

OVERVIEW 

Mechanical circulatory support (MCS) devices have become an essential therapeutic 

option for patients with advanced heart failure (HF). Mock circulatory systems have 

been utilized extensively with mechanical circulatory support devices to test in vitro 

hemodynamic, hydrodynamic, and hemolysis performance of the device. However, 

the widespread availability of an easy to use mock system that mimics clinical HF, 

which can afford the interchanging of various MCS devices and be used to train 

personnel, does not currently exist. Specifically, there is a need for a regional, clear 

approach to providing proper ventricular assist device (VAD) education and training 

to healthcare providers. Previously, we have descried a HF model utilizing the total 
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artificial heart in reduced output mode, mounted to a Donovan Mock Circulation 

System (DMCS). We hypothesize that this HF model can be incorporated in MCS 

training and used to mimic various clinical scenarios. While in HF mode, we attached 

a HeartMate II VAD to the system and evaluated device response with total inflow 

conduit occlusion with an old and new HeartMate II controller. Next, we attached a 

HeartWare VAD to the system and varied device loading parameters using the 

DMCS. We observed the old HeartMate II controller does not properly exhibit an 

alarm status during total inflow occlusion while the new controller properly notifies 

the user of the problem. With the HeartWare, we found that the heart failure model 

properly loads the device and allows the user to see similar flow waveforms from the 

clinical controller as would be encountered in a typical clinical situation. 

INTRODUCTION 

While patients with the early stages of heart failure can often be treated with the use 

of drug therapy, patients with severe, end-stage heart failure, i.e. those in need of 

mechanical circulatory support, are tremendously ill85. Their care necessitates the 

attentive teamwork of cardiac surgeons, cardiologists, nurses, clinical engineers, and 

VAD coordinators. Furthermore, all entities need to cooperate, communicate, and 

properly understand one another for the patient care to be most effective86. Post-

surgery, on a day-to-day basis, VAD trained nurses must monitor patients and know 

the signs and symptoms of device malfunction and in preparation for patient 

discharge, family members must be trained on battery management, dressing 

changes, and signs of device failure86. Baker et. al. in 2010 found that most 

caregivers of LVAD patients were able to successfully incorporate the caregiving role 

into their lives, but not without sacrifice and burden87.   
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With the establishment of mechanical circulatory support devices as a means to treat 

end-stage heart failure, the need for trained personnel to support the growing 

attractiveness of MCS devices is apparent. Furthermore, with the increasing list of 

devices that are available for patient discharge, emergency medical service first 

responders need to have basic mechanical circulatory support training as VAD 

patients will not have a pulse and the typically used chest compressions will not 

have any effect on artificial heart patients83. Thus, there is a need for a regional, 

clear approach to providing proper MCS education and training to all healthcare 

providers that could interact with MCS patients83,86. The heart failure model, 

previously described and characterized, utilizes the total artificial heart in conjunction 

with Donovan Mock Circulatory System and simulates a patient in heart failure with 

variable heart failure hemodynamics and characteristics. We hypothesize that this 

heart failure model can be utilized as training tool to facilitate in personnel education 

and hands-on experience with various devices. Specifically, the setup can mimic 

clinical scenarios that may be encountered in the field. Here, we show preliminary 

results of two example clinical situations that the system can model.   

METHODS 

Heart Failure Model and VAD Incorporation 

See chapter 5 for more details on heart failure model setup and VAD incorporation. 

In brief, the SynCardia TAH driven by a Companion 2 driver operating in reduced 

output conditions was connected to a Donovan Mock Circulatory System (DMCS). A 

VAD was connected to the loop system via two-T junctions, separated by a one-way 

bi-leaflet open pivot artificial heart valve, and placed between the left ventricular 

outflow of the TAH and the inflow to the aortic pressure chamber of the DMCS. The 
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VAD was set to run at desired conditions and simulation conditions were set 

accordingly.  

HeartMate II Clinical Scenario: Thrombus Formation at Device Inflow—

Complete Flow Blockage 

The HeartMate II ventricular assist device is a rotary, continuous flow pump57. To 

simulate an inflow thrombus causing complete inflow blockage, the device was 

placed into the heart failure circuit and set to operate at clinically relevant operating 

conditions, 9,600 RPM using both an old and new controller (Thoratec recently 

released an updated VAD controller). Baseline hemodynamics were visually 

confirmed for normal DMCS pressures and waveforms and cardiac output was 

verified. The VAD inflow conduit was then completely occluded by clamping the 

inflow tubing, see Figure 5.9 for diagram of setup. Controller alarm status and visual 

inspection of DMCS reported cardiac output after the simulated event was noted.  

HeartWare Clinical Scenario: Loading Condition Variations 

The HeartWare ventricular assist device is a centrifugal, continuous flow pump88. In 

order to simulate the device’s response to varying loading conditions, it was placed 

into the heart failure circuit and set to operate at clinically relevant conditions, 2,800 

RPM. Baseline hemodynamics were visually confirmed for normal DMCS pressures, 

waveforms and cardiac output. The VAD loading conditions were then varied by 

changing preload, afterload, and pump speed. Pictures of the HeartWare clinical 

monitor were taken after each of the loading variations to show changes in waveform 

characteristics under multiple conditions. Collected data from the monitoring system 

was compared to simulations gathered from HeartWare’s iPad application.  
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RESULTS  

HeartMate II 

When the HeartMate II was attached to the heart failure model circuit and the inflow 

conduit was occluded, the old controller exhibited no alarm status. However, the 

newer controller exhibited the correct user notification status during inflow conduit 

occlusion. See Figure 7.1 for details of experimental setup during occlusion state 

and clinical monitor output during the simulated event. Here, we show the utility of 

the heart failure model in utilization as a testing and training tool demonstrating a 

particular situation that caregivers need to be aware of when monitoring their patient. 

