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Abstract 
Cardiovascular diseases are a leading cause of death throughout the developed world. With the 

demand for donor hearts far exceeding the supply, a bridge-to-transplant or permanent solution is 

required. This can be achieved with rotary ventricular assist devices (VADs). Rotary VADs 

show a weaker response to preload than the native heart. This may lead to ventricular suction or 

pulmonary congestion, which can be deleterious to the patient’s recovery. A physiological 

control system which optimizes responsiveness of VADs may reduce adverse events. Active 

physiological control systems rely either on pressure and flow measurements or on estimated 

data. However these controllers may be limited by the low reliability of long term blood pressure 

and flow sensors or potential of inaccurate estimators due to changes in the VAD circuit (e.g. 

thrombus formation resulting in false estimation). A passive physiological control system might 

be able to overcome the limitation of active physiological control systems. 

 

This research project had three key aims: 

• Investigation of the steady state and time response of the healthy heart and circulatory 

system to changes in patient state (e.g. active postural changes and exercise). 

• In-vitro development and in-vivo validation of novel compliant inflow cannulae for 

rotary LVADs and RVADs to improve preload sensitivity of RBPs and provide a passive 

physiological control system for ventricular suction prevention. 

• Rigorous in-vitro evaluation of the compliant inflow cannulae together with various 

active physiological control systems previously presented in the literature under identical 

conditions. 

 

In order to investigate the response of the healthy heart and circulatory system 50 healthy 

subjects (27 male / 23 female) underwent active postural changes from a supine to a standing 

position and back to a supine position and exercise at 60 W and 90 W (female) / 120 W (male). 

Heart rate, cardiac output, stroke volume and systemic vascular resistance were measured 

continuously utilising Impedance Cardiography with a Physio Flow device. The circulatory 

system responded similarly to stand-up and lying-down manoeuvres, however the initial time 

response during lying down was significant shorter for HR, CO and SVR when compared to 
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standing up (p < 0.05). Data found in these experiments was used to compare physiological 

control systems with the response of the human circulatory system. 

 

Compliant inflow cannulae (IC) for both left and right ventricular assist devices were developed 

and evaluated in-vitro and in-vivo during changes and preload and afterload. Two compliant IC 

designs (fully-collapsible and semi-collapsible) were able to prevent ventricular suction in all 

instances during rapid changes of SVR (1300-2600 dyne.s.cm-5) and PVR (100-500 dyne.s.cm-5). 

This was due to the silicone sleeves restricting flow area as preload decreased, thus increasing 

VAD circuit resistance and subsequently decreasing VAD flow. The semi-collapsible IC was 

designed in order to mitigate cannula ‘flutter’ seen in the fully-collapsible design and 

subsequently decrease risk of haemolysis caused by the addition of a compliant IC into the VAD 

circuit. 

 

Haemocompatibility of both compliant IC designs was evaluated in blood circulation loops run 

with fresh whole human blood and compared to a rigid IC as a control. Plasma free haemoglobin 

levels and normalised index of haemolysis were significant higher with the fully-collapsible 

compliant IC when compared to the semi-collapsible compliant IC and the rigid IC (p < 0.05). 

This experiment clearly demonstrated that the semi-collapsible compliant IC is capable of 

controlling RBP flow rate to decrease the risk of ventricular suction while mitigating 

complications associated with haemolysis seen in the fully-collapsible cannula. 

 

The semi-collapsible compliant IC was rigorously tested in-vitro and compared to seven active 

physiological control systems under identical conditions for the first time. Rapid changes in SVR 

and PVR, passive and active postural changes and exercise were simulated in a mock circulation 

loop to investigate each controller’s ability to prevent ventricular suction. The compliant IC and 

the three active control systems which responded to preload were able to prevent ventricular 

suction throughout all experiments. In addition the active control systems did increase pump 

flow during exercise, thus helping to unload the failing ventricle and decrease ventricular stroke 

work.  
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1  Introduction 
Cardiovascular diseases are attributed as the leading cause of death throughout the developed 

world (Vitali et al. 2005; Terracciano et al. 2010). Heart failure (HF) can be defined as the failure 

of the heart to supply the volume of blood required to match the body’s demands by its pumping 

action (Nicholson 2007). The prevalence of HF in the US and Europe is approximately 2.8% 

with similarly high values recorded throughout the world (Terracciano et al. 2010; Heidenreich 

et al. 2011). In Australia, heart disease is the highest cause of death, with heart failure being one 

of the top ten leading causes of death in 2011, and is expected to become more prevalent as the 

population ages (Sosin et al. 2006; Statistics 2014). 

 

The American College of Cardiology and American Heart Association (ACC/AHA) class heart 

failure cases into four stages depending on severity, with class I being the mildest and class IV 

being the most severe (Hunt et al. 2001). Treatment in all stages of HF may include lifestyle 

changes and medication with diuretics, beta blockers and anticoagulants (Hunt et al. 2001). 

Patients with end stage HF, where these treatments are not sufficient, require further medical 

intervention and surgery. In those cases the gold standard remains heart transplantation; but there 

is a severe shortage of donor hearts available (Nicolini & Gherli 2009). Therefore mechanical 

assist devices are required to support patients who are waiting for a transplant or are not 

considered candidates for a donor heart (e.g. because of advanced age). 

 

Ventricular Assist Devices (VADs) provide Mechanical Circulatory Support (MCS) to patients 

with end stage heart failure. They can be used to support the left side (LVAD), right side 

(RVAD) or both sides (BiVAD) of a failing heart during bridge to transplant, bridge to recovery, 

bridge to decision or in destination therapy (Nicolini & Gherli 2009; Myers 2012). First 

generation VADs provided pulsatile flow and are mostly large devices indicated for para / extra-

corporeal support. Second and third generation VADs are mostly small, implantable rotary blood 

pumps (RBPs) which provide a constant blood flow and show better outcomes for heart failure 

patients compared to first generation VADs or optimal medical management (Rose et al. 1999; 

Slaughter, Russell, et al. 2009). 
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The human cardiovascular system has several control mechanisms to ensure that necessary 

cardiac output (CO) of blood is supplied according to demand. This demand changes depending 

on changes in patient state, such as postural changes, exercise level or straining. The heart 

responds to an increase in preload by increasing contraction force which increases arterial 

pressure, stroke volume (SV) and therefore CO (a mechanism known as the Frank-Starling 

response) (Guyton & Hall 2006; Starling & Visscher 1926). First generation VADs operating in 

full-to-empty mode have an ability to balance outflow, and do not require flow control (Sorensen 

2007). However second and third generation RBPs are less sensitive to changes in patient state 

and the resulting changes to preload and afterload when compared to the healthy heart 

(Salamonsen et al. 2011). This low preload sensitivity can cause adverse events such as 

ventricular suction and pulmonary oedema (Saeed et al. 2008; Saito et al. 2011). During a 

suction event, the ventricular walls are drawn towards the inflow cannula of the VAD and can, in 

the worst case, occlude it. This may lead to damage to the red blood cells (haemolysis) and heart 

tissue, arrhythmias, pump flow stoppages or, in extreme instances, to death. This is why clinical 

studies report the importance of physiological controller development to prevent these adverse 

events (Saeed et al. 2008; Saito et al. 2011). 

 

Physiological control of RBPs involves improving the auto-regulation of RBP outflow to 

accommodate for haemodynamic changes resulting from changes in patient’s state. Most 

physiological control methods focus on active control – software that attempts to automatically 

change pump speed in order to maintain a desired operating point and thereby prevent ventricular 

suction events. Different methods are used to adjust pump speed according to demand and to 

avoid suction events. Methods used for physiological control of RBPs include proportional-

integral (PI) (Yi Wu et al. 2003; Giridharan & Skliar 2003; Edward Bullister et al. 2002), fuzzy 

logic (Antonio Ferreira et al. 2009; Choi et al. 2007; Casas et al. 2004), spectral analysis (Iijima 

et al. 1997; Ohuchi et al. 2001) and simple rule-based (Vollkron et al. 2004) approaches. These 

methods use either a sensor (Y Wu et al. 2003; Giridharan & Skliar 2003; Edward Bullister et al. 

2002) or a sensorless (Casas et al. 2007; Moscato et al. 2010) approach to obtain feedback 

variables like flow and pressure. Control mechanisms that detect pumping states with the usage 

of flow and pressure sensors show that the lack of reliability and long-term stability of sensors 
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militates against the clinical use of such strategies. Sensorless control strategies have shown that 

it is possible to detect ventricular collapse and pre/afterload changes, but these methods are 

limited to being able to identify very few pumping states. There is still no active control strategy 

which can reliably detect all physiological pumping states, automatically control pump speed and 

which has been clinically applied.  

 

The development of a passive control system for RBPs can overcome some limitations of active 

control strategies. First studies showed that the use of a compliant inflow cannula can passively 

increase resistance of a RBP circuit and therefore reduce RBP outflow when preload decreases, 

thus preventing suction events (Gregory et al. 2011; Gregory et al. 2012). Further development 

and evaluation of this device needed to be undertaken before a possible clinical implantation. 

 

Physiological control strategies for RBPs aim to prevent adverse events like ventricular suction 

or pulmonary congestion, however clear specifications of how a physiological controller should 

respond to changes in preload and afterload in the time domain have yet not been defined. 

Investigating the response of the healthy human heart to changes in patient state and subsequent 

changes in preload and afterload will be a first step to develop such specifications. 

1.1 Aim and Objectives 
This project aims to develop a passive physiological control system for ventricular assist devices. 

In order to meet this aim key objectives include: 

• Investigation of the response of the healthy heart and circulatory system to changes in 

patient state, such as active postural changes and exercise. 

• In-vitro development and in-vivo validation of novel compliant inflow cannulae for 

rotary LVADs and RVADs to improve preload sensitivity of RBPs and provide a passive 

physiological control system for ventricular suction prevention. 

• Investigating the effect of the newly designed compliant inflow cannulae on the 

haemocompatibility of rotary blood pump circuits in an in-vitro model. 

• Rigorous in-vitro evaluation of the compliant inflow cannulae and active physiological 

control systems previously presented in the literature under identical conditions. 
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1.2 Background 
Knowledge of the cardiovascular system, heart failure, ventricular assist devices and 

physiological control systems is crucial for this project and a review of the literature on these 

topics is presented here. 

1.2.1  The Heart 
The heart (Figure 1-1) consists of two pumps, each consisting of an atrium and a ventricle and 

valves. The right side of the heart pumps deoxygenated blood to the pulmonary circulation and 

the left side pumps oxygenated blood to the systemic circulation. Each atrium functions as a 

primer pump for the ventricle, helping to fill the ventricle during diastole. The ventricles then 

provide the main pumping force to supply their respective circulatory systems with blood. The 

left ventricle contracts with a greater force than the right ventricle, because the systemic 

circulation is much larger and has a higher resistance than the pulmonary circulation. The two 

sides of the heart are separated by a flexible septum, which makes the contraction and relaxation 

of each side dependent on the other through septal interaction. On each side of the heart, the 

atrium and ventricle is separated by an atrioventricular valve which prevents backflow from the 

ventricle to the atrium. The tricuspid valve is located on the right side between the atrium and the 

ventricle while the mitral valve is located in the same location on the left side of the heart. To 

prevent backflow from the arteries into the ventricles the pulmonary valve is located on the right 

side and the aortic valve on the left side of the heart between the ventricle and the corresponding 

arteries (Guyton & Hall 2006). 

 
Figure 1-1: The Heart; RA – right atrium, RV – right ventricle, LA – left atrium, T – tricuspid valve, P – 

pulmonic valve, M – mitral valve, A – aortic valve, SVC – superior vena cava, IVC – inferior vena cava, PA – 
pulmonary artery, PV – pulmonary veins (Klabunde 2010) 
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1.2.2  Cardiac Cycle 
The cardiac cycle can be divided into four basic phases: ventricular filling (phase a; diastole), 

isovolumetric contraction (phase b; systole), ejection (phase c; systole) and isovolumetric 

relaxation (phase d; diastole). Figure 1-2 shows the cardiac cycle and ventricular pressure-

volume loop exemplary for the left ventricle. Point 1 on the left ventricular pressure-volume loop 

in Figure 1-2 marks the end of diastole and therefore the end diastolic volume (EDV) in the 

ventricle. During the isovolumetric contraction phase of the left ventricle (phase b) the mitral 

valve closes and left ventricular pressure (LVP) increases while ventricular volume remains 

constant. Once LVP exceeds aortic diastolic pressure the aortic valve opens (point 2) and 

ejection phase (phase c) begins. During this phase the left ventricular volume decreases as LVP 

increases to a peak value before decreasing as the ventricle begins to relax. When the aortic 

valve closes the ventricle relaxes isovolumetrically. Left ventricular volume at this time is the 

end systolic volume (ESV). When LVP falls below left atrial pressure (LAP) the mitral valve 

opens and the ventricle begins to fill. The difference between EDV and ESV is defined as the 

stroke volume (SV). The area within the pressure-volume loop is the ventricular stroke work. 

 
Figure 1-2: left - Cardiac cycle diagram; right – left ventricular pressure-volume loop; LVVol – left 

ventricular volume, LVP – left ventricular pressure, ESV – end systolic volume, EDV – end diastolic volume, 
SV – stroke volume, EDPVR – end diastolic pressure volume relationship, ESPVR – end systolic pressure 

volume relationship (Klabunde 2010) 
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1.2.3 Auto-Regulation of Cardiac Output 
The human cardiovascular system has several control mechanisms to ensure that necessary 

cardiac output is supplied according to demand. This demand changes depending on changes in 

patient state, such as postural changes, exercise or the Valsalva manoeuvre (straining). The 

Frank-Starling mechanism and baroreceptor response react to changes in preload and afterload 

and regulate arterial pressure and ventricular contractility which influences stroke volume and 

therefore cardiac output (Guyton & Hall 2006; Starling & Visscher 1926). 

1.2.3.1 Frank-Starling Mechanism 

The heart has the intrinsic ability to adapt its contractility, and therefore cardiac output, 

depending on venous return (preload). This ability is called the Frank-Starling mechanism. This 

basically means that the higher the atrial pressure, the higher the volume of blood in the ventricle 

prior to contraction (EDV) and therefore the more the heart muscle is stretched, the greater is the 

force of contraction and the amount of blood pumped out of the heart. When the increased 

venous return stretches the heart muscle, the actin and myosin filaments are overlapping to a 

degree where they can generate higher forces. This increase in contraction force means that the 

heart automatically pumps the extra blood into the arteries (Guyton & Hall 2006). A graphical 

representation of the Frank-Starling mechanism is shown in Figure 1-3. It shows the correlation 

between the increase in atrial pressure and the corresponding increase in ventricular output. 

 
Figure 1-3: Frank-Starling Mechanism in a healthy human heart. As the atrial pressure (preload) increases, 

the ventricular output increases (Guyton & Hall 2006) 
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1.2.3.2 Baroreceptor Reflex 

The baroreceptor reflex is an autonomous nervous system response for arterial pressure control 

and maintaining adequate blood perfusion to the body. Baroreceptors are stretch receptors which 

are located in the walls of the carotid sinus and the aortic arch. When stretched by an increase in 

arterial pressure they send signals to the vagal parasympathetic centre which causes vasodilation 

of the veins and arterioles and a decrease in HR and contraction strength of the heart. This lowers 

the arterial pressure. By contrast, low arterial pressure sensed at the baroreceptors causes the 

opposite effects and leads to an increase of arterial pressure back to a normal level (Guyton & 

Hall 2006). 

1.2.4 The Circulatory System 
The circulatory system consists of the pulmonary side and the systemic side. The pulmonary side 

provides deoxygenated blood to the lungs and the systemic side provides oxygenated blood to 

the body (Figure 1-4). Deoxygenated blood returns from the body into the right atrium. It 

continues to flow through the tricuspid valve into the right ventricle. From there it is pumped 

through the pulmonary valve into the pulmonary artery to the lungs. In the lungs, the blood is 

then oxygenated and flows into the left atrium via the pulmonary veins. From the left atrium the 

blood flows through the mitral valve into the left ventricle, where it is ejected under high 

pressure through the aortic valve into the aorta. The systemic system then divides into smaller 

arteries that provide the oxygenated blood to the body. Through the systemic venous system the 

blood flows back to the right atrium of the heart via the superior vena cava (upper body) and 

inferior vena cava (lower body). Here the blood cycle starts over to continuously supply the body 

with oxygenated blood. 
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Figure 1-4: Distribution of blood in the different parts of the circulatory system (Guyton & Hall 2006) 

1.2.5 Heart Failure 
Heart failure (HF) can be defined as the failure of the heart to supply the volume of blood 

required to match the demands of the body by its pumping action (Nicholson 2007). The heart 

can fail in various ways – on the left side, the right side or both sides; acute or chronic; during 

contraction (systolic dysfunction) and/or relaxation (diastolic dysfunction) or for structural 

reasons. During systolic dysfunction the heart is unable to provide an adequate stroke volume 

while during diastolic dysfunction the heart fails to fill properly. Acute HF involves symptoms 

that develop rapidly and can occur either as an isolated response to a particular set of 

circumstances that increases the workload of the heart (Baig et al. 1998) and may not require 

long term therapy. Chronic heart failure develops slowly over time and may require long term 

therapy and circulatory support. Structural abnormalities of the heart that can lead to HF include 

problems with the cardiac valves, abnormal connections or abnormal blood flow between 

chambers (Nicholson 2007). 
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1.2.5.1 The Prevalence of Heart Failure 

Cardiovascular diseases are attributed as the leading cause of death throughout the developed 

world (Vitali et al. 2005; Terracciano et al. 2010). In Australia, heart disease is the largest cause 

of death since 2000 with HF being one of the top ten leading causes of death in 2011, and it is 

expected to become more prevalent as the population ages (Sosin et al. 2006; Statistics 2014). 

Approximately 300 000 people were diagnosed with HF as a primary condition in 2011 (AIHW 

2011). In the USA it was estimated that 5.7 million people were diagnosed with HF between 

2007-2009 (Roger et al. 2012), while 55 000 people died from HF as a primary cause (Kochanek 

et al. 2011). The British Heart Foundation and University of Oxford released statistics that in 

2011 the prevalence of heart failure in the United Kingdom was approximately 210 000 (British 

Heart Foundation 2012). The year 2006 was the first time in Germany that HF was the leading 

cause for hospital admission (317 000) and the nationwide cost of HF in 2006 was estimated at 

2.9 billion euros (Neumann et al. 2009). In China the reported prevalence of HF was 0.9% (Jiang 

& Ge 2009). It can be seen from the reported statistics that HF is a global issue and its 

prevalence will only increase as the population ages. 

1.2.5.2 Causes of Heart Failure 

Common causes of heart failure are ischaemic heart disease and hypertension while less common 

causes are infection, valve disease and arrhythmia (Nicholson 2007). Ischaemic heart disease is 

the most common cause for heart failure and it accounts for between half and three-quarters of 

HF cases (Mair et al. 1996; Zannad et al. 1999). During myocardial infarcation the blood supply 

to an area of the heart muscle is interrupted (ischemia) and if blood flow is not restored rapidly 

that area of muscle dies and is no longer able to contract. High blood pressure (hypertension) can 

cause acute heart failure but more common is that chronic hypertension causes chronic heart 

failure. Increased afterload causes an increase in muscle tension which can lead to overworking 

the heart. Overworking the heart for a prolonged time may also induce systolic and/or diastolic 

dysfunction (Chinnaiyan et al. 2007). Heart valve disorders, such as stenotic (resistance to 

forward flow) or regurgitant (allowing back flow) valves, lead to heart failure because the 

cardiac output is diminished and compensatory mechanisms are activated (Nicholson 2007). 

Rheumatic heart disease, age-related stenosis, myocardial infarction or cardiac infection can lead 

to valve disorders. Cardiac infections (viral or bacterial) and resulting inflammation of the heart 

can occur in the inner lining of the heart (endocarditis), within the heart muscle (myocarditis) or 
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in the outer lining (pericarditis) and can impair the heart’s pumping ability. An abnormal heart 

rhythm (arrhythmias) is both a cause and symptom of heart failure. If acute heart failure caused 

by arrhythmia is corrected soon enough then chronic heart failure can be avoided. Another 

common form of heart failure is cardiomyopathy, which can be classed in dilated, hypertrophic 

or restrictive cardiomyopathy. Dilated cardiomyopathy consists of an enlarged ventricle with a 

diminished pumping ability. Hypertrophic cardiomyopathy involves thickening of the ventricular 

wall through addition of muscle mass and may block the flow of blood through the heart. 

Restrictive cardiomyopathy is a stiffening of the cardiac muscles which results in diastolic 

dysfunction (Nicholson 2007). 

1.2.5.3 Symptoms of Heart Failure 

Symptoms of acute heart failure occur suddenly whereas there are normally no symptoms 

present at the beginning of chronic heart failure. In chronic heart failure the symptoms normally 

develop gradually and might include breathlessness, fatigue, poor exercise tolerance and 

confusion. As heart failure progresses symptoms such as shortness of breath and fatigue become 

more severe and others occur such as swelling due to fluid accumulation, loss of appetite and 

muscle mass and reduced blood flow which can result in thrombus formation and stroke 

(Nicholson 2007) (Julian et al. 2005). Ultimately, heart failure results in a diminished quality of 

life and, as it progresses, death. 

1.2.5.4 Treatment of Heart Failure 

Treatment of heart failure patients depends on the severity of heart failure. It can include lifestyle 

changes, such as an increase in exercise, an improved diet and quitting smoking and drinking, in 

less severe cases. Several drugs are used in heart failure treatment such as diuretics, angiotensin-

converting-enzyme (ACE) inhibitors, angiotensin II receptor blockers (A2RB), beta blockers and 

more. When heart failure progresses to more severe stages, invasive treatment options have to be 

considered and may include the replacement of stenotic or regurgitant heart valves or coronary 

artery bypass. For patients with severe heart failure and without end-organ damage a cardiac 

transplant is the ultimate treatment (Nicholson 2007; Julian et al. 2005). However, there is a vast 

discrepancy between the demand and supply of donor hearts. Of 100 000 patients in the USA 

with end-stage heart failure who are eligible for a heart transplant, only 2000 patients received a 
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donor heart (Thunberg et al. 2010). Hence mechanical circulatory support is required for those 

patients on the waiting list or for those who are ineligible for a heart transplant. 

1.2.6 Ventricular Assist Devices 
Mechanical circulatory support to treat patients 

with heart failure can be implemented with intra-

aortic balloon pumps (IABPs), ventricular assist 

devices (VADs) or total artificial hearts (TAHs). 

IABPs are not capable of supporting end stage 

heart failure patients, which leaves only VADs and 

TAHs as options for mechanical circulatory 

support for these patients. VADs can be used to 

support the left side (LVAD), right side (RVAD) 

or both sides (BiVAD) of the heart (Figure 1-5). 