In addition, this setup will also provide pressure and total cardiac flow information 

during the test scenario so that clinicians can also be aware of how other patient 

parameters may change during this particular situation.   
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Figure 7.1: HeartMate II Old (upper) and New (lower) Controllers Driving VAD 
during a complete inflow occlusion. 

While the old HeartMateII controller showed no alarm status when the inflow tubing was 
completely obstructed, the newer controller shows the correct alarm status during inflow 
blockage. Image taken from DeCook et. al. 201489 

HeartWare 

When the HeartWare device’s loading conditions were varied using the DMCS, the 

waveform amplitude on the clinical display varied with respect to each parameter 

change. The HeartWare clinical monitor’s waveforms provided similar characteristics 

to HeartWare’s iPad application, see Figure 7.2 for screen shots of the display 

screens. In the case of the electronic simulation and the mock tank simulation, high 

afterload caused the amplitude of the flow waveforms to decrease. This is because 

the patient’s native heart is unable to pump as strongly due to the high afterload. 

When preload is increased, the flow waveform on the clinical monitor increases in 
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amplitude. With increased preload, the native heart fills to a greater extent and is 

therefore able to pump more fluid (because of Starling’s law; even with reduced 

heart function the effect can be seen). When pump speed is set too low, the flow 

waveform amplitude is much greater than it should be. These variations in loading 

conditions show similarities of device loading manipulations on HeartWare’s iPad 

application. However, personnel receive hands on experience when working with the 

DMCS and connected TAH.  
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Figure 7.2: Electronic Simulation (via HeartWare’s iPpad Application) vs. Mock 
Tank Scenario 

HeartWare provides an iPad application, which can be used to simulate varying clinical scenarios 
that may be encountered in the field (displayed on the left). The heart failure model with attached 
HeartWare VAD creates waveforms collected from the HeartWare VADs controller (right) similar 
to waveforms seen clinically.  Image taken from DeCook et. al. 201489 

DISCUSSION 

With the HeartMate II, we simulate a complete inflow blockage from a thrombus 

formation. Results indicate that the old controller does not alarm during this scenario 

while the newer controller properly notifies caregivers of the event. This is an 

important training point when instructing nurses and caregivers who are caring for 

patients using the older controller module. With the HeartWare, we demonstrate that 
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VAD flow waveforms, which are displayed on the clinical monitor, can be imitated 

using the heart failure model system. The resulting flow waveforms closely match 

electronically simulated waveforms using HeartWare’s iPad application. However, 

the utility in using the heart failure model comes from the fact that personnel can get 

hands on experience with the VADs and controller software. The ability to adjust 

VAD settings and see the response of the entire system gives personnel physical 

experience with an entire “patient” before even coming in contact with a VAD patient.  

Future Work 

In the future, additional clinical situations will be modeled, characterized, and 

documented so that each scenario can be duplicated during training sessions. 

Training technique will be assessed by teaching sample sets of nurses and 

caregivers with and without hands on experience with the heart failure model. Ability 

to recall training will be documented based on each sample group.  

CONCLUSION 

Though we only show two preliminary, example clinical scenarios here, there are 

endless clinical situations that can be modeled using our robust, physiologically 

defined, user-friendly heart failure model based on TAH and DMCS. The construct 

provides physiologically accurate, reproducible pressures and flows representative 

of the heart failure state. Partial and complete flow blockages can be quickly 

replicated by clamping inflow and outlets while the device is working against varying 

loading conditions. Conduit leakages, variations in patient volume, loss of left 

ventricular function can all be simulated with this one setup. Furthermore, during 

each simulation other patient parameters such as pressures, i.e. left atrial pressure, 

aortic pressure, etc., and cardiac output can be monitored. Because every center 
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that implants TAHs has the Donovan Mock Circulation System on-site, the 

foundation for use of this training tool has already been established; the heart failure 

model can be implemented easily by slightly modifying the Mock Circulation System 

with the addition of 2 T-junctions and a 1-way valve. In the future, we would like to 

establish use of the system as a training tool, which could be integrated into 

mechanical support training programs. The widespread availability of the DMCS with 

attached TAH within the TAH user community will further enhance the value of the 

described system for use as a training tool to enhance the care of patients with MCS 

devices.  

THE COMPARATIVE PERFORMANCE OF VADS IN THE HEART FAILURE MODEL 

Preliminary Studies Presented in oral presentation at ISRBP National Meeting, San 
Francisco, CA, 2014:  
Total Artificial Heart and Mock Circulation System: A Training Tool for Ventricular 
Assist Devices 
 
Katrina DeCook, Jessica R. Crosby, Phat L. Tran, Richard G. Smith, Daniel 
Burkhoff, *Marvin J. Slepian 

*Presenter  

INTRODUCTION 

Mechanical circulatory support (MCS) has emerged as a vital therapy for advanced 

and end-stage heart failure patients26. Over the past few years several new (MCS) 

devices –notably a range of continuous flow ventricular assist devices (VADs)—have 

been developed, which differ greatly in working principal compared to the previously 

widely accepted pulsatile VADs56,90,91. Furthermore, with several other promising 

VAD designs in development, a need has emerged for a single, characterized, 

widely available system to allow inter-device comparison on device use under actual 

clinical heart failure conditions.   
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Previously, we developed a robust, physical model of bi-ventricular heart failure 

utilizing the SynCardia Total Artificial Heart (TAH) attached to the Donovan Mock 

Circulation System (DMCS), with the TAH pneumatically pumping at reduced drive 

pressure conditions. In heart failure conditions, the system responded appropriately 

with elevated left atrial pressure and left ventricular pressure and reduced aortic flow 

observed. Starling-like behavior was blunted with continued preload augmentation. 

Similarly, pressure-volume relationships demonstrated partial preservation of 

Startling-mechanisms with preload augmentation and enhanced sensitivity to 

afterload was seen, as is consistent with a human heart. The system was configured 

to allow the ready addition of VADs, which upon inserting (HeartMateII at 9600 rpm) 

resulted in restoration of hemodynamics to normal.  

This aforementioned work demonstrated that the system could model heart failure 

conditions and furthermore, could incorporate a MCS to the system. In the future, we 

would like to develop a systematic method for inter-device comparison across 

varying loading conditions and varying degrees of heart failure. Moreover, the 

system would allow for personalized, patient-pump evaluation pre-implant, i.e. a 

simulated implant can be accomplished by setting the DMCS to an individual’s 

patient conditions and different devices can be connected and compared within the 

model. Thus, our heart failure model will allow for personalized patient care and 

allow clinicians to confirm they are choosing the correct device for their patient. Thus 

far, we have produced proof-of-concept experiments to demonstrate system 

feasibility as a VAD comparison test station. Herein, preliminary results are reported.   
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METHODS 

See chapter 5 for more details on heart failure model setup and VAD incorporation. 

In brief, the SynCardia TAH driven by a Companion 2 driver, operating in reduced 

output conditions was connected to a DMCS. A VAD was connected to the loop 

system via two-T junctions, separated by a one-way bi-leaflet open pivot artificial 

heart valve, and placed between the left ventricular outflow of the TAH and the inflow 

to the aortic pressure chamber of the DMCS. The VAD was set to run at desired 

conditions and simulation conditions were set based on the individual device. Typical 

clinically used operational speeds were chosen for each VAD during testing. The 

three devices that were evaluated during this proof-of-concept assessment were: 

The HeartMate II (9600 RPM, Thoratec, Inc), the HeartWare (2800 RPM, 

HeartWare), and the HeartAssist 5 (9500 RPM, ReliantHeart). Pressure values from 

all DMCS tanks chambers were collected as well as left ventricular inflow and 

outflow, right ventricular outflow, and VAD outflow. Inner left ventricular pressure 

was collected through a Millar catheter pressure transducer placed inside the TAH 

left ventricle. Herein, only total cardiac output and left atrial pressure with VAD 

incorporation is reported. We compare these values with normal operating conditions 

and heart failure conditions. See Figure 7.3 and Figure 7.4. 

RESULTS 

With the system setup operating under normal conditions, baseline cardiac output 

was reported at 4.45 L/min and left atrial pressure was 10.2 mmHg. Heart failure 

conditions were set and the cardiac output of the system dropped to 3.5 L/min and 

left atrial pressure rose to 20.39 mmHg. With the HeartMate II set in-line with the 

system, operating at 9600 RPM, cardiac output rose from heart failure conditions to 
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4.25 L/min and left atrial pressure decreased to 10.5 mmHg. When the HeartWare 

VAD was set in-line with the system in heart failure, the cardiac output rose to 4.09 

L/min and the left atrial pressure fell to 11.4 mmHg. Lastly, when the HeartAssist 5 

was placed into the heart failure circuit, the cardiac output rose to 4.44 L/min and the 

left atrial pressure dropped to 12.88 mmHg. See Figure 7.3 and Figure 7.4 for 

graphs of the reported data.  

 

Figure 7.3: VAD Augmented Total Cardiac Output 

The above figure shows the total cardiac output from the DMCS and TAH operating in normal 
conditions, heart failure conditions, and in conjunction with the HeartMateII, HeartWare, and 
HeartAssist5, respectively.  
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Figure 7.4: VAD Left Atrial Pressure 

The above figure shows the left atrial pressure from the DMCS and TAH operating in normal 
conditions, heart failure conditions, and in conjunction with the HeartMateII, HeartWare, and 
HeartAssist5, respectively.  

 

DISCUSSION 

This preliminary study demonstrated the ability of the heart failure model to 

accommodate numerous VADs to the system and comparatively evaluate them 

under identical  “patient” conditions. This concept builds upon our prior work of both 

characterizing the TAH with a mock circulatory system (the DMCS) and then later 

modifying the system to provide a reproducible left ventricular systolic heart failure 

model for which we also provide characterization, see Chapter 3 and 5. Herein, we 

continue this work through attaching multiple ventricular assist devices to our 
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described system to demonstrate feasibility of inter-device comparison using one 

system. The novelty of this system lies in it being a robust physical model with an 

actual biventricular pulsatile heart allowing the physical addition of various MCS 

devices to the construct to examine augmentative physiologic effects.    

Though we show comparison between three different VADs operating at clinically 

relevant conditions under the exact clinical conditions, we cannot yet directly 

compare resulting total cardiac outputs nor left atrial pressures because the chosen 

operating speeds were only based on typical clinical settings and were not chosen 

and tailored to the particular patient settings created on the DMCS. In order to 

account for this difference, each VAD evaluated on the heart failure model will need 

to be tested over the course of a range of speeds, such that the ideal speed for the 

set patient conditions can be established. Ideal speeds for each test condition can 

then be systematically compared.  