One of the main differences between a BiVAD and 

a TAH is that the TAH requires the removal of the 

native heart, whereas a BiVAD preserves and 

assists the natural heart. Using a BiVAD 

configuration to assist the failing heart has several 

advantages over a heart-replacing TAH. The native 

ventricles provide a natural inflow reservoir for the pumps and the remaining ventricular 

contractility assists in balancing pump flows. Furthermore, in case of device malfunction the 

remaining ventricle may provide enough cardiac output for patient survival until device 

replacement. The potential of myocardial recovery remains when retaining the ventricles in 

BiVAD support and therefore a chance of discharging the patient without the requirement for a 

donor heart (Min & Sun 2002).  

 

Ventricular assist devices can be used as bridge to transplant, bridge to recovery, bridge to 

decision or destination therapy (Myers 2012; Nicolini & Gherli 2009). Clinical experience has 

shown that VAD support can assist in the recovery of the failing heart and lead to improved renal 

function, thus decreasing pulmonary vascular resistance and reducing pulmonary hypertension 

(Felker & Rogers 2006). To investigate the difference between VAD support with a first 

 

Figure 1-5: Left and right heart attached to 
LVAD and RVAD respectively            

(Farrar et al. 1996) 
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generation, pulsatile VAD and standard medical therapy, a multi-centre study was conducted 

over three years with more than 120 patients (Rose et al. 2001). This study, known as the 

REMATCH study, showed a 48% reduction in risk of death after 12 months and overall 

improved quality of life for patients in the VAD group (Figure 1-6). However, serious adverse 

events, such as bleeding and infection at the drive line site, were twice as likely in this group 

compared to the medical therapy group. 

 
Figure 1-6: Patient survival rate comparison of the pulsatile VAD group and medical therapy group during  

REMATCH Trial *Reproduced with permission from (Rose et al. 2001), Copyright Massachusetts Medical Society 
 

With the improvement of VAD technology the 12 months survival of VAD patients supported by 

continuous flow VADs increased to 80% and 24 months survival to 70% (Kirklin et al. 2015). 

1.2.6.1 Generations of VAD Support 

Ventricular assist devices are classified firstly by their characteristic outflow (pulsatile or 

continuous flow) and secondly by their generation or bearing configuration. Three generations of 

VADs (Figure 1-7) are currently available (Sorensen 2007; Thunberg et al. 2010). First 

generation VADs used membranes and valves to provide pulsatile flow support to the left 

and / or right ventricle. These positive displacement devices are large and usually only indicated 

for para / extra-corporeal support with connection to a large drive unit which limits patient 

mobility. Meanwhile, the contacting and moving components lead to device wear which shortens 

device lifetime to a few years. Associated risks with first generation VADs are postoperative 

infection, significant haemolysis, thrombus formation and severe postoperative bleeding (Stone 

2007). Continued improvement of VAD technology lead to the development of RBPs for MCS. 
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These devices use rotary centrifugal, diagonal, or axial impellers that produce continuous 

outflow and are small enough to be implanted, thus reducing the risk of infection. Earlier RBPs, 

known as second generation devices, operated with some mechanical contact, usually either 

through a shaft driven device or a pivot bearing. This contact point may limit durability and 

elevate the risk of thrombosis, heat generation and haemolysis (Krishnamani et al. 2010; 

Klovaite et al. 2009; Crow et al. 2009). Third generation devices, also based on RBP technology, 

use non-contact hydrodynamic and / or magnetic bearings (Watterson et al. 2000; Nojiri et al. 

2001; Larose et al. 2010). These pumps eliminate contact wear, potentially increasing device 

lifetime, thus being potential destination therapies, with an acceptable life span for many 

patients. 

A B C 

   
Figure 1-7: Examples of (A) first (PVAD, Thoratec Corporation, Pleasanton, CA, USA), (B) second 
(Heartmate II, Thoratec Corporation, Pleasanton, CA, USA) and (C) third (HVAD, HeartWare Inc, 

Massachusetts, USA) generation VADs. 

1.2.6.2 The Need for Biventricular Support 

Patients with left heart failure under LVAD support are at much increased risk of developing 

right heart failure during the post-operative period (Hsu et al. 2012; Drakos et al. 2010), which 

increases the risk of mortality significantly (Drakos et al. 2010; Kavarana et al. 2002). Normally 

drug therapy is the initial treatment, but when patients are no longer showing signs of 

improvement with drug therapy, ventricular circulatory support for the right and left side is 

necessary. However, biventricular support with two rotary VADs is difficult, as there are no 

commercially available rotary RVADs. There are some rotary BiVAD systems under 

development (Timms et al. 2008; Fukamachi et al. 2008), but it might be some time before these 

devices are ready for clinical implantation. For this reason, clinicians have used an LVAD as an 

RVAD for BiVAD support (Krabatsch, Potapov, et al. 2011; Krabatsch, Schweiger, et al. 2011; 

Frazier et al. 2004; Strueber et al. 2010; Hetzer et al. 2010) in order to provide mechanical 
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circulatory support to both sides of the heart, pumping blood through the systemic and 

pulmonary circulatory systems (Figure 1-8).  

 
Figure 1-8: Two HeartWare HVADs (HeartWare Inc., Massachusetts, USA) implanted as a biventricular 

assist device (McGee et al. 2011) 
 

When using two LVADs for BiVAD support, the LVAD used as an RVAD must be adapted to 

reduce the output of the pump in order to maintain suitable pulmonary haemodynamics. This is 

due to the fact that the pulmonary vascular resistance (PVR) is much lower than the systemic 

vascular resistance (SVR) and therefore a lower pressure gradient across the RVAD is required. 

However, setting appropriate pump speeds in order to achieve balance between systemic and 

pulmonary flow is difficult (Krabatsch, Potapov, et al. 2011; Saito et al. 2011). If the right pump 

is not adjusted properly the systemic and pulmonary flow rates will not be able to balance, which 

can cause various adverse events. Over-pumping of the RVAD may lead to pulmonary 

congestion and right ventricular suction (Hetzer et al. 2010; Nonaka et al. 2002). Under-pumping 

on the other hand might cause left ventricular suction. Flow management is performed by 

adjusting pump speeds under the guidance of echocardiography (Kirkpatrick et al. 2010). Saito et 

al. (2011) reported that daily adjustments of pump speed were needed in the immediate 

postoperative period. Once the patient’s condition improves and their activity levels increase, 

corresponding changes in the patient’s circulatory system may disturb the previously established 

flow balance, which may limit the patient’s capacity to perform daily activities. One of the main 
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reasons for the difficulties of flow balancing with BiVAD support is that rotary VADs do not 

have a Frank-Starling mechanism. This means they exhibit a lower sensitivity to preload changes 

compared to the native heart (Salamonsen et al. 2011). This is particularly relevant with 

biventricular support, where the failure of both ventricles indicates reduced left and right 

ventricular Frank-Starling sensitivity. 

1.2.6.3 Complications with Current Support Strategies 

Improvement in patient survival since the use of VADs as BTT and DT shifted the focus on 

factors beyond survival to improvements offered by VADs in quality of life and exercise 

capacity. So despite technological improvements of RBPs, limitations of these devices are being 

discovered as factors beyond survival are evaluated. Complications include occurrence of pump 

thrombosis leading to stroke, bleeding from the gastrointestinal tract, infections caused from the 

driveline or device, ventricular arrhythmias, right ventricular dysfunction, blood trauma and 

aortic insufficiency (Moazami et al. 2013). 

 

First generation VADs are large pulsatile pumps with a number of moving parts, resulting in a 

larger risk of device failure (Birks et al. 2004). Continuous-flow VADs are smaller, more 

efficient and have a longer lifetime than first generation devices. These factors result in a lower 

risk of device failure and stroke (Slaughter, Russell, et al. 2009). However, one limiting factor of 

continuous-flow VADs is that when operated at a constant speed, their preload sensitivity is 

significantly smaller than that of the native heart (Salamonsen et al. 2011). This preload 

insensitivity means that pump output cannot passively change sufficiently in response to the 

frequent variations in preload, induced by common patient activities, such as postural changes, 

exercise, Valsalva manoeuvre and circadian variation (Idema et al. 1994; Veerman et al. 1995; 

Rodeheffer et al. 1984; Akselrod et al. 1997; Kalbfleisch et al. 1978; Kubo & Cody 1983; Meyer 

et al. 1999; Zema et al. 1980). Without significant changes in pump output with preload, there is 

a high risk of overpumping and/or underpumping. Overpumping can result in suction of the 

ventricular wall, excessively high negative pressures, cannula occlusion, tissue damage at VAD 

inlet and subsequent right ventricular dysfunction and arrhythmias (Vollkron et al. 2004; Reesink 

et al. 2007; Reesink et al. 2004). Once suction occurs, it can persist despite speed reductions and 

may require temporary VAD shutdown (Reesink et al. 2007). Underpumping can result in 

regurgitant flow of blood through the VAD if the pump speed is too low and insufficient organ 
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perfusion. The output of the VAD must be appropriate for the patient’s state and speed changes 

are necessary to control VAD output. This is why clinical studies report the importance of 

physiological controller development to prevent these adverse events (Saito et al. 2011; Saeed et 

al. 2008). 

1.2.7 Preload Sensitivity of Rotary VADs 
The native healthy ventricle is sensitive to changes in preload, with a preload sensitivity reported 

to be between 0.19 and 0.24 L/min/mmHg, with corresponding changes in contraction force 

(Frank-Starling mechanism) occurring in order to balance systemic and pulmonary flow 

(Klabunde 2010; Salamonsen et al. 2011). In contrast, when operated at a constant speed, the 

flow rate produced by a rotary VAD depends not on the pump preload (inlet pressure) but the 

difference between outlet and inlet pressure (effectively the differential between afterload and 

preload) (Stevens 2014). Studies by Salamonsen et al. (2011) and Fukamachi et al. (2013) have 

both shown that this difference in dynamics results in a decreased preload sensitivity when 

compared to the healthy native ventricle. This preload insensitivity means that pump flow cannot 

passively change sufficiently in response to the frequent variations in preload, induced by 

common patient activities, such as postural changes, exercise, Valsalva manoeuvre and circadian 

variation (Idema et al. 1994; Veerman et al. 1995; Rodeheffer et al. 1984; Akselrod et al. 1997; 

Kalbfleisch et al. 1978; Kubo & Cody 1983; Meyer et al. 1999; Zema et al. 1980). Without 

significant changes in pump flow with preload, there is a high risk of over-pumping and/or 

under-pumping. Under-pumping means that increased venous return caused by increased patient 

activity will not be compensated for by sufficient increase in VAD flow. This may result in 

excess venous blood damming up the atria, placing limitations on the patient's exercise capacity, 

and may lead to pulmonary or systemic venous congestions. Over-pumping occurs when VAD 

flow exceeds venous return. The subsequent reduction in ventricular volume can cause collapse 

of the ventricular wall onto the inlet cannula of the VAD, resulting in ventricular suction 

(Reesink et al. 2007). Ventricular suction may result in reduced blood flow, excessively high 

negative pressures, cannula occlusion, thrombus release, haemolysis, ventricular arrhythmias, 

tissue damage at the VAD inlet and subsequent right ventricular dysfunction (Reesink et al. 

2004; Reesink et al. 2007; Tanaka et al. 2005; Vollkron et al. 2004; Vollkron et al. 2007). Once 

suction occurs, it can persist despite speed reductions and may require temporary VAD shutdown 

(Reesink et al. 2007). This is why studies report the importance of physiological controller 
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development to prevent these adverse events (Saito et al. 2011; Saeed et al. 2008; Salamonsen et 

al. 2015). 

1.2.8 Active Physiological Control 
Currently VAD speed is adjusted by a clinician (Figure 1-9); while the patient is still in the 

hospital clinicians adjust VAD speed based on observations of patient and pump parameters (e.g. 

haemodynamic and biochemical markers).  

 
Figure 1-9: Conventional pump operation (Stevens 2014) 

1.2.8.1 Structure of a physiological control system 

The goal of an active physiological control system for a rotary VAD is to automatically vary the 

pump speed using a feedback variable, thus removing the clinician from the feedback loop. A 

control system for rotary LVADs can be divided into three subsystems (Figure 1-10); objective, 

implementation and plant. The control objective describes the general strategy or algorithm that 

is used to automatically vary pump speed, which involves trying to maintain some 

haemodynamic or pump variable to a set value or range. The inputs to this subsystem are the 

feedback variable/s and the desired set point for the feedback signal, while the output is the 

difference between the two, commonly referred to as the error signal. The control objective can 

usually be developed independently of the implementation technique. The next subsystem, 

dubbed control implementation, uses control theory techniques to periodically make adjustments 

to pump speed (output) based on the error signal (input). Proportional, Integral and Derivative 

(PID) control is one example of control techniques used for control implementation. Finally, the 

plant is the system that is being controlled; it contains the VAD and human circulatory system. 

The input to this subsystem is the voltage or current signal that adjusts pump speed, whilst the 

output is the desired feedback variable. The key characteristics of the plant are that it is non-

linear and time-varying. 
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Figure 1-10: Block diagram of a generic physiological control system for a ventricular assist device (Stevens 

2014) 

1.2.8.2 Proportional, Integral and Derivative Control 

PID Control is a commonly used control system in many industrial processes (Franklin et al. 

1994). A PID controller attempts to minimize the error by adjusting the process control inputs 

(Nise 2011). To do this the error signal is split into three components: the proportional (P), 

integral (I) and derivative (D) control parameters. The error signal is multiplied by a gain 

constant Kp in the proportional component. The integral component integrates the error signal by 

(1/s) and then multiplies it by a gain constant Ki. The time derivative of the error signal is 

multiplied by the final gain constant Kd in the final component (Figure 1-11). 

 
Figure 1-11: PID control system 

 

The proportional component makes the output linearly dependent on the magnitude of the error 

signal (Goodwin et al. 2001). It provides an instantaneous response to the error signal, which can 

improve the response of a stable system but is unable to control an unstable system by itself. The 

integral component reduces or eliminates steady state errors in the system, but it slows the 



PhD Thesis 47 Jo Philipp Pauls 

response of the controller since the error must accumulate before a significant response is made 

by the controller (Goodwin et al. 2001). This can result in an overshoot of the error signal 

(Franklin et al. 1994). The derivative component makes the output dependent on the rate of 

change of the error signal and can be thought of as a predictor of the future error value (Goodwin 

et al. 2001). A controller can use all three components or any combination of them, e.g. a simple 

P controller, a PI controller, PD controller or a PID controller. 

1.2.8.3 Control Objectives 

Physiological control systems automatically vary rotary VAD speed in response to changes in 

patient demand in order to satisfy some clinical objective. Different control objectives have been 

used by investigators previously. 

1.2.8.3.1 Pressure Control 

1.2.8.3.1.1 Differential Pressure 

The differential pressure (ΔP) across a rotary blood pump refers to the difference in pressure 

between the outlet and the inlet of the pump. The justification for controlling ΔP according to 

Giridharan & Skliar (2003) is that the native ventricle maintains a constant differential between 

the pulmonary veins and the aorta, and therefore the pump's control system should do likewise. 

Waters et al. (1999) proposed to maintain ΔP constant as a control strategy, using proportional-

integral (PI) control to maintain ΔP at 110 mmHg. The controller was evaluated using a lumped-

parameter numerical model and subjected to step changes in filling pressure (± 50 mmHg) and 

systemic vascular resistance (SVR). Giridharan and colleagues proposed two constant pressure 

control strategies (Giridharan et al. 2002; Giridharan & Skliar 2002; Giridharan & Skliar 2003; 

Giridharan et al. 2004; Giridharan & Skliar 2006; Giridharan et al. 2007). The first control 

strategy aimed to maintain the average pump differential pressure to a specified reference 

differential pressure while maintaining the pump impeller speed within acceptable limits 

(Giridharan & Skliar 2003). Giridharan hypothesised that the average pressure difference 

between the left side of the heart and the aorta remains relatively constant for various levels of 

cardiac demand (Giridharan & Skliar 2003; Giridharan & Skliar 2006). The idea was that blood 

vessels constrict and dilate in response to changes in cardiac demand. By maintaining a constant 

pressure across the heart, cardiac output would only change with the resistance of the blood 

vessels. This strategy was tested in simulations with both axial and centrifugal pumps. During 
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exercise simulations the flow was increased to 14 L/min. The second control strategy aimed to 

maintain a constant pressure between the pulmonary vein and the aorta instead of a constant 

pump pressure head (Giridharan et al. 2004). In-vitro tests in a mock circulation loop showed 

effective synchronization of the assisted and natural circulations. The advantage of this control 

strategy, as opposed to the first one, was that both pressure head across the pump and potential 

pressure losses due to the cannula are taken into account. 

 

There are two flaws with both of Giridharan’s control strategies. Firstly they rely on direct 

measurements of pressures. The use of pressure sensors is undesirable because of a lack of their 

reliability due to sensor drift and calibration issues (Giridharan & Skliar 2006). Giridharan and 

Skliar tried to estimate pressures in the pulmonary vein and aorta by utilizing pump specific 

relations between flow rate, pump speed and current with differential pressure (Giridharan & 

Skliar 2006). These estimations were unreliable due to the assumption that blood is a Newtonian 

fluid and ignored the effects of inertia of the blood and variance in blood viscosity with changing 

haematocrit and temperature. Secondly, while both successfully regulated pump speed to match 

cardiac demand, they could not detect the acceptable limits for pump speed. When the pump 

speed limits were constant, there was a chance of suction or backflow occurring, thus a clinician 

was needed to set the lower limit when backflow occurred and the upper limit when ventricular 

suction occurred.  

1.2.8.3.1.2 Aortic Pressure 

In the healthy circulatory system, Aortic Pressure (AoP) is maintained by the baroreflex, which 

adjusts vascular resistance, heart rate and contractility (Lu et al. 2001). In heart failure patients 

this mechanism is diminished, partly due to reduced ventricular contractility, thus adjusting 

pump speed to maintain AoP would be able to compensate for a reduced baroreflex mechanism. 

Wu et al. (2003), Wu et al. (2007) and Wu (2009) proposed a control strategy that aimed to 

maintain AoP constant at a set value as the primary control objective, while the secondary 

control objective was to maintain pump differential pressure (ΔP) constant at a set value. The 

secondary control objective was implemented as the investigators identified that maintaining 

AoP constant without knowledge of the venous return may result in ventricular suction events. If 

AoP and ΔP are maintained constant, then LVAD inlet pressure must be constant as well, thus 

helping to avoid ventricular suction. The controller was evaluated in both numerical simulations 
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and in-vitro in a mock circulation loop (MCL). AoP was maintained without causing ventricular 

suction during exercise simulations and during disturbances of ± 20% in total peripheral 

resistance. The authors did not mention how the differential pressure could be measured in-vivo, 

which needed to be investigated for a possible clinical application. 

1.2.8.3.1.3 Constant Preload 

Bullister and colleagues proposed to maintain left ventricular end-diastolic pressure (LVEDP) 

constant at a set point and they developed a custom-made pressure sensor to measure LVEDP for 

feedback (Bullister et al. 2001; Bullister et al. 2002). The LVEDP set point selection was 

automatically optimised to ensure AoP remained at an appropriate level, whilst ensuring LVEDP 

(a measure of preload) to remain in safe ranges in order to avoid ventricular suction. Simulation 

results showed that the control algorithm was able to maintain LVEDP within set limits and 

control pump speed, however no assessment of suction avoidance was performed. 

 

Limitations of these control strategies were that they required implantation of pressure sensors to 

provide measurements of pressures used as feedback variables. Sensor implantation increases the 

risk of thrombus formation; they are prone to sensor measurement drift and need calibrations. 

Furthermore, no pressure sensors are commercially available for use in rotary blood pumps, 

making practical implementation difficult (Fritz et al. 2010; Saeed et al. 2008; Troughton et al. 

2011a). 

1.2.8.3.2 Flow Control 

Another common control objective is to maintain cardiac output at a desired flow rate, as 

clinicians may wish to treat their patient at a constant flow rate in order to ensure end organ 

perfusion. Rotary Blood Pump (RBP) flow rate depends primarily on the pump impeller speed 

and differential pressure across the pump, thus a constant flow control algorithm adjusts pump 

speed according to changes in preload and afterload to maintain a constant flow. Constant flow 

controllers have been proposed for automatic control of rotary pumps used for cardio-pulmonary 

bypass and for extracorporeal membranous oxygenation (Nishida et al. 1996; Casas et al. 2004). 

Lim et al. (2011) proposed a method of controlling LVAD flow to both a constant and a 

sinusoidal set point using non-invasive measurements. The controller was assessed in a 
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numerical model with step changes in target flow and simulated exercise. It was shown that this 

control approach could track target flow within ± 0.5 L/min. 

 

A limitation to maintaining constant flow as a way of controlling VADs is the fact that cardiac 

output in a healthy human can vary from 3 – 5 L/min at rest and up to 24 L/min during vigorous 

exercise (Guyton & Hall 2006) (Astrand et al. 1964). Therefore the target flow rate must change 

in response to various levels of patient activity. Furthermore, flow sensors are difficult to 

calibrate in-vivo, just like pressure sensors, and therefore potentially unreliable. 

 

Ferreira et al. (2009) presented a sensor based control system, comprised of a suction detector 

and a fully logic controller, that aimed to maintain pump speed, and thus pump flow, at the 

highest possible level without ventricular suction occurring. Eight suction indicators were 

combined into two discriminant scores, which represented either no suction, moderate suction or 

severe suction. Pump speed was then adjusted based on these scores while pump speed 

modifications were maintained within ± 5% of the current pump speed. The control system was 

evaluated in a numerical model by simulating exercise and hypertension. The pump speed 

decreased in exercise, which is the opposite of what was expected to occur, thus indicating no 

increase in preload during exercise simulations. 

1.2.8.3.3 Frank-Starling Control of Pump Flow 

In the human circulatory system the demand for cardiac output varies depending on activity level 

and heart condition, thus the set point in a flow controller must vary. The Frank-Starling 

mechanism varies blood flow automatically with preload; however this mechanism is diminished 

in the failing heart. A physiological control system that mimics the response of the Frank-

Starling mechanism has shown to improve preload sensitivity of RBPs (Gaddum et al. 2014). 

 

A physiological control system that mimicked the Frank-Starling mechanism was first proposed 

by Maslen et al. (1998). The system was designed to vary pump flow rate in response to preload 

by adjusting pump speed, however no implementation or evaluation was presented. 