The benefit of our model is that it is easy to use, readily accessible, reproducible, 

and contains two pumping ventricles. The use of the TAH as a pumping mechanism 

of the system allows for the precise control of the degree of heart failure, and the 

DMCS permits variation in vascular parameters, lending the user total control of the 

evaluation setup and loading conditions the MCS will be tested against. Though the 

TAH does not exhibit time-varying elastance due to the housing rigidity, it does 

display Starling-like behavior and afterload sensitivity under heart failure conditions. 

However, we do expect limitation in simulating suck down events with the system as 

the ventricular rigidity will not allow for the ventricular walls to move towards the VAD 

inlet as occurs during a real suck down event.  
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CONCLUSION 

With the use of a characterized, robust, physiologically defined, user-friendly 

physical heart failure model, we have shown proof-of-concept feasibility in the testing 

of the HeartMateII, HeartWare, and HeartAssist 5 ventricular assist devices under a 

single, defined heart failure condition. Though the results are not ready for direct 

comparison, the preliminary data show that the test setup provides physiologically 

accurate, reproducible pressures and flows representative of the heart failure state 

and remediated heart failure, which attached VAD.  The ability to readily manipulate 

patient parameters on the DMCS and the straightforwardness in adjusting pumping 

parameters on the TAH drivers allows for an extremely versatile system capable of 

modeling a multitude of clinical scenarios. The ability to rapidly interpose a variety of 

MCS devices in the flow circuit makes the system an effective tool for comparative 

assessment of MCS device performance. Once a well-defined systematic method of 

characterizing a single device under specified test conditions is created, devices will 

be able to be directly compared within this single system. Furthermore, the 

availability of the DMCS and TAH within the TAH user community (a setup exists at 

every SynCardia TAH implanting center) will further enhance the value of the 

described system for use as both a research and training tool to enhance the care of 

patients with MCS devices. 
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CHAPTER 8 - CONCLUSIONS 

 
The SynCardia total artificial heart has evolved from over 40 years of artificial heart 

development, and it is unquestionable that it has had astounding success as a 

bridge-to-transplant in patients with bi-ventricular failure42,44. With the growing use of 

the TAH and other mechanical circulatory support to mediate advanced and end-

stage heart failure, a clinical and developmental need for enhanced device 

characterization and evaluation platforms has emerged. The contents of this 

dissertation aim to unveil a solution to this need through the utilization of the 

SynCardia total artificial heart and the Donovan Mock Circulation System. Studies 

began by defining the performance properties of the SynCardia total artificial heart in 

terms of pressure-volume characteristics, a characterization method that has not 

been used on the TAH in the past. The study revealed the TAH does not behave 

with time-varying elastance; however, it does operate with Frank-Starling-like 

behavior, in response to variations in preload. Furthermore, it is insensitive to 

afterload variation over the range of aortic pressures tested (up to 135 mmHg mean 

aortic pressure). Though, the TAH, with its defined maximum volume, set material 

property, and defined non-varying elastance, displays the noted differences from the 

human heart, the device can still operate equally well as a human heart within a 

defined operational envelope. Our characterization of the pneumatically driven 

SynCardia TAH may aid in the development of physiological control algorithms, next 

generation TAH designs, and will further our understanding of how the TAH performs 

in patients over a range of hemodynamic conditions.  
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After TAH characterization at normal operating conditions, we built upon the 

gathered knowledge and developed a robust, physiologically defined, user-friendly 

heart failure model using the TAH and DMCS operating in reduced output 

conditions. The created heart failure model construct provides a user with reliable 

physiological pressures and flows, representative of a patient in heart failure.  During 

heart failure conditions, left atrial pressure and left ventricular pressure were 

elevated and aortic flow was reduced. Starling-like behavior was blunted with 

continued preload augmentation, as occurs in clinical heart failure patients. Similarly, 

pressure-volume relationships demonstrated partial preservation of preload 

augmentation and enhanced sensitivity to afterload, as is consistent with a human 

heart. Furthermore, the system was configured to allow ready addition of ventricular 

assist devices, which upon insertion resulted in restoration of hemodynamics to 

normal, non-failing, conditions. Understanding the physiology and hemodynamics of 

MCS devices is important for proper use, development, and operator training. In the 

future, the use of this model could assist in inter-device comparison and personnel 

training. The following figures (Figure 8.1 and Figure 8.2) summarize the variations 

in pressure-volume characteristics between the mammalian heart, the artificial heart 

and our heart failure model during afterload and preload augmentation.  
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Figure 8.1 Mammalian Heart, Artificial Heart, and Heart Failure Model PV Loop 
Summary—Afterload Variations. 

With increases in afterload: the mammalian heart has reduced stroke volume and increased end-
systolic pressure; the artificial heart has no change in stoke volume, but increased end-systolic 
pressure; the heart failure model has decreased stroke volume, but no change in end-systolic 
pressure.  

 

Figure 8.2 Mammalian Heart, Artificial Heart, and Heart Failure Model PV Loop 
Summary—Preload Variations. 

With increases in preload: the mammalian heart has increased stroke volume and increased end-
systolic pressure; the artificial heart has increased stroke volume and increased end-systolic 
pressure; the heart failure model initially has an increase in stroke volume, but it then plateaus, 
end-systolic pressure remains fairly constant.   
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Lastly, we characterize the operational envelope of the SynCardia Freedom driver, 

used to portably drive the TAH. In this study, we demonstrate the Freedom Driver’s 

ability to overcome systolic pressures of 200 mmHg, and discover discrepancies in 

the reporting of Freedom Driver’s cardiac output in hypovolemic conditions, showing 

a drastic drop in cardiac output on the driver display when the ventricle was full-

filling. These two parameters are important clinical pieces of information when 

placing a patient on a Freedom driver. Therefore, the utility in this portion of the 

study is to further characterize the use of the TAH, this time with the use of the 

Freedom Driver, to enhance use and increase patient and clinical experience.  