 

Moscato et al. (2010) proposed a control system that utilised a linear relationship between Left 

Ventricular Pressure (LVP) and the target pump flow to maintain a constant afterload impedance. 
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By maintaining afterload impedance constant the pump flow varies linearly with LVP, which 

itself is a function of left ventricular end diastolic pressure, inadvertently mimicking the Frank-

Starling relationship between flow and preload. Proportional-integral control was used to 

implement the controller and the system was evaluated in a numerical model with exercise 

simulations, increased contractility and step changes in blood volume and afterload. The authors 

found that maintaining constant afterload impedance improved the overall preload sensitivity of 

the VAD system – the flow automatically varied with LVP, avoiding suction situations that 

otherwise occurred during constant speed operation. A limitation of this strategy was its 

dependency on LVP estimation through aortic pressure (AoP) measurement, which is not 

routinely done in a clinical setting. An alternative approach for non-invasive measurement or 

estimation needs to be developed (Moscato et al. 2010). Additionally, a pressure sensor is still 

required for AoP measurements in order to estimate LVP. 

 

Stevens et al. (2011) aimed to control pump speed based on the correlation between cardiac 

output and preload; essentially the Frank-Starling mechanism. With increasing preload the Left 

Atrial Pressure (LAP) increased during filling of the ventricle prior to contraction. The authors 

proposed that by measuring LAP and by utilizing a relationship between LAP and pump flow 

rate a target flow rate could be set (Figure 1-12). LAP was measured directly via a pressure 

sensor. This Frank-Starling like controller successfully varied pump speed in response to 

preload, while avoiding adverse events through over- or under-pumping. The main limitation of 

this strategy was the reliance on two sensors (pressure and flow). Sensor drift and calibration 

issues can have a negative impact on the long-term reliability of blood-immersed sensors and 

therefore the reliability of control strategies relying on these sensors (Slaughter, Bartoli, et al. 

2009). 
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Figure 1-12: Block diagram of a Frank-Starling like control system proposed by Stevens et al. (Stevens et al. 

2011) ©2011 IEEE 
 

Salamonsen et al. (2012) proposed a linear Starling-like controller which emulates the response 

of the natural ventricle to changes in preload. Pump flow pulsatility was used as a surrogate for 

preload, which eliminated the need for an implantable pressure sensor. The authors suggested 

that the relationship between beat-to-beat mean flow and flow amplitude should be maintained 

linear using a physiological control system. The paper explained the theory underlying such a 

controller but did not present evaluation of the control system in any format. More recently 

Gaddum et al. (2014) assessed the aforementioned control system in a mock circulation loop. 

Evaluation consisted of step increases in filling pressure (to assess preload sensitivity), step 

decrease in PVR (to assess suction avoidance) and a simulated exercise state. The Starling-like 

control system was shown to have a higher preload sensitivity, better suction avoidance and to 

produce higher flow rates during exercise than constant speed control. One limitation of using 

pulsatility is that the native failing heart needs to still have some residual pulsatility. Severely 

failed hearts exhibit much less pulsatility than healthy hearts, which limits the safe operation of 

these control strategies (Salamonsen et al. 2012). 

 

Stevens et al. (2014) used a master/slave approach as a BiVAD physiological control system. 

The control system was implemented by designating one pump (master) to be responsible for 

total flow variation and the other (slave) for balancing ventricular volumes. The master was a 

Frank-Starling like controller that varied pump flow of the LVAD linearly with preload (similar 

to (Salamonsen et al. 2012)), however ventricular end diastolic pressures were used as a 

surrogate for preload instead of flow pulsatility for greater accuracy. The slave controller ensured 

that ventricular end diastolic pressure of the slave pump (RVAD) varied linearly with ventricular 
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end diastolic pressure of the master pump. The control system was found to produce fewer 

suction events when compared to constant speed control and did not cause pulmonary congestion 

during simulations of rest, postural change, Valsalva manoeuver and exercise in a mock 

circulation loop. 

1.2.8.3.4 First and Second Derivatives of Pump Parameters 

Gwak (2007) used extremum seeking control (ESC) and slope seeking control (SSC) to adjust 

pump speed until the peak of minimum flow vs. pump speed curve was reached. During 

numerical simulations ventricular suction could not be avoided by the control system. The 

controller would overshoot the peak and did not return. To overcome this limitation the 

numerical model was replaced with a cost-function obtained in-vivo. Both ESC and SSC 

controllers using minimum flow were able to reduce pump speed to avoid ventricular suction. It 

was highlighted that slope seeking control was preferable to extremum seeking control, because 

the peak point of the cost function was close to the point of suction. As SSC kept the pump speed 

just below the peak point, it operated with a large safety margin. However, determination of the 

optimal slope for each patient was not discussed. 

 

A solution proposed both by (Arndt et al. 2008; Arndt et al. 2010) and (Gwak et al. 2011) to 

determine the optimal slope for a ΔP pulsatility vs. pump speed curve (Figure 1-13 A) was to use 

ESC to operate at the minimum of the first derivative of this curve i.e. locating where the second 

derivative is zero (Figure 1-13 B). Gwak et al. (2011) compared this approach using ΔP 

pulsatility and minimum pump flow approaches, using a simplified numerical model for 

evaluation (previously described by (Gwak 2007)). Assessment involved switching the 

controllers on and measuring time until convergence. Variations in circulatory conditions were 

facilitated by adjusting the cost function used for the plant model.  
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Figure 1-13: Pulsatility (A) and gradient of the pulsatility (B) as a function of pump speed for various levels of 

preload (Arndt et al. 2008) 
 

Arndt et al. (2008) utilized the gradient of the pulsatility index of the pump pressure head as an 

indicator for imminent ventricular suction and the transition between partial and total support of 

the ventricle. The controller had two modes of operation: partial assist and full assist. The 

transition points between partial and total assist are marked with a circle (Figure 1-13 B). In a 

numerical model this was around -3 mmHg. Imminent ventricular suction events are marked 

with a square, which were defined as the minimum gradient value for each pressure. The 

controller was then designed to adjust pump speed to avoid ventricular suction. The use of the 

gradient of the pulsatility index as a suction indicator was shown to increase the safety margin of 

the controller. 

1.2.8.3.5 Multi Objective Control 

Multi-objective control (MOC) strategies involve combining two or more control objectives into 

a single controller. Boston et al. (2003) used a combination of the pump motor current pulsatility 



PhD Thesis 55 Jo Philipp Pauls 

index, the rate of change of pump flow with increasing speed and a minimum flow measurement 

to design a suction detection system. Experiments showed that combining these three indices 

reduced the rate of misdiagnosing over- or under-pumping down to 6%. 

 

A suction prevention controller combined with a venous-return matching controller was 

presented by Gwak et al. (2005). In order to prevent ventricular suction the control system 

determined the ratio between the powers of the first and second harmonic, which was found to 

decrease during suction, and maintained this ratio to a constant value. The venous return 

controller maintained the first derivative of pump flow with respect to speed close to zero. Each 

control system was implemented with a separate PI controller while the final speed output of the 

control system was the weighted average of the individual controllers. Step changes in preload 

and afterload were performed in a mock circulation loop and the control system was able to 

prevent excessive pump flow. 

 

Vollkron et al. (2005) used four different control strategies to create one physiological controller; 

each strategy had a different target value and the system aimed to adjust flow with cardiac 

demand while alleviating ventricular suction events. The four control objectives were to maintain 

a desired flow rate in rest and exercise, ensuring a minimum acceptable flow rate, maintaining a 

desired flow pulsatility measure from the pump flow waveform and limiting pump power to a 

pre-set maximum.  The system was tested in clinic with patients in intensive care unit and 

standard ward using a MicroMed Debakey axial LVAD and it coped successfully with patient 

movements during re-mobilization by physiotherapists. The main limitation of this study is that it 

assumes that the native heart has still some residual contractility. If the ventricle has no residual 

contractility the pulsatility cannot be measured. 

 

Multi objective control systems have the potential of combining the pros of multiple control 

systems, while addressing limitations of individual control strategies at the same time. However, 

the more control systems are incorporated into a multi objective system, the more complex it gets 

and the risk of individual system counteracting each other increases. 
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1.2.9 Passive Physiological Control 
Active physiological control systems, either sensor-based or non-sensor-based, have several 

disadvantages. Sensor based control systems require the implantation of either pressure or flow 

sensors or both. Sensor implantation increases the risk of thrombus formation; they are prone to 

sensor measurement drift and they need regular calibration in-vivo, which can be difficult to 

perform (Saeed et al. 2008; Fritz et al. 2010; Troughton et al. 2011a). Furthermore sensors 

increase the system cost and reduce system reliability. No pressure sensors are commercially 

available for use in RBPs making practical implementation difficult. However there are low drift 

sensors under development (Troughton et al. 2011a) which may be incorporated into RBPs in the 

near future. Sensorless control strategies are more feasible as long-term implantation options but 

the inferred data can be unreliable due to mechanical issues such as blood clots or the build-up of 

endothelial cells along the inflow cannula of the VAD (Yamada et al. 2011). 

 

It seems that the development of a passive control 

system for RBPs could overcome the limitations 

of active control strategies. Gaddum et al. (2010) 

proposed a control system for biventricular 

support which used a two-sided floating hub, in a 

specially designed pump that passively displaces 

axially due to changes in afterload. Results of 

mock circulation loop experiments showed that 

the mechanism was hypersensitive to afterload 

but insensitive to preload. 

 

 

 
Figure 1-14: : Section view of BiVAD prototype 

by Gaddum et al. (Gaddum et al. 2010) 
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Gregory et al. (2011, 2012) proposed the use of 

compliant inflow cannulae as a passive control 

system to prevent ventricular suction events. The 

compliant sections were made out of silicone and 

were able to collapse when preload decreased, thus 

decreasing VAD inlet diameter and subsequently 

increasing VAD inlet resistance. This increase in 

VAD inlet resistance led to a decrease in VAD flow 

and subsequent avoidance of ventricular suction events. The devices were evaluated during 

incremental increases in VAD speed and step changes in PVR and SVR to simulate changes in 

LVAD and RVAD preload respectively (Gregory et al. 2011; Gregory et al. 2012). Results 

clearly showed the ability of the compliant inflow cannula prototypes to prevent ventricular 

suction. However, there were limitations in the cannulae design. The compliant sections were 

manufactured by coating a smooth, 12 mm-diameter rod with two layers of de-aired silicone, 

with each layer allowed to set prior to adding the subsequent layer (Gregory et al. 2012). This 

manufacturing process did not produce a consistent wall thickness throughout the prototypes and 

repeatability of mechanical properties was hard to achieve. The manufacturing process of the 

compliant IC would need to be improved to achieve repeatability. Furthermore, compliant inflow 

cannulae performance was evaluated at varying heights in respect to the cannulated chamber 

(Gregory 2012), thus hydrostatic pressure influenced cannulae performance as well as the 

compliance of the cannulae. When implanted the compliant inflow cannulae would be inserted 

into the heart, thus prototypes need to be designed to function at heart level. Development and 

in-vitro / in-vivo evaluation of improved LVAD and RVAD compliant inflow cannulae as a 

passive physiological control system is presented in chapter 3 while evaluation of 

haemocompatibility will be presented in chapter 4. 

1.2.10 Summary 
The literature review highlights the prevalence of heart failure and the benefits of mechanical 

circulatory support through ventricular assist device therapy. However, due to the inherent 

preload insensitivity of continuous flow rotary blood pumps physiological control systems are 

beneficial to prevent adverse events like ventricular suction. Active physiological control 

systems, either sensor-based or non-sensor-based, have several disadvantages. Development of a 

 
Figure 1-15: Passive control system utilizing a 

compliant, collapsible cannula 
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passive control system for rotary blood pumps could overcome the limitations of active control 

strategies. 

1.3 Thesis Outline 
The structure of this thesis is presented by the 

flow chart shown in Figure 1-16. 

 

Chapter 2 describes the evaluation of the 

healthy native heart’s response to changes in 

patient state, such as active postural changes 

and exercise. By defining how the heart 

responds, evaluation of physiological control 

systems can be improved to match the 

response of the circulatory system. 

 

The development of a passive physiological 

control system in the form of LVAD and 

RVAD compliant inflow cannulae (IC) is 

described in Chapter 3. Results of in-vitro 

and in-vivo evaluation of compliant IC 

prototypes have been published in the Journal 

‘Annals of Biomedical Engineering’ (Pauls et al. 2016; Gregory et al. 2016). 

 

The investigation of the effect of two different compliant IC designs on the haemocompatibility 

of VAD circuits is described in Chapter 4. 

 

A number of physiological control systems have been presented in the literature; however 

evaluation techniques were not consistent between investigators. This makes it difficult to 

compare control systems directly from the literature. In Chapter 5 a comparative study of a 

number of physiological control systems presented in literature previously is described. The 

 
Figure 1-16: Flow chart of thesis structure 
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systems were compared to the newly designed compliant IC to assess the compliant IC 

performance against the current standards available in the literature. 

 

Chapter 6 ties together the final conclusions of all chapters, discusses some of the limitations 

and future work. 
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2  Steady State and Time Course Response of the 

Healthy Native Heart to Changes in Posture and 

Exercise 
The review of existing literature verified the need for physiological control systems. One of the 

goals of these controllers is to adjust rotary ventricular assist device flow according to patient 

demand by mimicking the response of the native circulatory system. In order to design 

physiological control systems that mimic the response of the circulatory system, both the steady 

state and time course response has to be known. 

 

The significance of the work presented in this study is that both active stand up and active lying 

down was investigated. Furthermore heart rate, stroke volume, cardiac output and systemic 

vascular resistance was continuously measured, thus it was possible to calculate time course 

responses for both postural change scenarios. During exercise it was possible to evaluate the 

kinetics of SVR response. A total of 50 subjects (27 male / 23 female) participated in this study, 

whereas only a limited number of studies with female subjects are reported in literature. These 

data was used to compare the compliant inflow cannulae (presented in Chapter 3) and various 

active physiological control systems to the response of the healthy circulatory system (presented 

in Chapter 5). Furthermore these data was used to improve mock circulation loop test beds to 

simulate exercise and active postural changes. 

2.1 Aim 
The aim of this study is to investigate the steady state and time course response of the healthy 

native heart and circulatory system to haemodynamic changes occurring during daily activities 

(e.g. active postural change and exercise). These data was used to compare the response of 

physiological control systems with the native circulatory system for improved controller 

development. Key objectives include: 

• Investigation of human response to active changes in posture from a supine to a standing 

position as well as from a standing to a supine position. 

• Investigation of human response to transition from rest to exercise. 
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• Continuous data collection for heart rate, stroke volume, cardiac output and systemic 

vascular resistance for both steady state and time course analysis. 

2.2 Literature Review 
In order to design physiological control systems that mimic the response of the circulatory 

system (e.g. to postural changes and exercise), both the steady state and time course response has 

to be known. 

2.2.1 Human Response to Changes in Patient State 
Changes in posture and activity level are two of the most common patient scenarios during daily 

activities and cardiac output changes according to demand. Physiological control systems should 

be able to cope with these changes in cardiac demand and then go hand-in-hand with these 

changes in patient state. However, to be able to evaluate controllers under these conditions it is 

of importance to know how the human circulatory system responds to these changes in patient 

state. 

2.2.1.1 Active Postural Change 

Active changes in posture, from a supine 

to an upright standing position induce an 

increase in Heart Rate (HR) that follows 

a peculiar time course initially (Borst et 

al. 1982). It was reported by Drischel et 

al. (1963) that HR increases abruptly 

when standing up, reaching a maximum 

after approximately 10 s, declining to a 

relative minimum another 10 s later, 

before gradually increasing again. Once 

haemodynamics have settled in the 

standing upright position, HR is 15 to 

30% greater when compared to a supine 

position (Drischel et al. 1963). 

 

 
Figure 2-1: Initial heart rate response to active changes in 

posture indicating the first (a) and second (c) peak and 
valley (b) in between (Dambrink & Wieling 1987) 
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Borst et al. (1982) investigated the mechanisms of the initial heart rate response to postural 

change in 30 healthy subjects (24 male / 6 female), which were divided into three groups 

(untrained, moderately trained and highly trained). Active changes in posture from a supine to a 

standing position were initiated on verbal command and accomplished within 2 to 3 s. Heart rate 

was subsequently continuously monitored through electrocardiogram by a cardiotachometer. In 

all three groups HR increased between 6 and 15 bpm after 60 s of standing. The transient 

response showed an abrupt increase in HR to a first peak after 3 s, diminished to a low 2 s later 

and increased more gradual to a maximum peak after 12 to 13 s (Figure 2-1). A true first peak in 

response was present in 28 out of 30 subjects. Cardiac Output (CO), Stroke Volume (SV) and 

Systemic Vascular Resistance (SVR) were not measured and few female subjects participated in 

this study compared to male subjects. 

 

Dambrink & Wieling (1987) investigated the circulatory response to postural change in 

40 healthy male subjects in relation to age. The 40 subjects were divided into four groups of 

10 subjects. In the first group were 10-15 year old boys, while the other three groups were men 

in their sixties, seventies and eighties, respectively. Similar to Borst et al. (1982), active changes 

in posture from a supine to a standing position were accomplished within 2-3 s by the teenage 

boys and between 3 and 9 s by the older subjects. Subjects remained in the upright position for 

2 min. Transient HR response followed the same course found by Borst et al. (1982), with a first 

peak in HR after 3 s and a maximum peak after 12 s with a diminished HR at about 5 s 

(Dambrink & Wieling 1987). The first true peak was not present in 50% of the subjects - 

predominantly in the older population. Steady state increase in HR after 60 and 120 s of standing 

were also less in older subjects when compared to the young boys (increase of 7-12 bpm 

compared to 23 bpm after 120 s respectively). No CO, SV or SVR were measured and no female 

subjects participated in this study. 

 

Sprangers et al. (1991) compared the initial response during stand up, head-up tilt and onset of 

exercise in 10 healthy male subjects between the age of 20 and 38 years. Subjects were asked to 

stand up from a supine position following 5 min of supine rest. Postural changes were 

accomplished within 3 s. Head-up tilt was performed after 5 min of supine rest to a 70° upright 

position within 6 s by using an electrically driven tilt table with foot support. Onset of exercise 
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was performed by bringing an ergometer abruptly into motion for 3 s following a verbal 

command and then a return to motionless sitting. Heart rate was obtained from an arterial 

pressure signal while a pulse contour algorithm was used to calculate beat-by-beat stroke volume 

and cardiac output. From this data, beat-to-beat changes in Total Peripheral Resistance (TPR) 

were calculated. The immediate response to standing up was an increase in HR and CO while SV 

and TPR decreased. Each response reached a maximum within 7 s. This response to active stand 

up was similar to the immediate response to exercise. However early steady-state levels during 

stand up after a period of 60 to 120 s of standing, were similar to a head up tilt experiment. In 

both head up tilt and active standing SV (between 21 and 30 %) and CO (between 18 and 26%) 

were decreased while TPR (between 40 and 59%) was increased. No female subjects participated 

in this study. 

 

Tanaka et al. (1996) compared the haemodynamic pattern of active and passive standing in seven 

healthy subjects (4 male / 3 female). Beat-to-beat SV was obtained using an ultrasound Doppler 

technique and measurements were performed at rest, during active standing and following 

passive tilt of 60°. Similar to results found by Borst et al. (1982) HR rapidly increased within 2 s 

of rising followed by a delayed and higher rise at 12 s and thereafter a fast decrease (Tanaka et 

al. 1996). At the same time the Stroke Index (SI) and TPR decreased initially while CO 

increased. At 9.5 s after active stand up HR increased by 56 ± 17% when compared to the supine 

position while SI decreased by 12 ± 11% and TPR by 58 ±11%. After 3 min of standing HR was 

increased to 89 ± 13 bpm (41 ± 19%), TPR was increased to 2490 ± 760 dyne s cm-5 (26 ± 20%) 

and SI decreased by 35 ± 7 mL m-2 (17 ± 14%). Only a small number of subjects participated in 

this study. 

 

More recently Delgado et al. (2014) investigated the initial circulatory response to active 

standing in 10 Parkinson’s disease patients (8 male / 2 female). During the initial HR response to 

active standing a true first peak and subsequent valley previously defined by Borst et al. (1982) 

was absent in all patients. A maximum HR corresponding with peak C in Figure 1-1 was found 

after 13 ± 4 s with peak values of 89 ± 8 bpm. Heart rate was measured to be 72 ± bpm 30 s after 

rise, which was increased from 66 ± 7 bpm when compared to the supine position. 
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The initial haemodynamic response to active standing can be explained by several mechanisms. 

Heart rate abruptly increases upon active standing and peaks at approx. 3 s, which is a result of 

abrupt inhibition of cardiac vagal activity (Borst et al. 1982; Wieling et al. 1985). This vagal 

inhibition has been attributed to an exercise reflex (Borst et al. 1982; Wieling et al. 2007). This 

exercise reflex is activated by two mechanisms. One is a feedback reflex from the contracting 

muscles in the arms and legs, due to activation of their mechanoreceptors (muscle-heart reflex) 

(Hollander & Bouman 1975). The other is ‘central command’ related to motor signals from 

higher brain centres that stimulate the brainstem cardiovascular centres (Goodwin et al. 1972; 

Critchley et al. 2000). The first abrupt increase in HR is followed by secondary increase in HR. 

This more gradual increase in HR peaks at approximately 12 s after the onset of standing (Borst 

et al. 1982; Wieling et al. 2007) and results from further reflex inhibition cardiac vagal activity 

and an increase in sympathetic outflow to the heart (Borst et al. 1982; Wieling et al. 1985). 

Arterial baroreceptor reflex might reflect the increase in sympathetic outflow to the heart as 

compensation for an initial transient fall in arterial pressure (Borst et al. 1982; Wieling et al. 

2007).  

 

Most studies that investigated the response of the circulatory system to active standing had only 

a small number of subjects and females were mostly absent. In two studies, 30 (Borst et al. 1982) 

and 40 (Dambrink & Wieling 1987) subjects participated, but out of those 70 subjects only 

6 were female. The response of the native heart and circulatory system to active standing has 

been described in detail, however only few studies reported time course response of CO, SV or 

SVR. Steady state values for haemodynamic variables were presented both in supine and 

standing upright position, however settling times were not calculated. All studies investigated the 

response of an active postural change from a supine to a standing position; however the response 

from a standing upright to a supine position has not been reported yet. 

2.2.1.2 Exercise Kinetics 

At the onset of aerobic exercise, the cardiovascular system adjusts to the increase in cardiac 

demand during an initial transient response before settling at a new steady state level. Lador et al. 

(2006) investigated the kinetics of CO, systemic oxygen delivery and lung oxygen uptake at 

exercise onset in 6 healthy male subjects. Exercise was performed on an electronically braked 

cycle ergometer at two intensities (50 W and 100 W). Kinetics at the onset of exercise were 



PhD Thesis 65 Jo Philipp Pauls 

described by a monoexponential equation and the resulting time constant τ was calculated as the 

time it took CO to reach 63.2% of its final value. Steady state values at rest and both 50 W and 

100 W exercise were calculated for CO, HR, SV and TPR. During exercise HR increased from 

70.7 ± 1.4 to 93.3 ± 1.3 bpm at 50 W and to 113.5 ± 1.2 bpm at 100 W. At the same time SV 

increased from 83.7 ± 2.3 to 113.5 ± 1.8 mL and 128.4 ± 2.6 mL resulting in an increase in CO 

from 6.49 ± 0.18 to 11.79 ± 0.22 L/min at 50 W and even further to 14.47 ± 0.24 L/min at 100 

W. Total peripheral resistance decreased from 1106 ± 41 to 685.6 ± 16.8 dyne s cm-5 at 50 W 

and further down to 559.2 ± 14 dyne s cm-5. The time constant τ(CO) at 50 W exercise was 6.35 

± 4.19 s and 12.81 ± 1.67 s at 100 W. Only a small number of subjects were tested in this study 

and no female subjects participated. No time response for HR, SV or TPR was presented. 

 

Koga et al. (1996) investigated the kinetics of oxygen uptake and cardiac output at onset of arm 

and leg exercise in 5 healthy male subjects. Impedance Cardiography was used to measure CO 

and exercise was performed with an ergometer at different intensities. Steady state changes were 

reported at 25, 50, 100 and 150 W for HR and oxygen uptake. Transient time response was 

reported at 38 W of leg and arm exercise respectively. At the steady state level HR increased 

between 10 and 20 bpm at the different exercise intensities. Time constant τ of HR increased 

with exercise intensity from 7 ± 2 s (25 W) to 16 ± 5 s (50 W) to 26 ± 5 s (100 W) and 34 ± 3 s 

(150 W) with leg exercise. The response of arm exercise was slower with 12 ± 6 s (25 W) and 

30 ± 7 s (50 W). No time response for CO or SV was presented and only a small number of male 

subjects participated in this study. Female participants were absent.  

 

The rapid increase in CO at the onset of exercise was the result of a number of regulatory 

mechanisms. When the subjects started exercising, a strong and prompt decrease in TPR took 

place, with subsequent dramatic and rapid increase in muscle or limb blood flow (Ferretti et al. 

1995; Toska & Eriksen 1994). Reasons for the decrease in TPR can be vasodilation (Laughlin et 

al. 1996) and / or muscle pump action (Sheriff et al. 1993). The immediate effect of this change 

in TPR was a sudden, transient drop in Mean Arterial Pressure (MAP) (Lador et al. 2006). This 

fall in MAP cannot be corrected for by an increase in HR induced by the baroreflex, because 

mean values of MAP are at or outside the margins of the operational baroreflex range. Correction 

of MAP requires the resetting of baroreflexes (Lador et al. 2006). This can be driven either by 



PhD Thesis 66 Jo Philipp Pauls 

changes in TPR (Ogoh et al. 2003) or by afferent inputs from skeletal muscle receptors (Potts & 

Mitchell 1998) or eventually anticipated by a kind of ‘central command’ mechanism (Gallagher 

et al. 2001). The sudden step increase in HR at the onset of exercise can be explained with a 

withdrawal of the vagal drive to the heart (Fagraeus & Linnarsson 1976). The increase in SV can 

be explained by muscle and / or diaphragmatic pump action which may lead to a sudden increase 

in venous return, subsequently increasing SV due to the Frank-Starling mechanism (Lador et al. 

2006).  

 

The steady state and transient response of the circulatory system to exercise has been 

investigated previously, however investigations of kinetics mostly focussed on oxygen uptake 

response. Studies presenting response times of CO and HR were small in sample size and female 

participants were absent from those studies. Kinetics of SVR response are needed to improve 

exercise simulations in a mock circulation loop. 

2.2.2 Continuous Monitoring of Human Response 
Section 1.2.10 presented the need to further investigate the response of the native heart and 

circulatory system to changes in patient state. In order to investigate the transient response of the 

native heart and circulatory system, haemodynamic variables (e.g. heart rate, cardiac output, 

stroke volume and systemic vascular resistance) need to be monitored and recorded continuously 

beat-by-beat. An ideal system for cardiac output monitoring should be non-invasive, accurate, 

reliable, continuous and easy to use (Mathews & Singh 2008). Continuous non-invasive 

monitoring of heart rate can be achieved through electrocardiography (ECG); however methods 

for cardiac output monitoring can be divided into three categories: invasive (e.g. Thermodilution 

Catheter, Fick Method), minimally invasive (Transpulmonary Thermodilution), and non-invasive 

(Doppler Ultrasound, Impedance Cardiography) (Mathews & Singh 2008; Lavdaniti 2008).  

 

The Fick method is considered the most accurate method available to evaluate patients with low 

cardiac output (Ultman & Bursztein 1981; Mathews & Singh 2008). It is based on a principle 

described by Adolfo Fick in 1870 which states that the product of the blood flow through an 

organ and the arteriovenous concentration difference of a substance is equal to the total uptake or 

release of that substance (Mathews & Singh 2008; Lavdaniti 2008). This means that the oxygen 
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uptake in the lungs is the product of the blood flow through the lungs and the arteriovenous 

oxygen content difference. Cardiac output can then be calculated using Eq. 2-1: 

 𝐶𝐶𝐶𝐶 =
VO2

𝐶𝐶𝐶𝐶𝐶𝐶2 − 𝐶𝐶𝐶𝐶𝐶𝐶2
 (2-1) 

where CO represents cardiac output, VO2 the oxygen consumption by the lungs, CaO2 the 

oxygen content of the arterial blood and CvO2 the oxygen content of mixed venous blood 

(Mathews & Singh 2008). The arteriovenous oxygen difference was measured using a 

pulmonary artery catheter. However invasive measurement of CO is not desired for this project. 

 

Utilizing Doppler Ultrasound is a non-invasive method for CO monitoring, but it requires a 

specially trained person to handle the device and the ultrasonic probe needs to be positioned 

perfectly at all times to allow for continuous CO monitoring. Since evaluation of time response 

of the native heart and circulatory system during various patient states including postural 

changes and exercise is desired, this method is not suitable either. This leaves Impedance 

Cardiography (ICG), a non-invasive, continuous, and easy to use method. Compared to Doppler 

Ultrasound, it does not require a specially trained person to handle the device. Furthermore HR is 

monitored continuously by ICG at the same time, thus only one device is needed. 

 

ICG is also referred to as Thoracic Electrical Bioimpedance (TEB) and Electrical Impedance 

Plethysmography (EIP). It measures electrical resistance changes through the thorax during 

changes in aortic blood volume during systole and diastole. Continuous measurement of these 

impedance changes makes it possible to measure, calculate and continuously monitor SV, CO, 

myocardial contractility and total thoracic fluid status (Mathews & Singh 2008). The Physio 

Flow (Physio Flow Lab1, Manatec Biomedical, France) device utilizes ICG and has been 

validated against the Fick method to measure CO in various patient states (Hofer et al. 2007; 

Charloux et al. 2000; Richard et al. 2001). The Physio Flow uses six electrodes placed on the 

chest and neck, to measure electrical impedance changes in the thorax and to monitor heart rate. 

During calibration of the device, the diastolic and systolic blood pressure is entered into the 

device software along with subject’s height and weight. 
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Invasive measurement of CO during haemodynamic assessment of postural changes and exercise 

is benchmark testing, however ICG using the Physio Flow device has been validated against 

other CO measurement methods (Thermodilution, direct and continuous Fick method, CO2 

rebreathing and Pulse Contour Analysis) at rest and exercise in both healthy subjects and HF 

patients (Charloux et al. 2000; Richard et al. 2001; Tordi et al. 2004; Kemps et al. 2008; 

Siebenmann et al. 2015; Tonelli et al. 2011; Tonelli et al. 2013). Other groups have used ICG 

during exercise and head-up tilt experiments with both healthy subjects and HF patients (Gayda 

et al. 2012; Bellard et al. 2005; Zaidi et al. 2000) (Koga et al. 1996). Additionally, right heart 

catheterization, being an invasive investigation has associated inherent risk such as haematoma 

at puncture site, vagal reaction with bradycardia and hypotension, pneumothorax, ventricular 

tachycardia and a risk of cardiac perforation (Hoeper et al. 2006; Connors et al. 1996). ICG with 

the Physio Flow device is a non-invasive method to monitor HR, CO, SV and SVR, thus 

eliminating these risks to potential study participants. 

2.2.3 Summary 
The response of the circulatory system to active stand up and exercise has been investigated 

previously, however an active postural change from a standing to a supine position has not been 

investigated. The initial time response to active stand up was presented in the literature, however 

settling times were not calculated. The steady state and transient response of the circulatory 

system to exercise has been investigated previously, however investigations of kinetics mostly 

focussed on oxygen uptake response. Studies presenting response times of CO and HR were 

small in sample size and female participants were absent from those studies. Kinetics of HR, CO 

and SVR response are needed to improve exercise simulations in a mock circulation loop. 

2.3 Methods 

2.3.1 Subjects 
Fifty healthy subjects, 27 male (mean ± SD age 26.4 ± 6.5 years, height 179 ± 4 cm, body mass 

76.3 ± 8.3 kg) and 23 female (mean ± SD age 26.9 ± 5.6 years, height 164 ± 5 cm, body mass 

58.5 ± 9.4 kg), volunteered for this study. Prior to giving their informed consent to be part of this 

study the experimental procedures and risks were explained to each subject. All subjects were 

non-smokers and did not suffer from any known cardiovascular, pulmonary or metabolic 
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diseases. The study was approved by the Human Research Ethics Committee of The Prince 

Charles Hospital, Chermside, Australia (HREC/13/QPCH/194) and Griffith University, 

Southport, Australia (ENG/05/14/HREC). 

2.3.2 Haemodynamic Monitoring 
Throughout the experiments HR, CO, SV and SVR were continuously monitored and recorded 

using Impedance Cardiography (Physio Flow Lab1, Manatec Biomedical, France) (Charloux et 

al. 2000; Richard et al. 2001), which uses changes in transthoracic impedance during cardiac 

ejection to calculate SV, CO and SVR while HR is being measured directly. Two sets of 

Ag/AgCl electrodes (Skintact FS-50, Leonhard Lang GmbH, Austria), were applied on each 

subject at the left base of the neck (above the supraclavicular fossa) and along the xiphoid 

process. A third pair of electrodes was used to monitor a single ECG signal (Figure 2-2). The 

sites of electrode placement were shaved and cleaned using a mild abrasive gel (NuPrep Skin 

Prepping Gel, Weaver and Company, USA) and skin cleansing swab (70% Isopropyl Alcohol 

Swab, Briemar Nominess Pty Ltd., Australia) to improve conductivity and achieve best possible 

signal quality. Before auto-calibration of the Physio Flow the signal quality was assessed by 

visualization of the ECG signal and its first derivative (dECG/dt) as well as the impedance 

waveform (ΔZ) and its first derivative (dZ/dt) (Charloux et al. 2000) and the subjects age, height, 

body mass and systolic/diastolic blood pressure (BP) was entered into the Physio Flow software 

(Physio Flow software V2.6.4, Manatec Biomedical, France). BP was measured from the 

brachial artery using an automated sphygmomanometer (Digital Blood Pressure monitor, UA-

767, ADInstruments Ltd., UK). The Physio Flow was calibrated over 30 cardiac cycles, during 

which the subject was relaxed and immobile. BP measurements were repeated prior to each 

experiment and systolic/diastolic BP values were updated in the Physio Flow software. SV, CO, 

HR and SVR data was recorded heart beat to heart beat in order to achieve the highest possible 

resolution during continuous data collection. Examples of waveforms obtained by the Physio 

Flow device can be seen in Figure 2-2 and the Physio Flow methodology is described in depth in 

Appendix A. 
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Figure 2-2: Physio Flow device electrode positioning. Z1 and Z3 = transmitting electrodes; Z2 and Z4 = 
sensing electrodes; ECG1 and ECG2 = ECG monitoring electrodes (left). Waveforms obtained with the 

Physio Flow device (right) (Bougault et al. 2005) 

2.3.3 Haemodynamic Assessment 
Two experiments were conducted to simulate real life changes in patient state; an active postural 

change from a supine to a standing position (e.g. simulating getting out of bed), and lying back 

down from a standing to a supine position (e.g. simulating getting in to bed) and transition from 

rest to exercise using a recumbent exercise ergometer. The experiments took place in an air-

conditioned room with the room temperature set between 22 and 24 °C. All equipment used 

during haemodynamic assessment was explained to the subjects prior to the study and subjects 

were fully familiarised with the recumbent exercise ergometer. 

2.3.3.1 Active Postural Change Protocol 

Active postural change experiments consisted of two stages: 1) active changes in posture from a 

supine to a standing upright position, and 2) lying down from a standing upright position to a 

supine position. Prior to each active postural change experiment the subjects were asked to lie 

down on a massage table and relax for 5 minutes prior to the start of the active postural change 

(Figure 2-3 A). Following the 5 minute rest period, subjects were instructed to stand up in a 

normal fluid motion, and to stand upright for 2 min (Figure 2-3 B). After the 2 min standing 

period subjects were told to lie back down again in a normal fluid motion and remain in a relaxed 

supine position. Standing up and lying down was accomplished in 2 - 3 s and initiated on verbal 
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command. Following some rest in the supine position for 5 min the active postural change was 

repeated twice more for a total of three active postural changes for each subject. 

 
Figure 2-3: A study participant is shown in a supine position (A) and an upright position (B) during active 

postural changes.  

2.3.3.2 Exercise Protocol 

Following the active postural changes the subjects were asked to position themselves on an 

electronically braked, recumbent exercise ergometer (Recumbent Bike R2850 HRT, Johnsen 

Health Tech. GmbH, Germany) (Figure 2-4). Subjects were asked to remain in an upright seated 

position on the ergometer for 5 min prior to start of the exercise experiment to allow 

haemodynamics to settle in this new position. The start of the exercise was initiated by verbal 

command, and subjects would start cycling at a constant revolution (between 60 - 70 rpm) 

against a resistance that produced a power output of 60 W for the first 2 min of the experiment. 

After 2 min, resistance was increased to achieve a power output of 90 W or 120 W for female or 

male subjects, respectively, for further 2 min for a total cycling duration of 4 min. Different 

resistance where chosen for male and female subjects during the second stage of the exercise 

experiment, in order to avoid anaerobic exercise states. First experiments showed that most 

female subjects were not able to maintain 120 W over the duration of 2 min without reaching the 

anaerobic exercise zone, where haemodynamics would not settle at a new steady state. In 

contrast, an increase from 60 W to 90 W did not result in large enough haemodynamic changes 

in male subjects. Experiments were repeated a total of three times with each subject. Between 

experiments the subjects recovered until haemodynamics stabilised. 
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Figure 2-4: A study participant is shown on the recumbent exercise ergometer during exercise experiments. 

2.3.4 Data Analysis 
Data was collected through Physio Flow software (V2.6.4, Manatec Biomedical, Paris France) 

and exported to Microsoft Excel (Microsoft Excel 2010, Microsoft, Redmond, USA) for further 

post-processing with Matlab (Matlab 2013b, Mathworks, USA) and Prism (GraphPad Prism 6, 

GraphPad Software Inc., La Jolla, CA, USA). 

 

For evaluation of the steady state response of the healthy native heart to active postural changes, 

HR, SV, CO and SVR was calculated at rest (in supine position) and in a standing upright 

position after haemodynamics were settled following the change in posture. Furthermore, the 

maximum peaks (HR, SV and CO) and minimum peak (SVR) were calculated during the early 

response when standing up and lying down. The Physio Flow device calculated SVR in 

dyne s cm-5. The unit dyne s cm-5 is not an SI unit, but is widely used among clinicians to 

measure vascular resistance (1 dyne s cm-5 equals 105 Pa s m-3), thus the unit dyne s cm-5 will be 

used for resistance throughout this thesis. 

 

In order to quantify the time response of the native heart to active postural changes, early 

response times (te) when standing up and lying down as well as settling times (ts) after standing 

up and lying down were calculated (Figure 2-5). During the initial phase of an active postural 

change, HR and CO increased and SVR decreased, before settling at a steady state level. In this 
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study not all subjects presented a true first peak, described previously in literature (Borst et al. 

1982; Dambrink & Wieling 1987), thus te was defined as the time from start of the change in 

posture (either standing up or lying down) until HR, CO and SV reached a maximum peak after 

the first initial increase followed by the more gradual increase in haemodynamics, similar to 

peak c previously described by Borst et al. (1982). Similar te was calculated for SVR as the time 

until SVR reached the minimum peak. The time required for the circulatory system to settle HR, 

CO, SV and SVR within a range of 5% of new settled value following the change in posture was 

defined as ts. 

 
Figure 2-5: Early response time te and settling time ts during active change in posture 

 

Mean HR, CO, SV and SVR were calculated at rest in a sitting upright position (when positioned 

on the recumbent exercise ergometer) and when settled at 60 W and 90 W (female subjects) / 

120 W (male subjects) to quantify the steady state response to exercise. The Physio Flow device 

calculated systemic vascular resistance in dyne s cm-5. This unit for resistance is still widely used 

by clinicians and will be used throughout this thesis as a measurement for vascular resistances. 

One dyne s cm-5 equals 105 Pa s m-3 in SI units. 

 

In previous studies transient kinetics have been described by a single term exponential and a time 

constant τ was calculated (Ozyener et al. 2001; Lador et al. 2006). In order to evaluate the time 

response of the native heart to exercise a monoexponential equation using nonlinear least-squares 

regression (GraphPad Prism 6, GraphPad Software Inc., La Jolla, CA, USA) was used to 
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describe the time course of HR, CO, SV and SVR response during exercise at 60 W and 90 W 

(female subjects) and 120 W (male subjects) and to calculate the time constant τ as the time it 

took HR, CO, SV and SVR to reach 63.2% of its final value (Eq. 2-1 to 2-4): 

 

 𝐶𝐶𝐶𝐶(𝐻𝐻) = 𝐶𝐶𝐶𝐶𝐵𝐵𝐵𝐵 + 𝐶𝐶𝐶𝐶𝐴𝐴 ∗ (1 − 𝑒𝑒−(𝑡𝑡−𝛿𝛿)/𝜏𝜏) (2-1) 

 𝐻𝐻𝐻𝐻(𝐻𝐻) = 𝐻𝐻𝐻𝐻𝐵𝐵𝐵𝐵 + 𝐻𝐻𝐻𝐻𝐴𝐴 ∗ (1 − 𝑒𝑒−(𝑡𝑡−𝛿𝛿)/𝜏𝜏) (2-2) 

 𝑆𝑆𝑆𝑆(𝐻𝐻) = 𝑆𝑆𝑆𝑆𝐵𝐵𝐵𝐵 + 𝑆𝑆𝑆𝑆𝐴𝐴 ∗ (1 − 𝑒𝑒−(𝑡𝑡−𝛿𝛿)/𝜏𝜏) (2-3) 

 𝑆𝑆𝑆𝑆𝐻𝐻(𝐻𝐻) = 𝑆𝑆𝑆𝑆𝐻𝐻𝐵𝐵𝐵𝐵 + 𝑆𝑆𝑆𝑆𝐻𝐻𝐴𝐴 ∗ (1 − 𝑒𝑒−(𝑡𝑡−𝛿𝛿)/𝜏𝜏) (2-4) 

where BL is the baseline, A is the amplitude and δ the delay. Due to beat-by-beat data collection 

by the Physio Flow device the sampling frequency of data was uneven. To calculate τ the 

sampling frequency needed to be even, thus a linear interpolation was performed in Matlab to an 

even sampling frequency of 0.1 Hz. In addition rise times tr at 60 W, 90 W (female subjects) and 

120 W (male subjects) were calculated as the time required for HR, CO, SV and SVR to initially 

rise from baseline to 90% of its settled value, irrespective of future oscillations (Figure 2-6) 

(Ogata 1970).  

 
Figure 2-6: Transient response analysis during exercise 
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Outliers were not removed from data analysis. During discussions with clinicians at the Prince 

Charles Hospital, Brisbane and The Alfred Hospital, Melbourne it was mentioned that 

haemodynamic response in human may highly vary between subjects and it was advised to keep 

outliers in the data analysis. 

2.3.5 Statistical Analysis 
Statistical analysis was performed using IBM SPSS statistics software (SPSS Statistics V22, 

IBM, New York, USA). Independent (unpaired) t-tests were used to evaluate differences 

between means in HR, CO, SV and SVR (dependent variable) of female and male subjects 

(independent variable). Dependent (paired) t-tests were used to investigate differences of te and ts 

between standing up and lying down, τ and tr between 60 W exercise and 90 W (female subjects) 

or 120 W (male subjects). One-way ANOVA analyses were used to compare time responses of 

HR, SV, CO and SVR and to evaluate potential differences in time response. Prior to statistical 

analysis the data was evaluated for equality of variances by running a Levene’s test. In cases 

where equality of variances was found independent, dependent or one-way ANOVA analysis 

was performed. All data were presented as means ± standard deviation (SD). P values of < 0.05 

were considered significant. 

2.4 Results 

2.4.1 Physio Flow Calibration 
Results obtained during calibration (mean ± SD) from the Physio Flow device in a sitting upright 

position are presented in Table 2-1. 

 
Table 2-1: Overview calibration results Physio Flow device, data presented as means ± standard deviation. * 

indicates significant differences between male and female subjects (p < 0.05) 
 

 Age Height Weight SV HR CO SVR 

 Years cm kg ml bpm L/min dyne s cm-5 

Male 26.4 179 76.3 87 65 5.6 1314 

n = 27 ± 6.5 ± 4 ± 8.3 ± 30 ± 10 ± 1.5 ± 202 

Female 26.9 164 58.5 69 71 4.9 1366 

n = 23 ± 5.6 ± 5 ± 9.4 ± 15* ± 11 ± 0.7* ± 158 
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Male and female subjects were of similar age (approx. 26 years). There was a statistically 

significant difference in SV and CO between male and female subjects (p < 0.05). In female 

subjects SV (by 18 mL) and CO (by 0.7 L/min) were lower when compared to the male subjects. 

Differences in HR and SVR between male and female subjects were not significant (p > 0.05). 

2.4.2 Active Postural Changes 
Steady state and time course results during active changes in posture from a supine to a standing 

upright position and back to a supine position are presented in the following sections. 

2.4.2.1 Steady State Results 

Exemplary traces of HR, CO, SV and SVR during active postural changes from a supine to a 

standing position and back to a supine position are shown in Figure 2-7.  