Heart failure remains one of the leading causes of hospitalization among older 

adults, accounting for approximately 250,000 deaths each year, and is attributed 

with the greatest cost burden to the health care system. Mechanical circulatory 

support (MCS) has surfaced as a vital treatment option for advanced and end-stage 

stage HF. With recent growth in the MCS use and development, there is a clinical 

and developmental need for standard device characterization and an evaluation 

platform that can be utilized by all in the community as both a platform for inter-

device comparison and also as a training tool. This research harnessed SynCardia’s 

total artificial heart (TAH) working in conjunction with the Donovan Mock Circulation 

System (DMCS) to respond to this need. The characterization of the TAH affords 

insight into the functional parameters that govern artificial heart behavior, providing 

perspective on differences compared to the human heart. The use of the system as 

a heart failure model has the potential to serve as a valuable research and teaching 

tool to foster safe MCS device use. Lastly, the characterization of the Freedom 

Driver’s operating window provides clinicians with proper knowledge on when it 
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should be utilized. These findings function to push one step forward to fulfilling the 

MCS community needs.  
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APPENDIX 1 – PUBLICATIONS NOT RELATED TO THE THESIS: 
LINEAR FIBROBLAST ALIGNMENT ON SINUSOIDAL WAVE 

MICROPATTERNS 
 

This chapter has been published in the Journal of the Colloids and Surfaces B: 
Biointerfaces 2013 (Permission for reprint—Appendix 2) 

Jessica R. Gamboa (Crosby), Samir Mohandes, Phat L. Tran, Marvin J. Slepian, 
Jeong-Yeol Yoon. 

OVERVIEW 

Micrometer and nanometer grooved surfaces have been determined to influence 

cellular orientation, morphology, and migration through contact guidance. Cells 

typically elongate along the direction of an underlying groove and often migrate with 

guidance provided by constraints of the pattern. This phenomenon has been studied 

primarily using linear grooves, post, or well patterns. We investigated the behavior of 

mouse embryonic fibroblasts on non-linear, sinusoidal wave grooves created via 

electron beam lithography (EBL) on a polymethyl methacrylate (PMMA) substrate 

that was spin-coated onto a positively charged glass surface. Three different wave 

patterns, with varying wavelengths and amplitudes, and two different line patterns 

were created. Cell orientation and adhesion was examined after 4, 24, and 48 hours 

after cell seeding.  Attachment strength was studied via application of centrifugal 

force to cells following a 24-hour incubation period.  For all wave patterns studied, it 

was noted that cells did not reside within the groove, rather they were observed to 

cross over each groove residing both inside and outside of each wave pattern, 

aligning linearly along the long axis of the pattern.  For the linear patterns, we 

observed that cells tended to reside within the grooves, consistent with previous 

observations. No significant differences were seen between pattern types with 
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regards to adhesion strength. Texturing of a surface with micrometer sinusoidal 

wave grooves provides a means of creating a surface supportive of cell alignment, 

adhesion, and growth inside and outside grooves. This texturing technique may 

prove useful in the tissue engineering toolbox.  

INTRODUCTION 

Mammalian cells in vivo exist in a complex environment, rich in a multitude of signals 

that work in synergy to affect cellular behavior.  Of these signals, there are naturally 

occurring micro- and nanotopographical cues within the extracellular matrix, which 

influence cell arrangement, migration, and orientation 92–95. A universal goal of tissue 

engineering is to create materials capable of regulating and manipulating spatial 

cues, such that cell types can be spatially organized and directed, as they are in 

vivo. As new implant materials are developed, understanding cell-substrate 

interactions has become increasingly important. For many years, it has been 

recognized that cells respond to underlying substratum topographical features 96. 

This phenomenon is termed contact guidance and is characterized by cellular 

response to micrometer and submicrometer surface features 97,98. It has become 

clear that nearly all cell types will react to surface topography through adhesion, 

spreading, migration, and/or proliferation 94,95,99–105.  To date, this behavior has been 

studied predominantly on surfaces in which linear grooved patterns are created 

through micro-machining, photolithography, and electron beam lithography 92,93,97,105–

122. Linear groove patterns typically result in cell elongation, migration guidance 

along the direction of the grooves, and reorganization of the cytoskeleton 123. Micro- 

and nano-pillars 107,110,124 and micro- and nano-wells have been found to affect cell 

adhesion to surface substrata by either increasing or decreasing cell attachment 
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depending on spacing and feature size 125–127. Hexagonal and random patterns have 

also been studied 126,128, though the majority of contact guidance has involved linear 

grooves or rectilinear arrays of posts and wells. In nature, curvilinear architecture 

exists in tissues and organs and is often vital for organ geometry and function.  In 

this study, we investigate the behavior of mouse embryonic fibroblasts, on 

curvilinear, sinusoidal wave grooves created using electron-beam lithography (EBL) 

on a polymethyl methacrylate (PMMA) substrate.  