A  B  

C  D  
Figure 2-7: Heart Rate (HR) (A), Cardiac Output (CO) (B), Stroke Volume (SV) (C) and Systemic Vascular 

Resistance (SVR) (D) vs Time during active postural change from a supine to a standing position and back to 
a supine position. 
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Steady state results of HR, CO, SV and SVR at rest in a supine and standing upright position are 

presented in Table 2-2. In both positions SV and CO were significant lower between 17 and 

20 mL and by 1 L/min respectively in female subjects when compared to male subjects (p < 

0.05). Systemic vascular resistance was significant higher (by 175 dyne s cm-5) in female 

subjects in a supine position when compared to male subjects (p < 0.05), however there was no 

significant difference in SVR between male and female subjects when standing (p > 0.05). No 

significant differences in HR between male and female subjects in supine or standing position 

were found (p > 0.05). 

 

Results of dependent t-tests presented that HR and CO were significantly increased in the 

standing position when compared to the supine position in both male and female subjects 

(p < 0.05). Heart rate increased by 16 and 17 bpm in male and female subjects respectively, 

while CO increased by 0.9 L/min in both male and female subjects. SVR was significantly 

decreased in both male (by 174 dyne s cm-5) and female (by 259 dyne s cm-5) subjects in the 

standing position when compared to the supine position (p < 0.05). SV did decrease when 

standing upright; however this decrease was not significant (p > 0.05). Haemodynamics would 

settle at similar levels at a supine position following each period of active standing. 

 
Table 2-2: Steady State Results - Active Postural Change * indicates significant differences between male and 

female subjects (p < 0.05), † indicates significant differences between the supine and the standing position 
 

 Supine Position at Rest Standing Upright at Rest 

 HR CO SV SVR HR CO SV SVR 

 bpm L/min mL dyne s cm-5 bpm L/min mL dyne s cm-5 

Male 61 5.7 94 1220 77 6.6 87 1046 

n = 27 ± 7 ± 1.0 ± 19 ± 203 ± 11† ± 1.1† ± 13† ± 187 

Female 64 4.7 74 1395 81 5.6 70 1136 

n = 23 ± 8 ± 0.9* ±16† ± 347* ± 12† ± 0.9*† ± 14*† ± 167 

2.4.2.2 Time Response 

The initial cardiovascular response to active stand up was to abruptly increase HR, CO and SV 

(Figure 2-6 A-C) with te between 5.8 and 11.7 s (Table 2-3). After reaching a maximum peak 

HR, CO and SV decreased before settling after ts of between 27.2 and 53.6 s (Table 2-4). SVR 

follows a similar response, but instead of increasing initially SVR decreased (Figure 2-6 D) with 
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te of 8.8 ± 2.4 s (male subjects) and 9.7 ± 2.0 s (female subjects) (Table 2-3). After reaching a 

minimum peak, SVR increased and settled after 56.7 ± 17.0 s in male subjects and after 52.1 ± 

14.7 s in female subjects (Table 2-4). The circulatory response to lying down was similar when 

compared to standing up. The initial increase in haemodynamics happened within te of 4.6 - 5.8 s 

(Table 2-3) before settling after ts of 46.3 - 66.5 s (Table 2-4). 

 
Table 2-3: Early response times (te) during stand up and lying down for heart rate (HR), cardiac output (CO), 
stroke volume (SV) and systemic vascular resistance (SVR). * indicates a significant difference between HR, 
CO, SV and SVR (p < 0.05), † indicates a significant difference between te during stand up and lying down 

 
 te (s) - Stand Up te (s) - Lying Down 

 HR CO SV SVR HR CO SV SVR 

Male 11.7 9.0 5.8 8.8 5.7 4.7 4.6 5.6 

n = 27 ± 2.3 ± 2.5 ± 6.1* ± 2.4 ± 2.9† ± 1.6† ± 2.1 ± 3.5† 

Female 10.9 9.7 7.0 9.7 5.0 5.1 5.8 5.0 

n = 23 ± 1.6 ± 2.3 ± 3.4* ± 2.0 ± 2.2† ± 3.0† ± 3.4 ± 2.0† 

 
Table 2-4: Peaks in heart rate (HR), cardiac output (CO), stroke volume (SV) and systemic vascular 

resistance (SVR) during active stand up and lying down. * indicates significant differences between male and 
female subjects (p < 0.05) 

 
 Peaks - Stand Up Peaks - Lying Down 

 HR CO SV SVR HR CO SV SVR 

 bpm L/min mL dyne s cm-5 bpm L/min mL dyne s cm-5 

Male 93 9.3 109.4 749 94 9.6 114.8 736.9 

n = 27 ± 11 ± 1.8 ± 21.7 ± 167 ± 9 ± 2.4 ± 30.4 ± 156.8 

Female 95 7.6 87.2 849 97 7.7 90.1 845.5 

n = 23 ± 9 ± 1.4* ±  21.1* ± 147* ± 9 ± 1.5* ± 23.5* ± 143.7* 

 

Independent t-test results presented no significant differences in te and ts between male and 

female subjects during both active changes in posture (standing up and lying down) (p > 0.05). 

During stand up te and ts of SV in both male and female subjects was significant shorter than te 

and ts of HR, CO and SVR (p < 0.05). Differences between te and ts of HR, CO and SVR were 

not significant (p > 0.05). In contrast when lying down a one-way ANOVA presented no 

significant differences in te and ts of HR, CO, SV and SVR in both male and female subjects 

(p > 0.05). 
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A dependent t-test presented that te of HR, CO and SVR was significantly longer (between 3.2 

and 6.0 s) during standing up when compared to lying down in both male and female subjects 

(p < 0.05). The difference in te of SV of 1.2 s was found to be not significant in both male and 

female subjects (p > 0.05). Settling time ts was significant longer during lying down when 

compared to standing up in both male and female subjects for SV and in female subjects for SVR 

(p < 0.05). Differences in all other ts were not significant (p > 0.05).  

 

Corresponding peak values of HR, CO, SV and SVR of the initial cardiovascular response during 

active stand up is presented in Table 2-5. During active postural changes from a supine to a 

standing position and back to a supine position, peaks in CO and SV were significant higher and 

in SVR significant lower in male subjects than in female subjects (p < 0.05). There was no 

significant difference in HR peaks between male and female subjects (p > 0.05). Differences in 

peaks between standing up and lying down for HR, CO, SV and SVR in both male and female 

subjects were not significant (p < 0.05). 

 
Table 2-5: Settling times (ts) during stand up and lying down for heart rate (HR), cardiac output (CO), stroke 
volume (SV) and systemic vascular resistance (SVR). * indicates a significant difference between HR, CO, SV 

and SVR (p < 0.05), † indicates a significant difference between ts during stand up and lying down 
 

 ts (s) - Stand Up ts (s) - Lying Down 

 HR CO SV SVR HR CO SV SVR 

Male 53.6 52.5 31.3 56.7 52.7 55.9 63.5 66.5 

n = 27 ± 21.0 ± 19.9 ± 9.2* ± 17.0 ± 19.7 ± 16.5 ± 15.7† ± 14.8 

Female 50.2 50.0 27.2 52.1 46.3 58.2 61.2 65.3 

n = 23 ± 17.9 ± 20.6 ± 12.0* ± 14.7 ± 22.5 ± 17.4 ± 14.5† ± 16.3† 

2.4.3 Exercise 
Exemplary traces of HR ,CO, SV and SVR during transition from rest to exercise at 60 W and 

transition from 60 W to 120 W (male subject) are shown in Figure 2-8. 
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A  B  

C  D  
Figure 2-8: Heart Rate (HR) (A), Cardiac Output (CO) (B), Stroke Volume (SV) (C) and Systemic Vascular 

Resistance (SVR) (D) vs Time during transition from rest to exercise at 60 W and 120 W. 
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Table 2-6: Steady state results of heart rate (HR), cardiac output (CO), stroke volume (SV) and systemic vascular resistance (SVR) at rest, 60 W and 90 
W (female) or 120 W (male) exercise. * indicates significant differences between male and female subjects (p < 0.05), † indicates a significant difference 

between rest and exercise (p < 0.05) 
 Rest Exercise at 60 W Exercise at 90 W (F) / 120 W (M) 

 HR CO SV SVR HR CO SV SVR HR CO SV SVR 

 bpm L/min mL dyne s cm-5 bpm L/min mL dyne.s.cm-5 bpm L/min mL dyne.s.cm-5 

Male 72 6.1 86 1136 99 9.9 101 692 122 13.5 111 515 

n = 27 ± 13 ± 0.9 ± 12 ± 163 ± 13† ± 1.4† ± 15† ± 121† ± 17† ± 2.3† ± 19† ± 104† 

Female 76 5.4 73 1204 114 10.1 90 637 136 12.7 95 505 

n = 23 ± 13 ± 1* ±16* ± 234 ± 12*† ± 2† ± 23† ± 109† ± 16† ± 2.5† ± 23† ± 83† 

 
Table 2-7: Time constant τ and rise time (tr) at 60 W exercise for heart rate (HR), cardiac output (CO), stroke volume (SV) and systemic vascular 

resistance (SVR). * indicates significant differences between male and female subjects (p < 0.05), † indicates a significant difference between HR, CO, 
SV and SVR (p < 0.05) 

 τ (s) tr (s) 

 HR CO SV SVR HR CO SV SVR 

Male 10.6 14.1 19.3 9.6 24.7 29.8 32.4 25.3 

n = 27 ± 11.5 ± 11.9 ± 15.1† ± 8.5 ± 16.8 ± 17.7 19.8 ± 17.1 

Female 16.4 17 17.0 8.8 44.3 41.2 32.7 30.6 

n = 23 ± 11.2 ± 6.1 ± 9.2 ± 4.3† ± 19.3*† ± 16.2 ± 19.0 ± 13.3 

 
Table 2-8: Time constant τ and rise time (tr) at 90 W (females) and 120 W (males) exercise for heart rate (HR), cardiac output (CO), stroke volume (SV) 

and systemic vascular resistance (SVR). † indicates a significant difference between HR, CO, SV and SVR (p < 0.05) 
 τ (s) tr (s) 

 HR CO SV SVR HR CO SV SVR 

Male 30.4 31.4 25.8 24.9 61.9 52.0 35.9 48.4 

n = 27 ± 8.5 ± 13.1 ± 15.5 ± 10.9 ± 11.9 ± 16.2 ± 20.8† ± 16.1 

Female 31.4 27.0 21.3 22.8 60.6 47.5 36.6 46.3 

n = 23 ± 7.2† ± 8.0 ± 13.3 ± 7.3 ± 12.0† ± 14.8 ± 20.3 ± 14.5 
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Corresponding steady state values of HR, CO, SV and SVR at rest (in a sitting upright position 

on the recumbent exercise ergometer), during exercise at 60 W and 90 W (female subjects) or 

120 W (male subjects) are presented in Table 2-6. 

 

Independent t-test results presented significant higher SV (by 13 mL) and significant higher CO 

(by 0.7 L/min) in male subjects at rest in a sitting upright position when compared to female 

subjects (p < 0.05). Differences in HR and SVR were not significant (p > 0.05). In exercise at 

60 W heart rate was significant higher (by 15 bpm) in female subjects when compared to male 

subjects (p < 0.05). No significant differences in SV, CO and SVR were found between male and 

female subjects during exercise at 60 W (p > 0.05). No statistical analysis was performed 

comparing the results of male and female subjects at the highest exercise intensity levels, as 

those levels were different between the two genders. 

For both male and female subjects changes in HR, CO, SV and SVR were significant different 

from rest to exercise at 60 W and from exercise at 60 W to exercise at 90 W (female) or 120 W 

(male) (p < 0.05). 

 

At the onset of aerobic exercise at 60 W HR, CO, SV and SVR increased and corresponding τ 

and tr for HR, CO, SV and SVR are presented in Table 2-7. On average the circulatory system 

exhibited τ between 8.8 and 19.3 s and tr between 24.7 and 44.3 s. Independent t-tests results 

presented that HR tr in male subjects at 60 W exercise was significant shorter (by 19.6 s) than 

HR tr in female subjects (p < 0.05). Differences in τ of HR, CO, SV and SVR and tr of CO, SV 

and SVR at 60 W exercise were not significant between male and female subjects (p < 0.05). 

One way ANOVA presented significant shorter τ of SVR when compared to HR, CO and SV 

and significant longer tr of HR when compared to SV and SVR at exercise of 60 W in female 

subjects (p < 0.05). In male subjects τ of SVR was significant shorter when compared to SV at 

60 W exercise (p < 0.05).  

 

After an increase in exercise resistance to 90 W (female subjects) or 120 W (male subjects) HR, 

CO, SV and SVR increased further and corresponding τ and tr for HR, CO, SV and SVR are 

presented in Table 2-8. On average the cardiovascular systems exhibited τ between 21.3 and 

31.4 s and tr between 35.9 and 61.9 s. 
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In female subjects τ and tr of HR was significant longer than SV and SVR (τ) and CO, SV and 

SVR (tr) at 90 W exercise (p < 0.05). In male subjects tr (SV) at 120 W exercise was significant 

shorter than tr (HR, CO and SVR) (p < 0.05). Furthermore tr (SVR) was significant shorter than 

tr (HR) at 120 W exercise in male subjects (p < 0.05). 

 

Dependent t-test results presented, that in male subjects τ and tr of HR, CO and SV were 

significantly longer (between 15.3 and 19.8 s) at 120 W than at 60 W (p < 0.05). Differences in τ 

and tr of SVR were not significant between exercise at 60 W and 120 W in male subjects 

(p < 0.05). In female subjects τ (of HR, CO and SVR) and tr (of HR and SVR) were significantly 

longer at exercise of 90 W than at 60 W exercise (p < 0.05). No significant differences in τ (of 

SV) and tr (of CO and SV) were found in female subjects between the two exercise intensities 

(p < 0.05). 

2.5 Discussion 
Steady state results in different positions (e.g. supine position, sitting and standing upright 

position) showed that both Stroke Volume (SV) and Cardiac Output (CO) were significant 

higher in male subjects when compared to female subjects (p < 0.05). These differences between 

male and female subjects can be a function of smaller heart size and smaller blood volume in 

females (National Center for Chronic Disease Prevention and Health Promotion CDC 1999). 

2.5.1 Active Postural Changes 
During the initial response of the circulatory system to an active postural change HR was 

reported to increase rapidly to a first peak within 2 to 3 s, decrease to a low around 5 s and 

further increase to a second peak within 12 - 13 s (Borst et al. 1982; Dambrink & Wieling 1987; 

Tanaka et al. 1996; Delgado et al. 2014), however the first initial peak was absent in some 

studies (Delgado et al. 2014). In this project a similar HR response when compared to the 

literature was found, as HR increased to a second peak after 11 to 12 s in both male and female 

subjects. At the same time CO reportedly increased to a maximum within 7 - 9.5 s following 

active stand up increasing between 24% and 37% (Sprangers et al. 1991; Tanaka et al. 1996). 

Total peripheral resistance decreased between 36 and 58% while stroke volume or stroke index 

decreased by 8% and 12% respectively (Sprangers et al. 1991; Tanaka et al. 1996). In this project 
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SVR decreased by 39% in both male and female subjects initially, similar to results reported in 

literature. However SV was found to increase by 16 - 17% initially which is in variance to the 

results reported by Sprangers et al. (1991). This resulted in an increase in CO by 61 - 63% in this 

study compared to the reported increase in CO of 24% by Sprangers et al. (1991). During the 

study by Sprangers et al. (1991) all interventions were performed during normal inspiration, 

which was facilitated by starting the interventions at end expiration, in order to avoid inadvertent 

Valsalva straining. In this study subjects performed postural changes on verbal commend, 

regardless of potential inadvertent Valsalva straining, which might have caused differences in 

results. A different method of stroke volume measurement was used by Sprangers et al. (1991) 

(pulse contour method) when compared to this study (Impedance Cardiography), which might 

also explain discrepancies in results. 

 

Initial response to active changes in posture from a standing to a supine position have not been 

reported yet. Results from this study showed a similar response of the circulatory system when 

lying down when compared to standing up, however early time response te of heart rate, cardiac 

output and systemic vascular resistance was shorter when actively lying down. 

 

Steady state results in a standing upright position following an active stand up resulted in an 

increase in Heart Rate (HR), Cardiac Output (CO) and Systemic Vascular Resistance (SVR) and 

a decrease in Stroke Volume (SV) in this study. Borst et al. (1982) and Dambring & Wieling 

(1986) also reported an increased HR after 60 or 120 s following an active postural change with 

similar reported values of HR change (6 - 23 bpm reported compared to 16 - 17 bmp found in 

this study). Tanaka et al. (1996) also reported increased HR after 3 min of standing and 

hypothesised that an increased HR during active standing might be explained on the basis of 

continuing positive chronotropic drive triggered by sustained muscular contraction of the legs. 

Sprangers et al. (1991) and Tanaka et al. (1996) furthermore reported a decreased SV and CO 

with increased TPR after 2 to 3 min of standing. In this study SV was found to be decreased 

when settled following the active stand up, however CO was found to be increased while SVR 

was found to be decreased. The discrepancy might be accounted for by different methods of SV 

and SVR determination. 
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2.5.2 Exercise 
Steady state results during rest and exercise at 60 W and 90 W (female) or 120 W (male) showed 

an increase in HR, SV and CO with increasing exercise intensity. At the same time SVR 

decreased with increasing exercise intensity. These results are in line with results presented by 

Lador et al. (2006). Even though exercise intensities are not the same, as subjects were 

exercising at 50 W and 100 W in the study presented by Lador et al. (2006), however percentage 

increases were quite similar. For example HR increased by 33 and 61% (Lador et al. 2006) 

compared to 38 and 69% in this study during the two step increases in exercise intensity.  

 

The time response τ of CO at 50 W was reported as 6.35 ± 4.19 s and 12.81 ± 1.67 s at 100 W 

(Lador et al. 2006). Koga et al. (1996) also found in increase in τ (CO) with an increase in 

exercise intensity, however τ was found to be longer at 50 W (16 ± 5 s) and 100 W (26 ± 5 s) 

when compared to Lador et al. (2006). In this study τ (CO) also increased with exercise intensity 

and values were similar to data presented by Koga et al. (1996), as τ was 14.1 ± 11.9 s at 60 W 

and 31.4 ± 13.1 s at 120 W in male subjects. Female subjects responded in τ of 17 ± 6.1 s (60 W) 

and 27.0 ± 8.0 s (90 W) in this study, however no female subjects participated in either study by 

Lador et al. (2006) or Koga et al. (1996). Koga et al. (1996) used Impedance Cardiography for 

CO measurement, similar to this study, thus variations to results found by Lador et al. (2006) 

might be due to measurement techniques, as the model flow method, applied off-line to the pulse 

pressure profiles was utilised by Lador et al. (2006) to determine SV and subsequently CO. 

 

The data found in this study was used to compare compliant inflow cannulae as a passive 

physiological control system and various active physiological controllers presented in literature 

with the response of the circulatory system (Chapter 5). In the process mock circulation loop test 

beds to simulate both exercise and active postural changes were improved.  

2.6 Limitations and Future Work 
One of the limitations of this study was that the gold standard for CO measurements was not 

used. The Fick method is considered to be the most accurate method for CO measurements, but it 

is also an invasive method, utilising a pulmonary artery catheter. The Impedance Cardiography 

method on the other hand as used with the Physio Flow device, is a non-invasive method for 
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haemodynamic assessment which has been validated against the Fick method in previous studies 

(Charloux et al. 2000; Siebenmann et al. 2015). It was therefore not necessary for this study to 

submit the subjects to the added risks of invasive CO measurements. Blood pressure was not 

continuously measured in each subject over the course of the experiments, which would have 

provided further information on the haemodynamic responses of the healthy heart and circulatory 

system. Continuous blood pressure measurements fed to the software of the Physio Flow device 

would have mitigated potential variations in SVR calculations caused by changes in blood 

pressure. To mitigate potential changes of Physio Flow results, blood pressure was measured 

before every experiment and updated manually in the Physio Flow software. The subjects of this 

study were not trained to avoid inadvertent Valsalva straining up active postural changes, which 

might explain some discrepancies discussed in the previous section. Furthermore, subjects were 

only tested on one experiment day, thus might have responded slightly different than normally, 

due to an unknown situation and environment. 

 

This study could be extended in the future to investigate the response of heart failure and heart 

transplant patients to changes in patient states, such as active postural changes or exercise. The 

Physio Flow device could be utilised for this work, but the exercise protocol would have to be 

adjusted, as HF patients would not be able to exercise at such high intensities. A 10 minute walk 

test under supervision of a nurse would be more suitable. These data could be used to further 

improve existing test environments for mechanical circulatory support devices, such as rotary 

blood pumps. It could also be used to improve validation test beds for physiological control 

systems. Investigating the response of heart failure patients supported by RBPs would complete 

this research, but Impedance Cardiography could not be utilised in these patients. Thus another 

method for CO measurement, potentially invasive, would need to be utilised. 

2.7  Conclusion 
This chapter aimed to investigate the steady state and time course response of the healthy native 

heart and circulatory system to haemodynamic changes occurring during daily activities (e.g. 

active postural change and exercise). In order to achieve this aim continuous data was 

successfully collected for heart rate, stroke volume, cardiac output and systemic vascular 

resistance during active changes in posture and exercise. The data showed how the healthy heart 
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and circulatory systems responds to changes in patient states and subsequently was used to 

evaluate the quality of physiological control systems and their ability to mimic the response of 

the healthy heart. Furthermore mock circulation loop test beds were improved to provide an 

improved platform for physiological controller development. The results of these experiments 

are shown in Chapter 5. 
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3 Compliant Inflow Cannula Development 
The literature review in Chapter 1 established that rotary Ventricular Assist Devices (VADs) are 

less preload sensitive when compared to the native heart and therefore are more susceptible to 

adverse events, like ventricular suction, when run at a constant speed. Active physiological 

control systems have been shown to increase preload sensitivity and prevent ventricular suction 

events; however both sensor based and sensorless approaches have disadvantages. Sensor 

implantation increases the risk of thrombus formation; they are prone to sensor measurement 

drift and they need regular calibration in-vivo, which can be difficult to perform (Saeed et al. 

2008; Fritz et al. 2010; Troughton et al. 2011a). Sensorless control strategies are more feasible as 

long-term implantation options but the inferred data can be unreliable due to mechanical issues 

such as blood clots or the build-up of endothelial cells along the inflow cannula of the VAD 

(Yamada et al. 2011).  
 

The significance of this chapter is the development of a passive physiological control system, in 

the form of compliant inflow cannulae for left and right VAD applications. This novel semi-

collapsible compliant inflow cannula design can overcome some of the limitations of active 

control strategies and may be beneficial in preventing ventricular suction events. Both in-vitro 

and in-vivo evaluation results have been published in peer-reviewed journals as part of studies 

comparing active and passive physiological control systems for biventricular assist devices 

(Pauls et al. 2016, Gregory et al. 2016). 