MATERIALS AND METHODS 

PATTERN FABRICATION 

A diced 10 mm x 10 mm positively charged microscope slide (Globe Scientific Inc., 

Paramus, NJ, USA: charge density proprietary) was spin coated with a polymethyl 

methacrylate (PMMA) photoresist (950 PMMA C4, Microchem, Newton, MA, USA) at 

2000 rpm for 45 seconds, resulting in a polymer thickness between 650 and 680 nm, 

measured by Veeco Dimension 3100 atomic force microscope, (AFM; Bruker AXS, 

Santa Barbara, CA, USA).  The coated chip was then hot-baked for 1 minute to 

remove any excess residues and to facilitate resist adhesion.  It was subsequently 

subjected to electron beam lithography, using a FEI Inspec scanning electron 

microscope (SEM; Hilsboro, OR, USA) equipped with nanopattern generation 

system (NPGS; JC Nabity, Bozeman, MT USA) to etch line and wave patterns 

designed using DesignCAD Express (dimensions described in Figure 1). The etched 

polymer was developed for 1 min with 1:3 methyl isobutyl ketone/ isopropyl alcohol 

mixture (MIBK/IPA; Microchem Corp., Newton, MA, USA), transferred to isopropyl 

alcohol (IPA; Honeywell, Morristown NJ, USA) for 30 seconds, rinsed with deionized 
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water, and dried with nitrogen gas.  The patterns were measured by the Veeco 

Dimension 3100 AFM. 

CELL CULTURE 

NIH 3T3 mouse fibroblasts (ATCC; Manassas, VA. USA) were grown in Dulbecco’s 

Modification of Eagle’s Medium (DMEM; Mediatech Inc., Manassas, VA, USA) 

supplemented with 10% Newborn Calf Serum, 1 M HEPES, 1% Antibiotic, 2% L-

glutamine, all purchased from Lonza (Walkersville, MD, USA). Cells at 80-90% 

confluence were detached using trypsin (Lonza, Walkersville MD), and collected via 

centrifugation.  Cells were reuspended to yield a final concentration of 200,000 

cell/ml.  200 µl of the cell suspension was placed on the surface of the chips and 

allowed to seed for 10 minutes (approximately 40,000 cells seeded per chip), after 

which an appropriate amount of media was added to the culture dish. Cells were 

then incubated in 95% air, 5% CO2 at 37°C for 4, 24, or 48 hours before staining.  

IMMUNOCYTOCHEMISTRY 

Fibroblasts were stained for the visualization of actin filaments, using TRITC-

conjugated Phalloidin (Millipore, Billerica, MA, USA), and nuclei, using fluoroshield 

with DAPI (Sigma-Aldrich).  Some cells were stained for vinculin (focal adhesions) 

using mouse monoclonal antibody to vinculin (Millipore, Billerica, MA, USA) and 

FITC-conjugated mouse anti-IgG (Sigma-Aldrich, St. Louis, MO, USA).  Briefly, cells 

were fixed with 4% para-formaldehyde for 15 minutes, washed with 0.05% Tween-20 

(Fisher Scientific, USA) in 1x PBS, then permeated with 0.1% Triton-X (Sigma-

Aldrich).  Cells were then washed and blocked with 1% bovine serum albumin (BSA; 

Sigma Aldrich) in 1x PBS.  If staining for vinculin, cells were incubated in mouse anti-

vinculin (1mg/ml, Millipore) diluted at 1:250 in 0.1% BSA in 1x PBS for 1 hour.  Cells 
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were then washed and incubated in FITC-conjugated mouse anti-IgG and TRITC-

Phalloidin for 30 minutes. After washing, cells were mounted on coverslips using 

fluoroshield with DAPI.  

RESISTANCE TO DETACHMENT 

After seeding fibroblasts as described above, cells were incubated in 95% air, 5% 

CO2 at 37°C for 24 hours. The patterned glass substrates were then removed from 

the incubator and stained with NucBlue live cell stain (Life Technologies, Carlsbad, 

CA, USA). The number of cells per pattern was counted using a fluorescent 

microscope (Zeiss Axiovert 135, New York, USA) and the chip was placed in a 15 ml 

centrifuge tube filled with cell culture media. The surface was kept parallel to the 

tube walls using an insert designed and rapid prototyped specifically for our 

surfaces. The tubes were then centrifuged at 57 x g. The surfaces were immediately 

removed from the centrifuge tubes and the cells per pattern were counted. 

Percentage cells retained per pattern type was calculated.  

IMAGE ANALYSIS 

An inverted epi-fluorescence Nikon microscope at both 10x and 60x was used for 

gathering fluorescent images of stained cells.  Cell number, length, and width data 

was collected using ImageJ (National Institutes of Health, Bethersda, VA, USA).  

RESULTS 

PATTERN GENERATION AND CHARACTERIZATION 

AFM imaging, Appendix Figure 1, revealed that the E-beam lithography process 

created well-defined sinusoidal and linear grooves in PMMA substrates. PMMA 

thickness was between 650 and 680 nm and groove width was between 4.6 and 5 
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µm in all patterns.  PMMA was completely etched in areas exposed to the electron 

beam, thus exposing the underlying positively charged glass, shown by the dark 

regions in the AFM images.  Wave patterns were defined by their amplitude (A) and 

wavelength (λ) in µm: wave 1: A=40, λ=10; wave 2: A=30, λ=5; wave 3: A=30, λ=10; 

all wave patterns had groove spacing of 20 µm. Line patterns were defined by their 

line spacing, 20 µm or 10 µm. Unpatterned PMMA was used as a control surface.  

 

Appendix Figure 1: AFM Images of patterns created on PMMA using electron-
beam lithography.   