 
Figure 3-1: 3-D rendering of a compliant inflow cannula positioned inside the ventricle of the heart 

PRELOAD

Compliant IC  
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3.1 Aims 
This chapter describes the development of a novel compliant inflow cannula (IC). The aim was 

to improve preload sensitivity of rotary VADs and provide a passive physiological control 

system to prevent ventricular suction events. 

Key objectives included: 

• Initial design of a compliant IC prototype. 

• In-vitro evaluation of compliant IC for left and right ventricular assist device support 

with various degrees of left and right heart failure in a mock circulation loop. 

• Comparison of compliant IC with rigid IC as a control. 

• In-vivo validation of compliant IC designs. 

3.2 Methods 
During the course of this project the compliant IC prototypes were thoroughly evaluated both in-

vitro and in-vivo and development followed the structure outlined in Figure 3-2. Preliminary 

experiments were conducted prior to in-vitro evaluation of first prototypes in Stage I. Following 

the first animal trial the compliant IC designs were improved in Stage II to improve preload 

sensitivity and compliance. After the second animal trial final compliant IC prototypes were 

developed in Stage III and tested in-vivo. 

 
Figure 3-2: Flow chart of in-vitro and in-vivo development of compliant IC prototypes. PS - preload 

sensitivity 
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3.2.1 Compliant Inflow Cannulae Design and Manufacturing 

3.2.1.1 Preliminary Mock Circulation Loop Tests 

In order to estimate the necessary restriction of the compliant IC to prevent ventricular suction, 

initial Mock Circulation Loop (MCL) experiments were conducted using a rigid cannula and a 

pneumatic pinch valve (VMP015.04K.71, AKO Ltd., UK) representative of the LVAD inflow 

cannulae. A Severe Left Heart Failure (SLHF) condition was simulated in the MCL by reducing 

left ventricular contractility and the Frank-Starling response. A VentrAssist pump (VentrAssist, 

former Ventracor Ltd., Sydney, Australia) was used to restore haemodynamics to a flow rate of 

5 L/min. Pulmonary Vascular Resistance (PVR) was increased from 50 to 500 dyne s cm-5 in 

increments of 50 dyne s cm-5 to reduce LVAD preload, and the LVAD inflow cannula resistance 

was manipulated via the pinch valve to achieve left ventricular volumes between 120 and 60 mL, 

simulating collapse of the compliant inflow cannula with increase in PVR. The inflow cannula 

resistance (𝐻𝐻𝑖𝑖𝑖𝑖) in dyne s cm-5 was calculated using Eq. 3-1: 

 
𝐻𝐻𝑖𝑖𝑖𝑖 =  

(𝐿𝐿𝑆𝑆𝐿𝐿 − 𝐿𝐿𝑖𝑖𝑖𝑖)
𝑄𝑄

× 80 (3-1) 

where 𝐿𝐿𝑆𝑆𝐿𝐿 is the left ventricular pressure in mmHg (= 133.32 Pa in SI units), Pin is the pump 

inlet pressure in mmHg and Q is the pump flow in L/min. The factor 80 converts Rin from 

mmHg/L/min to dyne s cm-5. The unit dyne s cm-5 is not an SI unit, but is widely used among 

clinicians to measure vascular resistance (1 dyne s cm-5 equals 105 Pa s m-3).  

The corresponding inflow cannula radius was calculated for each step using the Poiseuille 

equation (Eq. 3-2) (Klabunde 2010): 

 𝐻𝐻𝑖𝑖𝑖𝑖 =
8 × η × 𝐿𝐿

𝜋𝜋 × 𝑟𝑟4  (3-2) 

where η is the blood viscosity in 10-3 Pa s, L is the cannula length in mm and r is the cannula 

radius in mm. 

3.2.1.2 Shore Hardness Estimation 

Under the assumption that the compliant IC behaves like a cylindrical thin wall pressure vessel, 

the corresponding equations for stress σ in Pa (Eq. 3-3) and strain ε (Eq. 3-4) were used to 

estimate the Young’s modulus E in Pa (Eq. 3-5) (Lardner & Archer 1994): 

 𝜎𝜎 =  
𝐿𝐿 × 𝑟𝑟

𝐻𝐻
 (3-3) 
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 𝜀𝜀 =  
(𝐷𝐷 − 𝐷𝐷0)

𝐷𝐷0
 (3-4) 

 𝐸𝐸 =  
𝜎𝜎
𝜀𝜀

 (3-5) 

where P is pump inlet pressure in Pa, r is the radius in mm, t is the wall thickness in mm, D is the 

deformed diameter in mm, D0 is the undeformed diameter in mm. 

A relationship between Shore hardness and Young’s modulus was investigated by Gent (1958), 

who derived the following equation for Young’s Modulus in MPa (Eq. 3-6): 

 𝐸𝐸(𝑀𝑀𝐿𝐿𝐶𝐶) =  
0.0981 × (56 + 7.66𝑠𝑠)

0.137505 × (254 − 2.54𝑠𝑠)
 (3-6) 

where s is the Shore hardness. 

Ideally this relationship should convert a Young’s modulus range of 0 - ∞ to a hardness scale of 

0 – 100. Equation 3-6 fulfils this for s = 100 but not for s = 0 and the relationship becomes 

inaccurate at s values below 40 (Gent 1958; Meththananda et al. 2009). The equation based on 

British Standard ‘BS 903’ is more accurate for lower s values (Eq. 3-7) (BS 1957): 

 𝑠𝑠 = 100erf (3.186 × 10−4 𝐸𝐸1 2⁄ ) (3-7) 

where erf is an error function and E is the Young’s modulus in Pa. Since a Shore hardness below 

40 A was anticipated, Eq. 3-7 was used. These estimations were done to obtain a close 

approximation for Shore hardness in order to source potential silicone rubber materials for 

compliant IC prototypes. 

3.2.1.3 Prototype Manufacturing 

Moulds for manufacturing of silicone sleeves for two different compliant IC shapes were 

designed using the computer aided design software SolidWorks (SolidWorks2012, Dassault 

Systemes SolidWorks Corporation, Waltham, USA) and rapid prototyped with an Objet 24 3D 

printer (Objet 24, Stratasys Ltd., Rehovot, Israel). The silicone sleeves were then constructed by 

coating these moulds with de-aired silicone. One mould was for a straight compliant IC with a 

12 mm inner diameter and a 1 mm wall thickness (Figure 3-3 A). The 12 mm inner diameter 

corresponds with the inner diameter of inflow cannulae currently used in clinic (e.g. Heartware 

HVAD).  The other moulds were for hourglass shaped cannulae with a wall thickness of 1 mm 

and a restricted inner diameter of 4 mm, increasing in 1 mm increments up to 10 mm         

(Figure 3-3 B). The inflow and outflow diameters of these moulds were still 12 mm. Variations 
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in effective collapsible length were also designed. A complete overview of possible variations is 

given in Table 3-1. 

 
Figure 3-3: Mould for straight compliant inflow cannula and demoulded cannula (A) and mould for 

hourglass shape compliant inflow cannula and demoulded cannula with a 4 mm restriction (B) 
 

Table 3-1: Overview of variations designed for potential LVAD or RVAD compliant inflow cannulae 
 

Type Inlet Diameter Outlet Diameter Inner Diameter Active length 

 (mm) (mm) (mm) (mm) 

Straight 12 12 12 20 / 25 / 30 / 35 / 40 / 50 

Hourglass 12 12 4 / 5 / 6 / 7 / 8 / 9 / 10 20 / 25 / 30 / 35 / 40 / 50 

 

Custom designed and prototyped casings were used to evaluate compliant IC prototypes in-vitro 

and in-vivo. For in-vitro evaluation a casing was designed and the silicone sleeve was glued into 

the casing (Figure 3-4). 

 
Figure 3-4: 3-D renderings of the compliant IC casing with silicone sleeve placement for in-vitro testing 
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A combination of primer (Loctite Primer 770, Henkel AG, Germany) and glue (Loctite 401 or 

Loctite 435, Henkel AG, Germany) was used to achieve an optimal bond between the silicone 

rubber and the 3D printed material. The design included a shell which surrounded the compliant 

section to prevent the silicone sleeve from stretching axially, ballooning out radially, or 

rupturing. This had the effect of ensuring compliance of the silicone sleeves within tightly 

controlled limits. For in-vivo validation, the implantable casings were designed so that they were 

also compatible with the HVAD sewing rings (HVAD, HeartWare Framingham, MA, USA) for 

device fixation inside the heart during implantation (Figure 3-5). In order for the compliant IC to 

function, the compliant sections needed to be open to atmosphere, thus a venting line was glued 

into the casing. This part of the casing was protruding from the heart. To prevent the compliant 

section from collapse, the casing was de-aired using a syringe and closed off to atmosphere 

through a three-way tap. This way the compliant IC would essentially respond like a rigid IC 

during in-vivo trials, allowing for easy evaluation of rigid IC as a control. 

 
Figure 3-5: 3-D renderings of implantable casing design for in-vivo evaluation of  

compliant inflow cannulae prototypes 
 

For in-vitro and in-vivo validation the casings were designed in a way that they could be screwed 

onto the inlet of a VentrAssist pump using the VentrAssist cannula-pump connector (former 

Ventracor Ltd., Sydney, Australia). 

3.2.1.4 Repeatability of Manufacturing 

In order to evaluate the repeatability of the manufacturing process, three LVAD compliant IC 

prototypes were assessed during gradual PVR increases from 100 to 1000 dyne s cm-5. Each 

prototype was manufactured from a different batch of silicone rubber during moulding procedure 
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of the silicone sleeves. Each prototype’s capability to prevent left ventricular suction was 

assessed and Mean ± SD for LVAD flow, left ventricular volume, LVAD inlet resistance and 

preload sensitivity were calculated. The repeatability coefficient (𝐻𝐻𝐶𝐶) of preload sensitivity was 

then calculated with Eq. 3-11 (Bartlett & Frost 2008): 

 𝐻𝐻𝐶𝐶 = 1.96 ×  √2 × 𝑆𝑆𝐷𝐷 (3-11) 

where SD is the standard deviation. 

3.2.2 In-vitro Development 
In-vitro development of compliant inflow cannulae prototypes as a passive control system for 

VADs was essential to evaluate and improve the prototype’s performance prior to in-vivo 

validation. 

3.2.2.1 Mock Circulation Loop 

A physical five element Windkessel MCL including systemic and pulmonary circulations was 

used for this study (Gregory et al. 2010; Timms et al. 2011). Atrial and ventricular chambers 

were represented by clear, vertical polyvinyl chloride pipes with tee sections connecting the 

inflow, outflow and heart chamber. Ventricular systole was controlled through a series of 

electropneumatic regulators (ITV2030-012BS5, SMC Pneumatics, Tokyo, Japan) and 3/2 way 

solenoid valves (VT325-035DLS, SMC Pneumatics, Tokyo, Japan) to provide passively filled 

heart chambers and variable contractility, heart rate and systolic time. A Starling response was 

implemented in both left and right ventricles which actively controlled ventricular contractility 

(through electropneumatic regulator supply current) based on ventricular preload (S. D. Gregory 

et al. 2011). Mechanical check valves were used to simulate the mitral, aortic, tricuspid and 

pulmonary valves. Four independent Windkessel chambers were employed to simulate lumped 

systemic and pulmonary arterial and venous compliance. Socket valves (VMP025.03X.71, AKO 

Alb. Klein Ohio LLC, USA) allowed easy manipulation of systemic (SVR) and pulmonary 

(PVR) vascular resistance. The working fluid throughout this study was a water/glycerol mixture 

(60/40% by mass) which, at a room temperature of 22°C, demonstrated similar viscosity 

(3.5 mPa s) and density (1100 kg/m3) to that of blood at 37°C (Figure 3-6). Repeatability of the 

MCL has been established by Stevens (2014) and it has been used in previous studies that were 

published in peer-reviewed journals (Stevens 2014; Stevens et al. 2014; Gregory et al. 2012; 

Gregory et al. 2014). 
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Figure 3-6: Schematic of the Mock Circulation Loop (MCL) setup (i). LA - left atrium, MV - mitral valve, LV 

- left ventricle, AoV - aortic valve, AoC - aortic compliance chamber, SQ - systemic flow, SVR - systemic 
vascular resistance valve, SVC - systemic venous compliance chamber, RA - right atrium, TV - tricuspid 
valve, RV - right ventricle, PV - pulmonary valve, PAC - pulmonary arterial compliance chamber, PVR - 

pulmonary vascular resistance valve, PVC - pulmonary venous compliance chamber, LVAD – left ventricular 
assist device, LVADQ - left ventricular assist device flow, RVAD – right ventricular assist device, RVADQ – 

right ventricular assist device flow; Photograph of the MCL (ii). 

3.2.2.2 Data Acquisition 

Systemic and pulmonary flow rates were captured at 1 kHz using magnetic flow meters with an 

accuracy of ±0.5% full scale deflection (FSD) (IFC010, KROHNE, Duisburg, Germany) while 

Left Ventricular Assist Device (LVAD) flow and Right Ventricular Assist Device (RVAD) flow 

was captured with a clamp-on ultrasonic flow meter with an accuracy of ±4% FSD (TS410-

10PXL, Transonic Systems, Ithaca, NY, USA). Circulatory, LVAD and RVAD pressures were 

captured using pressure transducers with an accuracy of ±0.5% FSD (PX181B-015C5V, Omega 

Engineering, Stamford, CT, USA) while left and right ventricular volumes were captured using 

level sensors with an accuracy of ±2% FSD (IK1A, GEFRAN, Provaglio d’Iseo, Italy). All 

haemodynamic, LVAD and RVAD parameters were then down-sampled and recorded at 100 Hz, 

to reduce the data files to manageable sizes whilst maintaining accuracy, using a dSPACE 

acquisition system (DS1103, dSPACE, Wixom, MI, USA). 

3.2.2.3 In-Vitro Evaluation 

During the initial testing of potential LVAD compliant inflow cannula (IC) prototypes (Figure 3-

1 / Stage I) the MCL was configured to represent a medically treated Severe Left Heart Failure 

(SLHF) condition without LVAD support, based on haemodynamic values specified by 

i) ii)
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clinicians at The Prince Charles Hospital, Brisbane, Australia (Table 3-2). A VentrAssist LVAD 

(formally Ventracor Ltd., Sydney, Australia) was connected to the left ventricle for inflow and 

the aorta for outflow. LVAD speed was manually altered in constant speed mode to restore 

normal haemodynamics (Table 3-2). To evaluate potential RVAD compliant IC prototypes in 

Stage I the MCL parameters were configured to represent a medically treated, Severe 

Biventricular Heart Failure (SBHF) condition (Table 3-1). Two VentrAssist (former Ventracor 

Ltd., Sydney, Australia) rotary VADs were connected to the left and right ventricles for inflow 

and the aorta and pulmonary artery for outflow (Figure 3-3). Pump speeds were manually altered 

to restore normal haemodynamics (MAP of 90 mmHg, MPAP of 15 mmHg and MSQ / MPQ of 

5.0 L/min) at a PVR of 100 dyne s cm-5 and SVR of 1300 dyne s cm-5. Prior to in-vivo validation 

prototypes were also evaluated in Total Heart Failure (THF) with no residual ventricular 

contractility as a worst case scenario (Table 3-1). Haemodynamics were restored similar to 

SBHF condition. In stage II and III (Figure 3-6) LVAD and RVAD compliant IC were evaluated 

in SBHF and TAH. 

 
Table 3-2: Haemodynamic parameters for steady state conditions of pharmaceutically treated severe left 

ventricular heart failure (SLHF), severe LHF with VAD support, severe biventricular heart failure (SBHF), 
severe BHF with dual VAD support and total heart failure (THF) with dual VAD support. MAP - mean 

aortic pressure, MPAP - mean pulmonary artery pressure, MSQ - mean systemic flow, MPQ - mean 
pulmonary flow, HR - heart rate, SVR - systemic vascular resistance, PVR - pulmonary vascular resistance, 

VAD - ventricular assist device 
 

Condition 
MAP 

(mmHg) 

MPAP 

(mmHg) 

MSQ 

(L/min) 

MPQ 

(L/min) 

LVADQ 

(L/min) 

RVADQ 

(L/min) 

HR 

(bpm) 

SVR 

(dynes s cm-5) 

PVR 

(dynes s cm-5) 

SLHF 63 17 3.5 3.5 N/A N/A 60 1300 100 

SLHF+VAD 90 15 5 5 4.9 N/A 60 1300 100 

SBHF 48 10 2.3 2.3 N/A N/A 60 1300 100 

SBHF+VADs 90 15 5 5 4.7 4.8 60 1300 100 

THF + VADs 90 15 5 5 5 5 N/A 1300 100 

 

Two experiments were conducted to vary Rotary Blood Pump (RBP) preload and afterload: 

gradual changes in SVR and PVR to observe the steady state response of compliant IC 

prototypes (Stage I and II) and rapid changes in SVR and PVR to observe the transient response 
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of the compliant IC prototypes (Stage II and III). Results were compared to a VAD run in the 

conventional clinical scenario of constant speed with a rigid IC as a control. Gradual changes in 

PVR were simulated by increasing PVR from 100 to 1000 dyne s cm-5, in increments of 

100 dyne s cm-5, or until left ventricular suction occurred. Gradual increases in SVR were 

simulated by increasing SVR from 1400 to 3200 dyne s cm-5, in increments of 200 dyne s cm-5, 

or until right ventricular suction occurred. In Stage II the tested SVR range was adjusted to 600 - 

3000 dyne s cm-5 in order to account for SVR decreases during exercise. Each PVR and SVR 

change was held until the system was settled. Rapid changes in vascular resistance were 

simulated through step increases in PVR and SVR and held for 120 s while the system settled. 

PVR was increased by 400 dyne s cm-5 (from 100 to 500 dyne s cm-5) and SVR was increased by 

1300 dyne.s.cm-5 (from 1300 to 2600 dyne.s.cm-5). These vascular resistance changes were 

chosen to represent extreme cases caused by severe hypertension, coughing and hypotension 

during exercise (Epstein et al. 1967; McClean et al. 2006). If the compliant IC can respond 

sufficiently well to these extreme cases then it is assumed that the prototypes can also respond 

suitably to mild changes. 

3.2.2.4 Haemodynamic Evaluation 

In each experiment, the capacity of the compliant IC prototypes was evaluated to prevent left and 

right ventricular suction events and pulmonary congestion. Ventricular suction was defined as 

the point when left or right ventricular volumes were equal to zero. In stage III the level sensors 

of the MCL were not functioning, thus no ventricular volumes could be measured. In order to 

avoid severe delays to the project ventricular suction was then defined as the point when left or 

right minimum ventricular pressures were equal to zero. Pulmonary and venous congestion was 

defined as the point when left or right atrial pressures increased above 20 mmHg respectively. 

Preload sensitivity (PS) for LVAD and RVAD compliant IC prototypes were calculated using 

Equations 3-8 and 3-9: 

 𝐿𝐿𝑆𝑆𝐿𝐿𝐷𝐷 𝐿𝐿𝑆𝑆 =  
∆𝐿𝐿𝑆𝑆𝐿𝐿𝐷𝐷𝑄𝑄

∆𝐿𝐿𝐿𝐿𝐿𝐿
 (3-8) 

 𝐻𝐻𝑆𝑆𝐿𝐿𝐷𝐷 𝐿𝐿𝑆𝑆 =  
∆𝐻𝐻𝑆𝑆𝐿𝐿𝐷𝐷𝑄𝑄

∆𝐻𝐻𝐿𝐿𝐿𝐿
 (3-9) 
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where ΔLVADQ, ΔRVADQ, ΔLAP, ΔRAP, ΔMAP and ΔMPAP are the differences between LVAD 

flow, RVAD flow, left atrial pressure, right atrial pressure, mean arterial pressure and mean 

pulmonary arterial pressure respectively. 

A second order Butterworth low-pass filter with a cut-off frequency of 2 Hz was used during 

data analysis to better visualize pressure and flow traces shown in the results section. 

In the event of a fluttering compliant IC the frequency of the resulting oscillations was evaluated 

by computing the Discrete Fourier Transform (DFT) using a Fast Fourier Transform (FFT) 

algorithm. Analysis was performed with Matlab (Matlab R2013b, Mathworks, Natick, MA, 

USA) at a sampling frequency of 100 Hz over a sampling period of 5 s. DFT converts the data 

signal from its original time domain to the frequency domain (Stage II and Stage III). 

3.2.2.5 Compliance Calculation 

The compliance of the compliant IC was determined by measuring the change in pressure for a 

known change in volume. The two ends of the compliant IC prototypes were capped, with one 

end attached to a 3-way tap. The prototype was filled with water until all air was removed and 

the reservoir was at its unstressed shape. A pressure sensor was attached to the 3-way tap and 

offset to zero at the unstressed volume. Water was then gradually removed from the compliant 

IC through a syringe in 0.2 mL increments until a maximum of 3 mL were removed. Pressure 

and volume were recorded at each increment to determine the compliance of the reservoir. 

Compliance 𝐶𝐶 in mL/mmHg (= 7.5 × 10-9 m3/Pa in SI units) was calculated using Eq. 3-10: 

 𝐶𝐶 =  
∆𝑆𝑆
∆𝐿𝐿

 
(3-10) 

where ∆𝑆𝑆 is the volume change in mL and ∆𝐿𝐿 is the pressure change in mmHg. 

 
Figure 3-7: Exemplary volume-pressure relationship (i.e. compliance) for a compliant IC 
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A volume pressure relationship (i.e. compliance) for a compliant IC prototype is shown in Figure 

3-7. Three distinct compliances can be defined. In its undeformed shape (Figure 3-7 I) the 

compliance of the compliant IC was low up until the point when cannula collapse occurs. This 

initial compliance was dependent on the diluent concentration used during prototype 

manufacturing. Compliance then rapidly increased once the cannula collapsed (Figure 3-7 II) 

followed by a decrease in compliance at lower negative pressures (Figure 3-7 III). 

3.2.3 In-vivo Evaluation 
This stage involved validation of in-vitro results in an acute sheep model. The animal model is 

essential to determine the performance of the compliant cannulae in a preclinical environment. 

The acute ovine animal experiments with LVAD and RVAD compliant IC were part of a study 

comparing active and passive physiological control systems for biventricular assist devices with 

the title ‘In-Vivo Evaluation of Active and Passive Physiological Control Systems for Rotary 

Left and Right Ventricular Assist Devices’. This study has been published in the journal, 

Artificial Organs (Gregory et al. 2016). 