Darker regions represent exposed positively charged glass. PMMA thickness of 650-680 nm, 
groove width of 4.5-5 µm, and groove spacing of 20 µm on all patterns except for pattern E, which 
has a groove spacing of 10 µm. Height scale is 0 to 1.2 µm for all patterns.  The chart (F) shows 
the wavelength and amplitude of each of the wave patterns. A, B, and C represent wave 1, wave 
2, and wave 3 respectively. D) 20 µm spaced line pattern E) 10 µm spaced line pattern 
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FIBROBLAST ALIGNMENT 

Fibroblast alignment along the long axis of the pattern was seen with cells grown on 

PMMA patterned surface with either wave or line patterns, Appendix Figure 2. 

Interestingly, alignment and morphology between wave and line patterns appeared 

similar despite the distinct difference in pattern shape (Appendix Figure 2A and B).  

In contrast to cells on patterned surface, fibroblasts on unpatterned control surface 

tended to be randomly oriented and spread out in all directions (Appendix Figure 

2C), whereas cells on the patterned surfaces tended to be elongated in a single 

direction and oriented within the constraints of the patterns (Appendix Figure 2A, B, 

C).  Length and width of cells were measured after 24 and 48 hours and compared 

between pattern types. However, no significant differences were seen between data 

sets, data not shown. 
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Appendix Figure 2: Fibroblast alignment on PMMA 

A) Wave 1 pattern, 60x B) 20 µm spaced lines, 60x  C) control surface (unpatterned), 10x D) 
Patterned surface 10 µm spaced lines on top, wave 1 pattern on bottom, 10x.   

 

Cell alignment was defined by cells oriented within ±15 degrees of the pattern 

direction, angle measured using ImageJ. Cell alignment by the majority of cells was 

observed on all patterns types, Appendix Figure 3.  Plotted histograms show 

distribution of cell orientation on each of the patterns 24 hours after cell seeding, 

Appendix Figure 3A.  The distributions show clear cell preference for cell alignment 

along the pattern direction, 0º. For unpatterned PMMA control surfaces, the cells 

seemed to be randomly oriented showing no trend in cell alignment. Cell alignment 

was also observed 4 and 48 hours after cell seeding, Appendix Figure 3B. The most 
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cell alignment was seen 4 hours after cell seeding across all pattern types with the 

highest alignment seen on the line patterns: 10 µm with 88% alignment and 20 µm 

lines with 92% alignment, compared to 74%, 81%, and 78% alignment seen from 

wave patterns 1, 2, and 3 respectively. For all time frames, the line patterns had a 

higher percentage of cells that aligned to the pattern surface, except for after 48 

hours, wave 2 had 77% alignment and 20 µm lines had 73% alignment.  

 

Appendix Figure 3: Amount of Fibroblast Alignment after seeding 

A) Fibroblast alignment 24 hours after seeding on patterned surface. Frequency on the 
histograms is plotted as % of total cells counted, 40-60 cells per pattern type. B) Percent cell 
alignment per pattern, cell alignment was considered to be ± 15 degrees. C) Convention used 
during measuring orientation, where 0° represents pattern orientation. 
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It was noted that cells began to spread, elongate, and orient along the pattern 

direction just 4 hours after initial seeding. Appendix Figure 4 shows cell adhesion 4 

hours after seeding on A) the patterned surface and B) the unpatterned PMMA 

surface. Cells on the patterned surfaces were elongated and anchored across the 

grooves for both line and wave patterns. In contrast, cells on the control surface 

remained much smaller and rounded.  

 

Appendix Figure 4: Cellular morphology 4 hours after seeding 

A) patterned surface, wave 2 (top) and wave 3 (bottom), and  B) unpatterned control surface.  

 

INTIMACY OF CELL ATTACHMENT TO A SURFACE 

In order to further understand the nature of cell adhesion to the patterned surface, z-

stacked images were taken of fibroblasts lying on both wave and line patterns, 
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Appendix Figure 5.  It was noted that on line patterns, the majority of each fibroblast 

lies within the groove of the pattern.  Whereas, on the wave patterns, most of the cell 

lies on the top, flat portion of the PMMA and as the cell crosses a groove, it will dip 

into it.  Vinculin focal points are seen both inside and outside of the grooves for both 

the wave and the line patterns, indicating that cells have adhesion points on both the 

glass and the PMMA surfaces.   

 

Appendix Figure 5:	  Z-stacked image of fibroblasts on PMMA patterned surface 

Red is phalloidin stained actin filaments, blue is DAPI (nuclei), and green is vinculin focal 
adhesions. A) bottom portion of the z-stack, closest to the charged glass surface, most of the cell 
lies within the groove. B) Top portion of the z-stack, notice the absence of actin where the groove 
lies indicating that the cell is dipping into the groove, lying within it. The arrows indicate one of the 
grooves the cell is lying within. C and D show bottom and top, respectively, slice of a cell sitting 
across wave pattern 3. As you can see, the majority of the cell lies on the PMMA surface, but the 
cells dips slightly into each groove as it crosses it. The star is placed just under one of the wave 
grooves. E shows an illustration of how a cell goes into one of the grooved surfaces as it passes 
over the wave pattern.  



 180 

 

Cell residence on each of the patterns was found by counting the number of cells on 

each pattern 4, 24, and 48 hours after cell seeding, Appendix Figure 6A. Wave 

pattern 3 and the 20 µm spaced line pattern has the most cell attachment after 48 

hours. No significant differences were noted between pattern types.  

As a measure of adhesion strength, we subjected the cells a centrifugal force of 57 x 

g for 15 minutes. Cells on the surface were counted before and after centrifugation 

so that percentage cell loss could be calculated. Cell loss ranged between 9 and 

29% depending on pattern type, Appendix Figure 6B. Differences between 20 µm 

spaced line pattern and wave 1 (p-value = 0.059) and 20 µm spaced line pattern and 

wave 3 (p-value = 0.078) were the most significant.  



 181 

 

Appendix Figure 6: Cell Adhesion on Patterned Surfaces 

A) Cell adhesion on patterns 4, 24, and 48 hours after seeding. B) Average cell loss after 15 min 
exposure to 57 x g force from centrifuge. Error bars represent standard error. (*)  p-value 0.059. 
(**) p-value 0.078.  

 

DISCUSSION 

The ability to control cell behavior on artificial materials is important in both tissue 

engineering and biomaterials. This work was designed to investigate cell behavior on 

non-linear, sinusoidal groove micropatterns.  The use of electron-beam lithography 

allowed for the precise control of pattern dimensions and the creation of three well-

defined wave groove patterns and two linear patterns. The findings clearly 

demonstrate that fibroblasts will align themselves to non-linear wave grooved 
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micropatterns as well as linear groove patterns but will randomly orient on 

unpatterned surface, with no general trend in orientation angle. We also noted that 

the patterned surfaces allow for faster cell adhesion and elongation compared to 

unpatterned PMMA.  This could be because of an increase in surface area on the 

patterned surfaces compared to the unpatterned surface. Additionally, the positive 

charge of the underlying glass surface in the patterned areas attracts the negative 

charge of the cell membrane.   

Fibroblasts had the greatest alignment 4 hours after their initial seeding compared to 

alignment data 24 and 48 hours after seeding. We believe this is due to the fact that 

cells begin to migrate around the surface at 24 and 48 hour time points. As the cells 

move around the surface, alignment goes down slightly because not all cells travel 

directly along the patterns.   

Interestingly, we observed similar cell adhesion orientation between the wave and 

line patterns, Figure 2A and 2B, despite the obvious difference in pattern shape 

between line and wave patterns.  However, we noted a difference in how cells orient 

themselves on each pattern type.  For linear patterns, cells tend to lie within each 

groove, which is seen in other work 129. However, on the wave micropatterns the 

cells tend to sit primarily on the PMMA surface and orient themselves across a 

single wave.  This is a particularly interesting way of cell alignment in comparison to 

cell behavior on the linear grooved patterns because upon initial interaction with the 

wave pattern, the cells cannot differentiate a line from a wave. Yet, they orient 

themselves on the wave patterns in a way that would almost be equivalent to 

orthogonal alignment on a line pattern, which we do not see on any of the line 

patterns.  
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It was observed on all patterned surfaces that cell spreading was clearly greater 4 

hours after cell seeding compared to the unpatterned control PMMA surface, Figure 

4.  At this time point, fibroblasts on the unpatterened surface remain round and 

small, whereas cells on the patterned surface are elongated and spread across the 

patterned surface. At this time point, our data shows more cells typically reside on 

the unpatterened surface, Figure 6. However, they may not be as tightly bound as 

they are on the textured surface because they are not spread out and elongated as 

they are on the patterned surface.  

The actin staining helped to further understand how the cells were adhering to the 

wave and groove patterns.  The z-stacked images, Figure 5, verified that cells were 

indeed lying within each groove on the line patterns and also showed that the cells 

on the wave patterns dip into the grooves as they cross over them.  The vinculin 

staining on both the wave and line patterns showed focal adhesions both inside and 

outside of each groove.  As far as adhesion strength, we observed a higher rate of 

cell retention during our centrifuge experiment for the linear patterns compared to 

any of the wave patterns, Figure 6B. The highest rate of retention was seen on the 

20 µm spaced line patterns, with significant differences seen between this group and 

wave patterns 1 and 3. Because fibroblasts tend to sit within the grooves on the line 

patterns, we can assume that 100% of the bottom surface of the cell is interacting 

with the underlying positively charged glass surface.  For the wave patterned 

surfaces, typically about 50% of the cell is contacting PMMA and the other 50% 

interacting with the underlying positively charged substrate (calculated using 

ImageJ). Because the underlying positively charged glass surface attracts the 

negative charge of the cell membrane, we see a difference in adhesion strength 
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based on the percentage of cell area that comes in contact with the glass surface. 

However, adhesion strength is not completely lost and the wave patterns are still 

able to retain cells. This may allow tissue-engineers to control the amount of cell 

adhesion or cell interaction that is seen on an implant surface, while still allowing for 

guidance and control of cellular orientation and migration. Additionally, because 

fibroblasts on the wave patterns reside atop the PMMA surface, it may be possible to 

deliver drugs, nutrients, or other solutes to each cells via the underlying wave 

channels underneath them, cellular irrigation.  

CONCLUSION 

We have shown that fibroblasts do not need a linear groove pattern to induce linear 

cell alignment through contact guidance.  We have demonstrated fibroblast 

alignment using a sinusoidal wave micropattern, which is comparable to alignment 

using linear groove patterns. We observed that cells on a wave pattern will cross 

over grooves and reside both inside and outside of the groove as the cell aligns to 

the pattern, dipping into each groove as it crosses it.  Creation of a pattern on PMMA 

surface with an underlying positively charged surface allows for faster adhesion 

compared to an unpatterned PMMA surface. The ability to add texture to a surface to 

manipulate cell adhesion strength and growth with only localized attachment and 

maintenance of free space in curvilinear microtopography underlying the cell may be 

a useful addition for tissue engineering strategies and the fabrication of novel 

biomedical devices.  
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For Physiological Characterization of the SynCardia total artificial heart utilizing the 

Donovan Mock Circulatory System and A Heart Failure Model utilizing the SynCardia 

Total Artificial Heart and Donovan Mock Circulatory System: 
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