3.2.3.1 Ethics Approval 

Ethics for this study was approved by Griffith University Animal Ethics Committee (GU Ref No: 

ENG/01/14/AEC) and by Queensland University of Technology Animal Ethics Committee 

(Approval No: 1300000280). 

3.2.3.2 Sheep 

A total of three female sheep of mass 62, 67, and 81 kg were used. After induction of general 

anaesthesia, the animals were intubated and remained ventilated and anesthetized throughout the 

entire study period. Ventilation was titrated to maintain normal gas exchange and pH. The 

experimental animals were instrumented and invasive monitoring was commenced and 

continuously recorded. Animals were heparinised to achieve an activated clotting time of > 480 s 

and maintained at > 200 s after cardiopulmonary bypass. Prior to implantation, all pumps, 

cannulae, and connectors were soaked in a heparinised saline solution for at least 1 hour to 

prevent thrombus formation. 
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3.2.3.3 VAD Implantation 

Two VentrAssist (former Ventracor Ltd., Sydney, NSW, Australia) rotary VADs were implanted 

with cardiopulmonary bypass via a median sternotomy (Figure 3-8).  

 
Figure 3-8: LVAD and RVAD sewing rings placed (A); LVAD and RVAD inserted (B); Close up of inflow 

cannula fixation via HVAD sewing ring (C); Close up of LVAD and RVAD placement (D) 
 

Following initiation of cardiopulmonary bypass, the LVAD inflow cannula (IC) was inserted 

through the left ventricular apex and secured using a HeartWare sewing ring while the outflow 

graft was connected to the ascending aorta via an end-to-side anastomosis. The RVAD IC was 

inserted through the right ventricular free wall and secured with a HeartWare sewing ring while 

the outflow graft was connected to the main pulmonary artery via an end-to-side anastomosis. 

Both LVAD and RVAD outflow grafts (Gelweave, Terumo Cardiovascular Systems, Ann Arbor, 

MI, USA) were approximately 30 cm long and 12 mm diameter. To eliminate the healthy 

Starling response of the left and right ventricles, the heart was fibrillated using a purpose built 

fibrillator, resulting in global akinesis. This was completed to observe each physiological 

controller’s performance in the worst-case clinical scenario of having no flow-balancing 

ventricular Starling response. Left and right pump speeds were slowly increased while weaning 

from bypass before being individually manipulated to maintain suitable systemic and pulmonary 
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haemodynamics (Mean Aortic Pressure, MAP ∼85 mmHg, Mean Pulmonary Arterial Pressure, 

MPAP ∼20 mmHg, LVADQ and RVADQ > 4 L/min). 

3.2.3.4 In-vivo Evaluation 

After a period of haemodynamic stabilization (∼1 hour), the system response to flow imbalances 

was assessed through changes in SVR and PVR, initially in the constant speed mode. The 

compliant inflow cannulae were de-aired and closed off to atmosphere at this stage to function as 

rigid IC. Vascular resistance increases were simulated through placement of rapid prototyped 

(Objet 24, Stratasys Ltd., Rehovot, Israel) restrictions on the corresponding outflow graft near 

the arterial anastomosis which resulted in large increases in SVR (∼1400–2400 dyne s cm-5) and 

PVR (∼200–1000 dyne s cm-5) (Figure 3-9). Results were recorded for 120 s after the resistance 

increase, while at least 120 s were allowed between tests (after restriction removal) to allow 

haemodynamics to equilibrate. Speeds were manipulated to restore haemodynamics between 

tests to the baseline level for LVAD and RVAD. For each resistance change, a suite of 

measurements was then completed with implementation of the LVAD and RVAD compliant IC, 

by opening the casings to atmosphere. 

 
Figure 3-9: SVR and PVR changes were simulated by banding the outflow grafts 

3.2.3.5 Data Acquisition 

Hemodynamic and VAD parameters were captured at 100 Hz using a dSPACE acquisition 

system (DS1103, dSPACE, Wixom, MI, USA). LVAD and RVAD flow rates were recorded 

with clamp-on ultrasonic flow meters (TS410-10PXL, Transonic Systems, Ithaca, NY, USA) 

placed on small sections of Tygon tubing attached between the rotary VAD outlet and the arterial 

graft. A pulmonary artery catheter (Swan-GanzCCOmbo, Edwards Lifesciences, Irvine, CA, 

USA) was inserted prior to RVAD placement via the external left jugular vein to monitor 

pulmonary arterial pressure. All other circulatory and VAD pressures were recorded using 
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silicone-based transducers (PX181B-015C5V, Omega Engineering, Stamford, CT, USA). 

Systemic arterial pressure was monitored via cannulated facial artery. Central venous pressure 

was monitored via a central venous catheter inserted in the jugular vein. Left and right atrial 

pressures were measured using indwelling catheters. Ventricular assist device (VAD) inlet 

pressures and ventricular pressures were measured using fluid-filled lines that were attached to 

catheters placed through the rapid prototyped sections of the compliant IC. The pressure sensors 

on the compliant IC were used to demonstrate compliant IC activation by measuring the pressure 

upstream and downstream of the compliant IC, and calculating the resistance across the 

compliant IC. Large increases in resistance were indicative of the compliant IC activating. 

3.2.3.6 Haemodynamic Evaluation 

In each experiment, the capacity of the compliant IC prototypes was evaluated to prevent left and 

right ventricular suction events and pulmonary and venous congestion. Pulmonary and venous 

congestion was defined as the point when LAP or RAP increased above 20 mmHg respectively. 

A second order Butterworth low-pass filter with a cut-off frequency of 2 Hz was used during 

data analysis to better visualize pressure and flow traces shown in the results section. In the event 

of a fluttering IC or ventricular fluttering during ventricular suction, the frequency of the 

resulting oscillations in VAD inlet pressure was evaluated by computing the Discrete Fourier 

Transform (DFT) using a Fast Fourier Transform (FFT) algorithm. Analysis was performed with 

Matlab (Matlab R2013b, Mathworks, Natick, MA, USA) at a sampling frequency of 100 Hz over 

a sampling period of 5 s. DFT converts the data signal from its original time domain to the 

frequency domain. 

3.3 Results 
Results of the development of compliant inflow cannulae as a passive physiological control 

system are presented in the following sections. 

3.3.1 Compliant IC Design and Manufacturing 

3.3.1.1 Preliminary MCL Tests 

Preliminary Mock Circulation Loop (MCL) experiments with rigid tubes (to establish an 

approximate figure for the required PVR) showed that a rigid inflow cannula (IC) was not able to 

prevent ventricular suction during an increase in PVR as left ventricular suction occurred at a 
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PVR of 250 dyne s cm-5 (Figure 3-10). As PVR can increase over 500 dyne s cm-5 during severe 

casing of hypertension or coughing, point of suction at 250 dyne s cm-5 was deemed too low. The 

pneumatic pinch valve however, simulating the response of a compliant inflow cannula, did 

prevent suction up to the tested PVR limit of 500 dyne s cm-5.  

 
Figure 3-10: Comparison of a rigid inflow cannula and a pinch valve used to simulate a compliant inflow 

cannula; LVESV – left ventricular end systolic volume, PVR – pulmonary vascular resistance 
 

The LVAD inflow resistance increased from 1260 to 2000 dyne s cm-5 with the increasing PVR 

from 100 to 500 dyne s cm-5. The viscosity of blood was assumed to be 3.5 m Pa s and the active 

length of the compliant inflow cannula was chosen to be 20 mm. This length was chosen, 

because the compliant inflow cannula should be short for better implantation. Under these 

assumptions the ‘collapsed’ inner diameter of the compliant IC was calculated to be 2.0 mm at a 

PVR of 500 dyne s cm-5. 

3.3.1.2 Shore Hardness Estimation 

In order to estimate the necessary Shore hardness of a silicone rubber to function in the desired 

fashion a few design decisions were made. The undeformed inner diameter of the compliant IC 

was chosen to be 12 mm. This diameter corresponds with the inner diameter of inflow cannulae 

currently used in clinic (e.g. Heartware HVAD). Table 3-3 shows the results of Shore hardness 

estimation at a PVR of 500 dyne s cm-5. Equation 3-7 was used for Shore hardness estimation. 
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Table 3-3: Shore hardness estimation for a compliant cannula material at a PVR of 500 dyne s cm-5; PVR – 
pulmonary vascular resistance, L – active length of compliant cannula, Rin – inflow cannula resistance, P – 

pressure, r – radius, t – wall thickness, ε – strain, σ – stress, E – Young’s modulus, s – Shore hardness 
 

PVR L Rin P r t ε σ E s 

dyne s cm-5 mm dyne s cm-5 mmHg mm mm  Pa Pa  

500 20 2000 80 6 1 0.83 103 64 103 77 9.95 

 

Based on these preliminary estimations a silicone rubber (Soft Translucent RTV, Barnes Pty Ltd, 

Australia) with a Shore hardness of approximately 12 – 14 A (as per manufacturer’s description) 

was sourced for manufacturing a cannula prototype. In order to be able to test cannulae with 

varying Shore hardness, a silicone diluent (Silicone diluent, Barnes Pty Ltd., Australia) was 

added to the silicone rubber during the moulding procedure. The diluent is a low viscosity 

silicone fluid which is designed to reduce the viscosity of the silicone rubber while retaining its 

physical properties up to a concentration of 10%. At concentrations greater than 10% the 

physical properties of the silicone significantly change, including a reduction in hardness and 

tensile strength but increased elongation. As per manufacturer’s instructions, the maximum of 

30% diluent can be added to the RTV silicone. Schummy (2013) tested the hardness of the Soft 

translucent silicone rubber with a diluent concentration of 0%, 10%, 20% and 30% (Table 3-4). 

A Shore A durometer was used and a clear reduction in hardness was found as the concentration 

of diluent increased, however the Shore hardness of 10 A with no diluent added to the silicone 

differs from the approximated values of 12 - 14 A given by the manufacturer (Schummy 2013). 

 
Table 3-4: Shore hardness with various diluent concentrations (Schummy 2013) 

 

Concentration of Diluent Shore Hardness 
0%  ≈ 10 A 

10% ≈ 6 A 
20% ≈ 3 A 
30% ≈ 0/1 A 

3.3.2 In Vitro Developmental Stage I 
Results of LVAD and RVAD compliant inflow cannulae development is presented in the 

following sections. 



PhD Thesis 107 Jo Philipp Pauls 

3.3.2.1 LVAD Compliant IC 

A wide range of straight and hourglass shaped, compliant inflow cannulae (Table 3-4) were 

tested during a simulated left heart failure scenario. Most hourglass shaped cannulae with an 

inner diameter between 4 and 9 mm restricted the LVAD inlet in a manner such that normal 

haemodynamics could not be restored; thus only results are shown for two hourglass shaped 

cannulae with an ID of 10 mm and varying diluent concentrations (Table 3-5). Straight 

compliant IC designs with no added diluent or low diluent concentration (0 - 10%) performed 

similarly to a rigid IC in that they did not collapse prior to ventricular suction occurring. 

Exemplary results of LVAD compliant IC prototypes in varying length, diluent concentration 

and shape are shown in Table 3-5 and Figure 3-11 and were compared to a rigid IC as a control. 

 
Table 3-5: Test results showing the PVR level which caused left ventricular suction for the various tested 

cannulas; no suction occurred up to 1000 dyne.s.cm-5 when test was marked with ( * ). ID - inner diameter, 
PVR - pulmonary vascular resistance, PS - preload sensitivity 

 

 
Straight 

(ID 12 mm) 

Hourglass 

(ID 10 mm) 
Rigid 

Active Length 

(mm) 
20 30 35 40 50 35 20 35 - 

Diluent 

(%) 
30 20 30 - 

PVR 

(dyne s cm-5) 
400 750 1000* 950 750 900 800 1000* 350 

Preload 

Sensitivity 

(L/min/mmHg) 

0.149 0.166 0.378 0.359 0.32 0.176 0.22 0.365 0.084 
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A  B  

C   
Figure 3-11: Left ventricular end systolic volume (LVESV) (A), LVAD flow (LVADQ) (B) and LVAD inlet 

resistance (LVAD Rin) (C) with increasing PVR. PVR - pulmonary vascular resistance, HG – Hourglass 
 

PVR was increased step-wise up to 1000 dyne s cm-5 or until left ventricular suction occurred. 

Haemodynamics were allowed to settle after each PVR increase. With the rigid IC, left 

ventricular suction occurred at a PVR of 350 dyne s cm-5 (Figure 3-11 A). The compliant IC 

performed better than the rigid IC, but not all compliant IC prototypes were able to prevent 

suction up to 1000 dynes.s.cm-5. Only the straight compliant inflow cannula with an active length 

of 35 mm and 30% diluent and the hourglass shaped silicone sleeve with an active length of 35 

mm and 30% diluent prevented suction up to a PVR of 1000 dyne s cm-5 (Figure 3-11 A). As 

PVR increased, the compliant cannulae started to collapse and LVAD flow (Q) decreased to 2.6 

– 2.8 L/min at a PVR of 1000 dynes.s.cm-5 (Figure 3-11 B). The 35 mm 30% straight compliant 

inflow cannula had a preload sensitivity (PS) of 0.378 L/min/mmHg, which was the highest PS 

out of all tested cannulae (Table 3-5). The 35 mm 30% hourglass shaped compliant inflow 

cannula had a PS of 0.365 L/min/mmHg. In comparison, the preload sensitivity of the rigid IC 

was 0.084 L/min/mmHg. The two cannulae with the highest preload sensitivity performed best 

and the straight compliant IC design (35 mm 30%) was chosen for the next test phase, due to the 

higher preload sensitivity and highest Left Ventricular End Systolic Volume (LVESV) and 
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LVADQ at high levels of PVR. Furthermore, the hourglass shaped compliant IC exhibited a 

higher LVAD inlet resistance when compared to the straight inflow cannula (Figure 3-11 C), 

thus LVADQ at a PVR of 100 dyne s cm-5 was lower (by 1 L/min) with the hourglass shaped 

cannula at the LVAD speed of 2200 rpm. 

3.3.2.2 RVAD Compliant IC 

Following in-vitro testing of LVAD compliant IC prototypes potential RVAD compliant IC were 

tested. 

3.3.2.2.1  Initial Tests 

With inflow cannulae (IC) in-vitro just at the RVAD inflow, SVR was increased step wise from 

1400 to 3200 dyne s cm-5 or until right ventricular suction occurred.  

A  
B  

C  

 

Figure 3-12: Right ventricular end systolic volume (RVESV) (A), RVAD flow (RVADQ) (B) and RVAD inlet 
resistance (RVAD Rin) (C) with increasing SVR for various RVAD compliant inflow cannula prototypes 

compared to a rigid inflow cannula as a control. 
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This enabled evaluation of various compliant IC prototypes for a potential use as RVAD 

compliant IC compared to a rigid IC as a control. It was not possible to restore haemodynamics 

with the hourglass shaped prototypes as they restricted the RVAD inlet too much and VAD flow 

rates of 5 L/min could not be achieved. Right ventricular suction occurred at an SVR of 2250 

dyne s cm-5 with the rigid IC (Figure 3-12 A). Straight compliant IC exhibited an improved 

response when compared to the rigid IC. The two compliant IC with 30% diluent were able to 

prevent right ventricular suction up to 2850 dyne s cm-5 (20 mm active length) and 3150 dyne s 

cm-5 (25 mm active length) with RVAD flows of 3.2 and 2.9 L/min respectively at the highest 

SVR (Figure 3-12 A/B). Inflow cannula resistance increased to 855 and 1210 dyne s cm-5 in the 

process (Figure 3-12 C). Preload sensitivity was calculated to be 0.382 (25 mm 30%) and 0.325 

(20 mm 30%) L/min/mmHg (Table 3-6). The other tested prototypes did not perform as well 

(Table 3-5 and Figure 3-12). 

 
Table 3-6: Results of initial in-vitro experiments with compliant RVAD inflow cannula; cannulae marked 

with (-) were too compliant to restore haemodynamics, thus no preload sensitivity was calculated. ID - inner 
diameter, SVR - systemic vascular resistance 

 
Type Straight (ID 12 mm) Rigid 

Active Length 

(mm) 
20 25 30 25 30 30 35 40 - 

Diluent 

(%) 
30 20 10 - 

SVR 

(dyne s cm-5) 
2850 3150 - 2650 - 2850 2450 - 2250 

Preload 

Sensitivity 

(L/min/mmHg) 

0.325 0.382 - 0.243 - 0.31 0.225 - 0.147 

3.3.2.2.2 Improvement of Gluing Technique 

During this first initial testing phase the compliant IC prototypes exhibited a tendency to rupture 

at the gluing edge closest to the pump inflow. In order to avoid the silicone sleeves rupturing, the 

shape of the silicone sleeve and casing was slightly changed (Figure 3-13). With the improved 

design the inner surface of the silicone sleeve was glued onto an outer surface of the casing. 
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A  B  

Figure 3-13: Re-designed mould and compliant inflow cannula (A) and 3-D rendering of a compliant inflow 
cannula glued into a casing for in-vitro evaluation (B)  

 

Figure 3-14 shows a comparison of the two glue positions of the compliant IC inside the casings. 

A  B  

Figure 3-14: First cannula design glued into casing (A) and improved cannula design glued into casing (B) 

3.3.2.2.3 Testing with improved gluing technique 

No cannula rupturing occurred after this change in gluing technique, but experiments with the 

new designs showed slightly different behaviour of the RVAD compliant IC prototypes during 

in-vitro testing (Figure 3-15). 
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A  B  

C  

 

Figure 3-15: Right ventricular end systolic volume (A), RVAD flow (B) and RVAD inlet resistance (C) with 
increasing SVR for various RVAD compliant inflow cannula prototypes compared to a rigid inflow cannula 

as a control. 
 

Each cannula length showed a slightly more compliant behaviour and the previously best 

performing prototype of 25 mm 30% was not able to restore haemodynamics. Figure 3-15 shows 

results of re-tested prototypes. The 20 mm 30% RVAD compliant IC was able to prevent right 

ventricular suction up to an SVR of 3200 dyne s cm-5 compared to 2850 dyne s cm-5 with the 

previous design (Figure 3-15 A). Corresponding preload sensitivity was 0.349 L/min/mmHg 

compared to 0.147 L/min/mmHg with the rigid IC (Table 3-7). Based on these results a cannula 

with an active length of 20 mm and 30% diluent was chosen as a compliant RVAD inflow 

cannula. The cannula with an active length of 35 mm and 30% diluent was chosen as a compliant 

LVAD inflow cannula as it was still the best performing prototype following the design change. 
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Table 3-7: Preload sensitivity of various RVAD compliant IC prototypes 
 

 

Preload Sensitivity 

(L/min/mmHg) 

Rigid 0.147 

20 mm 30% 0.349 

20 mm 20% 0.133 

25 mm 20% 0.272 

30 mm 10% 0.284 

35 mm 10% 0.155 

3.3.2.3 Repeatability of Manufacturing Process 

In order to evaluate the repeatability of the manufacturing process three LVAD compliant IC 

prototypes (35 mm 30%) were assessed during gradual increases in Pulmonary Vascular 

Resistance (PVR) from 100 to 1000 dyne s cm-5 (Figure 3-16). All three prototypes were able to 

prevent left ventricular suction up to 900 dyne s cm-5 (Figure 3-16 A) with an average LVAD 

flow rate (Q) of 2.95 ± 0.07 L/min and LVAD inlet resistance (Rin) of 1286 ± 96 dyne s cm-5 at a 

PVR of 900 dyne s cm-5. An average preload sensitivity (PS) was calculated to be 0.381 +/- 

0.006 L/min/mmHg with a repeatability coefficient of 0.015 L/min/mmHg. These results show 

that the manufacturing process is repeatable and capable of producing compliant IC prototypes 

with similar characteristics. 

A  B  C  
Figure 3-16: Left ventricular end systolic volume (A), LVAD flow (B) and LVAD inlet resistance (C) with 
increasing pulmonary vascular resistance for three similar compliant IC prototypes manufactured out of 

different silicone batches. 
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3.3.3 In Vivo Evaluation 
Results were obtained to evaluate the LVAD and RVAD compliant IC prototypes’ capacities to 

balance VAD flow rates during SVR and PVR changes and prevent ventricular suction events, 

and compare with the clinical scenario of a rigid IC in constant speed mode. 

3.3.3.1 SVR Change 

During a rapid increase in SVR from 1280 to 2200 dyne s cm-5 right ventricular suction 

occurred, evinced by sharp oscillations in RVAD flow (RVADQ) and RVAD inlet pressure 

(RVADPin) (Figure 3-17 A / C) and a reduction in RVP from 3.5 to 0.6 mmHg (Figure 3-17 E) 

with the rigid IC. Pulmonary congestion was also evident with LAP exceeding 20 mmHg (Figure 

3-17 G). Mean Aortic Pressure (MAP) increased from 95 to 136 mmHg. During a rapid increase 

in SVR from 1600 to 2100 dyne s cm-5 the RVAD compliant IC increased RVAD inlet resistance 

(Rin) from 160 to peak values of 1300 dyne s cm-5 which corresponds to RVADQ and RVADPin 

oscillations seen in Figure 3-17 B / D and subsequently resulted in a small reduction in RVP 

from 4 to approx. 2.5 mmHg, indicating that right ventricular suction was prevented by 

intermittent compliant IC collapse. The difference in minimum RVADPin oscillations between 

rigid IC (-40 mmHg) and compliant IC (-20 mmHg) further confirmed this observation. No 

pulmonary congestion was detected with the RVAD compliant IC as LAP stayed below 20 

mmHg (Figure 3-17 H). No Discrete Fourier Transform (DFT) analysis was performed, as only 

intermitted cannula collapse was detected and not consistent cannula flutter. 
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Rigid IC Compliant IC 

A  B  

C  D  

E  F  

G  H  
Figure 3-17: RVAD flow (A / B), RVAD inlet pressure (C / D), right ventricular pressure (E / F) and left atrial 
pressure (G / H) over time for rigid inflow cannulae and compliant inflow cannulae during a rapid increase in 

systemic vascular resistance from 1280 to 2200 dyne s cm-5.  
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3.3.3.2 PVR Change 

Figure 3-18 shows the results of a rapid increase in PVR from 350 to 1300 dyne s cm-5. 

Rigid IC Compliant IC 

A  B  

C  D  

E  F  

G  H  
Figure 3-18: LVAD flow (A / B), LVAD inlet pressure (C / D), left ventricular pressure (E / F) and right atrial 
pressure (G / H) over time for rigid inflow cannulae and compliant inflow cannulae during a rapid increase in 

pulmonary vascular resistance from 350 to 1300 dyne s cm-5. 

0 50 1000

2

4

6

Time (s)

LV
AD

Q
 (L

/m
in

)

 

 

LVADQ
LVADQm

0 50 1000

2

4

6

Time (s)

LV
AD

Q
 (L

/m
in

)

 

 

LVADQ
LVADQm

0 50 100-80

-60

-40

-20

0

Time (s)

LV
AD

 P
in

 (m
m

H
g)

0 50 100-80

-60

-40

-20

0

Time (s)

LV
AD

 P
in

 (m
m

H
g)

0 50 1000

5

10

15

Time (s)

LV
P 

(m
m

H
g)

 

 

0 50 1000

5

10

15

Time (s)

LV
P 

(m
m

H
g)

 

 

0 50 10010

15

20

Time (s)

R
AP

 (m
m

H
g)

 

 

0 50 10010

15

20

Time (s)

R
AP

 (m
m

H
g)

 

 



PhD Thesis 117 Jo Philipp Pauls 

In contrast to the results of the rapid SVR increase during a rapid increase in PVR from 350 to 

1300 dyne s cm-5 with a rigid IC left ventricular suction was indicated by continuous oscillations 

in LVAD flow (Q) (Figure 3-18 A) and a sharp reduction in LVAD Pin from - 20 to - 56 mmHg 

(Figure 3-18 C). Following the rapid increase in SVR right atrial pressure (RAP) increased above 

20 mmHg for a short period of time, indicating a minor case of venous congestion before RAP 

decreased below 20 mmHg again (Figure 3-18 G). Mean pulmonary arterial pressure (MPAP) 

increased from 43 to 58 mmHg. During a rapid increase in PVR from 200 to 950 dyne s cm-5 

rapid oscillations in LVADQ were also observed with the LVAD compliant IC; however, this 

was attributed to the compliant IC fluttering (and restricting) as LVAD preload decreased 

(Figure 3-18 B). The LVAD compliant IC decreased LVADQ from 4 to 2.1 L/min while 

decreasing LVADPin from -7.4 to -44.2 mmHg thus increasing LVAD Rin from 320 to 1820 

dyne s cm-5 and preventing left ventricular suction. The frequency of LVADQ oscillation was 

3.15 Hz with the rigid IC compared to 6.86 Hz with the compliant IC, further indicating the 

compliant section fluttering compared to flutter of the ventricular walls onto the LVAD inlet. 

 

The first in-vivo animal trial showed the ability of the compliant inflow cannula to prevent 

ventricular suction events. However, during the experiments, VAD flow could not always be 

restored up to 5 L/min. Depending on VAD and subsequent cannula position inside the heart 

during the animal trial, the compliant sections would collapse when VAD speeds were increased 

too far, thus the prototypes needed to be improved to decrease preload sensitivity and 

compliance. 

3.3.4 In-vitro Developmental Stage II 
A number of different cannula prototypes were iteratively tested with decreased diluent 

concentrations (by 2.5%) in a severe biventricular heart failure (SBHF) condition in order to 

achieve decreased Preload Sensitivity (PS) and compliance. A combined LVAD compliant IC / 

RVAD compliant IC configuration was tested in order to evaluate their interactions with each 

other. Prior to exposing the compliant IC prototypes to preload and afterload changes a test was 

conducted to see how much pump speed, and thus pump flow, could be increased before the 

compliant sections would collapse. 
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Combinations of LVAD compliant IC with diluent concentrations between 20% and 30% and 

RVAD compliant IC with diluent concentrations of 27.5% and 30% were not able to restore 

VAD flows up to 5 L/min at a central venous pressure of 10 mmHg. The combination of an 

LVAD compliant IC with 17.5% diluent concentration and an RVAD compliant IC with 25% 

diluent concentration was able to increase VAD flows up to 5.5 L/min, which was deemed 

sufficient. These compliant IC prototypes were then thoroughly tested as part of a study titled ‘In 

Vitro Comparison of Active and Passive Physiological Control Systems for Biventricular Assist 

Devices’ wherein both active and passive control systems were compared to constant speed 

mode with a rigid inflow cannula. This study has been published in the Journal ‘Annals of 

Biomedical Engineering’ (Pauls et al. 2016). Only results of the compliant IC compared to the 

rigid IC are presented in this thesis. 

3.3.4.1 Compliance 

 

A  B  

Figure 3-19: Volume pressure relationship of the 35 mm with 17.5% diluent LVAD compliant IC (A) and 20 
mm with 25% diluent RVAD compliant IC (B). 

 

The volume pressure relationship of the 35 mm with 30% diluent LVAD compliant IC is shown 

in Figure 3-19 A. The initial compliance prior to cannula collapse was 0.08 mL/mmHg. At a 

pressure of -2.5 mmHg compliance increased up to 1 mL/mmHg. At high pressures compliance 

decreased to 0.105 mL/mmHg. For the RVAD compliant IC at a length of 20 mm with a diluent 

concentration of 30% the compliance was 0.082 mL/mmHg up to a pressure of -3.6 mmHg when 

compliance rapidly increased up to 1 mL/mmHg (Figure 3-19 B). At high pressures compliance 

of the RVAD compliant IC was 0.16 mL/mmHg. The decrease in diluent concentration from 30 

to 17.5% for the LVAD compliant IC decreased the initial compliance from 0.08 to 0.053 

mL/mmHg and the silicone sleeve collapsed at pressures below -7.5 mmHg compared to -2.5 
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mmHg with the higher diluent concentration (Figure 3-19 A). The compliance did rapidly 

increase to 1.0 mL/mmHg following cannula collapse before decreasing to 0.129 mL/mmHg on 

average at pressures below -10 mmHg at full cannula collapse. 

 

For the RVAD compliant IC at a length of 20 mm with a diluent concentration of 30% the 

compliance was 0.082 mL/mmHg up to a pressure of -3.6 mmHg when compliance rapidly 

increased up to 1 mL/mmHg (Figure 3-19 B). At high pressures compliance of the RVAD 

compliant IC was 0.16 mL/mmHg. The decrease in diluent concentration in the RVAD 

compliant IC from 30 to 25% decreased initial compliance to 0.044 from 0.082 mL/mmHg 

(Figure 3-19 B). The silicone sleeve collapsed at lower pressure of -4.5 mmHg compared to -3.6 

mmHg and increased compliance up to 1 mL/mmHg at collapse. At high negative pressures the 

compliance decreased to 0.088 mL/mmHg. 

3.3.4.2 Steady State Results 

3.3.4.2.1 PVR Changes 

Results from gradual increases in PVR and SVR were obtained to determine the level of SVR 

and PVR that could be accommodated by the compliant inflow cannulae without ventricular 

suction occurring. With the rigid IC and the pump run in constant speed mode with no control 

system, pulmonary flow (PQ) decreased with increasing PVR which reduced venous return to the 

left heart and ultimately resulted in left ventricular suction (LVESV < 0 mL) at a PVR of 400 

dyne s cm-5 (Figure 3-20 A / D). The LVAD compliant IC prevented left ventricular suction up 

to a PVR of 900 dyne s cm-5 by passively increasing LVAD inflow resistance to approximately 

1000 dyne s cm-5 which reduced MPQ from 4.9 to 3.6 L/min (Figure 3-20 A). There were no 

incidences of congestion during gradual PVR increases. Mean pulmonary arterial pressure 

increased to 46 mmHg with the LVAD compliant IC at a PVR of 900 dyne s cm-5. Preload 

sensitivity (PS) of the LVAD compliant IC was 0.198 L/min/mmHg compared to 0.074 

L/min/mmHg of the rigid IC and decreased by approx. 50% compared to the PS of the 

previously used LVAD compliant IC in Stage I.  
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A  B  C  

D  E  F  
Figure 3-20: Mean pulmonary flow rate (A), mean RVAD flow (A), mean pulmonary arterial pressure 

(C), end systolic left ventricular volume (D), left atrial pressure (D) and right atrial pressure (D) 
traces during gradual pulmonary vascular resistance increases. MPQ – mean pulmonary flow, 
MRVADQ - mean right ventricular assist device flow, MPAP - mean pulmonary artery pressure, 

LVESV – left ventricular end systolic volume, LAP - left atrial pressure, RAP - right atrial pressure, 
PVR – pulmonary vascular resistance, Compliant IC – compliant inflow cannulae 

3.3.4.2.2 SVR Changes 

The trends with increasing SVR were similar to those seen with increasing PVR, such that the 

rigid IC experienced right ventricular suction at an SVR of 2600 dyne s cm-5 (Figure 3-21 D). 

Congestion was detected at an SVR of 2400 dyne s cm-5 (LAP > 20 mmHg) and LAP increased 

up to 22 mmHg at the point of right ventricular suction (Figure 3-21 E) with the rigid IC. The 

RVAD compliant IC was able to prevent right ventricular suction and congestion up to the tested 

SVR range of 3000 dyne s cm-5 (Figure 3-21 D / E). Resistance of the RVAD compliant IC 

increased from 115 to 670 dyne s cm-5 at the maximum level of SVR which decreased SQ to 

3.2 L/min (Figure 3-21 A). Preload sensitivity of the RVAD compliant IC increased to 

0.34 L/min/mmHg compared to the 0.09 L/min/mmHg found for the PS of the RVAD with the 

rigid IC. The compliant IC increased MAP to 124 mmHg when SVR was increased to 

3000 dyne s cm-5. 
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A  B  C  

D  E  F  
Figure 3-21: Mean systemic flow rate (A), mean LVAD flow (B), mean  arterial pressure (C), end 
systolic right ventricular volume (D), left atrial pressure (E) and right atrial pressure (F) traces 
during gradual systemic vascular resistance increases. MSQ – mean systemic flow, MLVADQ - 

mean left ventricular assist device flow, MAP - mean arterial pressure, RVESV – right ventricular 
end systolic volume, LAP - left atrial pressure, RAP - right atrial pressure, SVR – systemic 

vascular resistance, Compliant IC – compliant inflow cannulae 

3.3.4.3 Transient Results 

Results from the transient response experiment were obtained to investigate the response of each 

control system to sudden changes in LVAD and RVAD preload.  

3.3.4.3.1 PVR Change 

Left ventricular suction occurred 30 s after PVR was increased from 100 to 500 dyne s cm-5 with 

the rigid IC as PQ dropped from 5.0 L/min to 4.2 L/min (Figure 3-22 A / C), however pulmonary 

congestion was avoided. While a sudden decrease in PQ was observed with the compliant IC 

after the sudden PVR increase left ventricular suction events and pulmonary congestion were 

avoided. The LVAD compliant IC rapidly increased LVAD inflow cannula resistance (from 170 

to 390 dyne s cm-5) after the increase in PVR, thus reducing LVAD flow to 4.0 L/min and 

preventing left ventricular suction (Figure 3-22 B / C). 
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A  B  C  

D  E  F  
Figure 3-22: Mean pulmonary flow rate (A), RVAD flow (B), mean pulmonary arterial pressure (C), end 

systolic left ventricular volume (D), left atrial pressure (E), right atrial pressure (F) traces during step 
increase in pulmonary vascular resistance from 100 – 500 dyne s cm-5. MPQ – mean pulmonary flow, 

RVADQ - right ventricular assist device flow, LVESV – left ventricular end systolic volume, MPAP - mean 
pulmonary artery pressure, LAP - left atrial pressure, RAP - right atrial pressure, Compliant IC – compliant 

inflow cannulae 

3.3.4.3.2 SVR Change 

Similar trends were observed with the rapid increase in SVR from 1300 to 2600 dyne s cm-5, 

with right ventricular suction events occurring 60 s after the resistance increase with the rigid IC 

(Figure 3-23 C). Pulmonary congestion occurred 30 s after the resistance increase when LAP 

increased above 20 mmHg (Figure 3-23 E). The compliant IC prevented right ventricular suction 

through increased RVAD inflow cannula resistance from 100 to 450 dyne s cm-5. No congestion 

was detected during the rapid increase in SVR with the compliant IC. 
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A  B  C  

D  E  F  
Figure 3-23: Mean systemic flow rate (A), LVAD flow (B), mean arterial pressure (C), end systolic right 

ventricular volume (D), left atrial pressure (E), right atrial pressure (F) traces during step increase in 
systemic vascular resistance from 1300 – 2600 dyne s cm-5. MSQ – mean systemic flow, LVADQ - left 

ventricular assist device flow, RVESV – right ventricular end systolic volume, MAP - mean arterial pressure, 
LAP - left atrial pressure, RAP - right atrial pressure,  Compliant IC – compliant inflow cannulae 

3.3.5 In vivo trials with improved less compliant inflow cannulae design 
Results of in vivo trials with less compliant inflow cannulae designs are presented in the 

following sections 

3.3.5.1 SVR Change 

With the rigid IC in constant speed mode right ventricular suction occurred following a rapid 

increase in SVR from 920 to 2220 dyne s cm-5, demonstrated by oscillations (induced by 

fluttering of the ventricular walls) in RVADQ, RVADPin and RVP (Figure 3-24 A / C / E) and 

subsequently RVADPin decreased from -15 to -52 mmHg while RVP decreased by 32 mmHg to -

38 mmHg on average. Due to the ventricle collapsing (and fluttering) RVADQ decreased from 

5.2 to 2.9 L/min. Pulmonary congestion was also evident with LAP exceeding 20 mmHg (Figure 

3-24 G). Mean arterial pressure increased from 81 to 100 mmHg. 
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Rigid IC Compliant IC 

A  B  

C  D  

E  F  

G  H  
Figure 3-24: RVAD flow (A / B), RVAD inlet pressure (C / D), right ventricular pressure (E / F) and left atrial 
pressure (G / H) over time for rigid inflow cannulae and compliant inflow cannulae during a rapid increase in 

systemic vascular resistance from 920 to 2220 dyne s cm-5.  
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During a rapid increase in SVR from 1350 to 2870 dyne s cm-5 the RVAD compliant IC did 

collapse, thus increasing RVAD inlet resistance (Rin) from 11 to 510 dyne s cm-5 causing 

RVADQ to decrease from 4.1 to 2.1 L/min while preventing right ventricular suction. This is 

also evident by the minimal reduction in RVP (Figure 3-24 F). At the same time RVADPin 

decreased from -3.6 to -19.6 mmHg on average, while minimum oscillations reached up to -200 

mmHg at the end of the experiment (Figure 3-24 D). At the start of the experiment pulmonary 

congestion was already evident (LAP of 25 mmHg) and was only increased initially by the 

increase in SVR (Figure 3-28 H), while MAP increased from 74 to 83 mmHg. However, LAP 

settled at similar levels to the rigid IC at 30 mmHg. Oscillation frequency of RVADQ induced 

by the RVAD compliant IC flutter was 2.88 Hz, which was similar to the oscillation frequency of 

2.54 Hz induced by the right ventricle fluttering during suction. 

3.3.5.2 PVR Change 

Similar results can be seen during a rapid increase in PVR with a rigid IC (Figure 3-25). Left 

ventricular suction occurred right at the onset of the PVR increase from 100 to 970 dyne s cm-5, 

evinced by the sharp and continuous oscillations in LVADQ, LVADPin and LVP. As a result 

LVADQ decreased from 4.9 to 3.8 L/min (Figure 3-25 A) while LVADPin oscillations reached 

up to -200 mmHg (Figure 3-25 C) and LVP oscillations reached up to -75 mmHg (Figure 3-29 

E). Venous congestion was evident right from the start of the experiment with RAP continuously 

above 20 mmHg (Figure 3-25 G), due to the fact that high volumes were need to restore pump 

flows due to small ventricles. Mean pulmonary arterial pressure increased from 22 to 59 mmHg. 

During a rapid increase in PVR from 20 to 1060 dyne s cm-5 rapid oscillations in LVADQ were 

also observed with the LVAD compliant IC; however, this was attributed to the compliant IC 

fluttering during collapse (and restricting) as preload decreased (Figure 3-25 B). The LVAD 

compliant IC decreased LVADQ from 3.9 to 3.0 L/min while decreasing LVADPin from 13.9 to 

-22 mmHg thus increasing LVAD Rin from 42 to 614 dyne s cm-5 and preventing left ventricular 

suction. Subsequently LVP decreased from 15.9 to 0.7 mmHg. With the LVAD compliant IC 

venous congestion was evident throughout the experiment with RAP above 20 mmHg (Figure   

3-25 H) while MPAP increased from 27 to 53 mmHg. The frequency of LVADQ oscillation was 

2.54 Hz with the rigid IC (same as during SVR changes) compared to 4.69 Hz with the LVAD 

compliant IC, further indicating the compliant section fluttering compared to flutter of the 

ventricular walls onto the LVAD inlet. 
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Rigid IC Compliant IC 

A  B  

C  D  

E  F  

G  H  
Figure 3-25: LVAD flow (A / B), LVAD inlet pressure (C / D), left ventricular pressure (E / F) and right atrial 
pressure (G / H) over time for rigid inflow cannulae and compliant inflow cannulae during a rapid increase in 

pulmonary vascular resistance from 100 to 970 dyne s cm-5. 
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At the beginning of the animal trial the urine of the sheep was regular urine colour. At the end of 

the animal trial the urine changed colour to a dark red. This can be a sign that the compliant IC 

caused haemolysis. High negative pressures during cannulae collapse combined with high 

frequency oscillations induced by cannulae flutter might cause destruction of the red blood cells 

through an increase in shear stress. In order to mitigate haemolysis induced by the compliant IC 

the design needed to be improved to mitigate cannula flutter and subsequent oscillations in VAD 

flow and inlet pressure. 

3.3.6 In-vitro Developmental Stage III 
At the time of in-vitro testing the level sensors in the MCL were not functioning, thus ventricular 

suction was defined as the point when ventricular pressure reached zero. 

3.3.6.1 Stented and Strutted designs 

In order to mitigate cannulae flutter during collapse the previous fully-collapsible design needed 

to be improved to a semi-collapsible design that did not flutter. Various stented and strutted 

compliant IC prototypes were designed in order to achieve this objective (Figure 3-26). The 

stented and cone shaped compliant IC designs enabled the silicone sleeve to collapse to an inner 

diameter of 5 mm. This inner diameter was chosen, because it allowed for sufficient pump flow 

above 3 L/min during cannula collapse. The struts prevented the silicone sleeve from complete 

collapse (Figure 3-26 A / B), while allowing some restriction through the open spaces between 

the struts (Figure (3-26 C). Three strutted design with both even and uneven spacing between the 

struts were designed. Uneven spacing were either two spacings of 60° and two spacings of 120° 

or two spacings of 75° and two spacings of 105°. 

A  B  C  
Figure 3-26: Stent (A), Cone shaped (B) and Strut (C) design for improved compliant IC prototypes 

3.3.6.1.1 LVAD Compliant Inflow Cannula 

Exemplary results of LVAD compliant IC designs that were able to prevent left ventricular 

suction are presented in Figure 3-27. During a rapid increase in PVR from 100 - 1000   

dyne s cm-5 the rigid IC caused left ventricular suction when left ventricular pressure reached 
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zero mmHg (Figure 3-27 A). The LVAD compliant IC designs were all able to prevent left 

ventricular suction, but only the strutted designs were able to avoid cannula flutter and thus 

avoided LVAD inlet pressure oscillations (Figure 3-27 C). The previous fully-collapsible, 

stented and cone shaped designs did flutter and cause oscillations at frequencies between 

5.47 and 7.81 Hz (Table 3-8). The uneven spaced strutted design did not flutter and maintained 

LVAD Q above 3.5 L/min (Figure 3-27 B). The struts were arranged in two spacings of 75° and 

two spacings of 105°. 

 

A  B  

C  

 

Figure 3-27: Left ventricular pressure (LVP) (A), LVAD flow (LVADQ) (B) and LVAD inlet pressure 
(LVADPin) (C) over time during a rapid increase in pulmonary vascular resistance  

from 100 to 1300 dyne s cm-5. 
 

A complete overview of LVAD compliant IC prototypes evaluated during rapid changes in PVR 

from 100 - 500 dyne s cm-5 is shown in Table 3-9.  
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Table 3-8: Overview of LVAD compliant inflow cannulae with stented, cone shaped and strutted designs. Pin - 
inlet pressure 

 
No. Cannula Type Suction LVAD Pin Oscillation Frequency 

  Yes / No (mmHg) (Hz) 

01 Rigid YES  N/A 

02 No Stent NO - 43.9 (± 7.8) 7.81 

03 Stent 17.5% diluent YES -16 (± 0.14) N/A 

04 Stent 15% diluent NO -32 (± 14.7) 6.93 

05 Cone 17.5% diluent NO -28.1 (± 13.5) 6.06 

06 Cone 15% diluent NO -24.7 (± 10) 5.47 

07 4 Struts 17.5% diluent Yes -14.4 (± 0.14)  

08 
4 Struts 30% diluent 

(Even spacing) 
YES -14.5 (± 0.1) N/A 

09 
4 Struts 30% diluent 

(75° and 105° spacing) 
NO -28.1 (± 0.24) N/A 

10 
3 Struts 17.5% diluent 

(Even Spacing) 
NO -26.9 (± 11) 6.543 

3.3.6.1.2 RVAD Compliant Inflow Cannula 

Exemplary results for various RVAD compliant IC designs are presented in Figure 3-28. During 

a rapid increase in SVR from 1300 to 2600 dyne s cm-5 the rigid IC causes right ventricular 

suction when right ventricular pressure reaches zero mmHg (Figure 3-28 A). The shown RVAD 

compliant IC designs were all able to prevent right ventricular suction. Both cone shaped and 

strutted designs did avoid cannula flutter and thus avoided RVAD inlet pressure oscillations 

(Figure 3-28 C) while both designs maintained RVAD flow above 3.5 L/min (Figure 3-28 B). It 

was decided that the strutted design would be better suited for this application, as a cone shaped 

stent might add turbulences to the blood flow at the pump inlet or increase thrombus formation. 

The uneven spaced design was arranged in two spacings of 60° and two spacings of 120°. 
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A  B  

C  

 

Figure 3-28: Right ventricular pressure (A), RVAD flow (B) and RVAD inlet pressure (C) over time during a 
rapid increase in systemic vascular resistance from 1300 to 2600 dyne s cm-5. 

 

A complete overview of RVAD compliant IC prototypes evaluated during rapid changes in SVR 

from 1300 - 2600 dyne s cm-5 is shown in Table 3-10. 
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Table 3-9: Overview of RVAD compliant inflow cannulae with stented, cone shaped and strutted designs. Pin - 
inlet pressure 

No. Cannula Type Suction LVAD Pin Oscillation Frequency 

  Yes / No (mmHg) (Hz) 

01 Rigid YES N/A N/A 

02 No Stent NO -40.8 (± 6.5) 11.04 

03 LCA 25% diluent NO -44.7 (± 2.2) 13.57 

04 LCA 22.5% diluent NO -48.5 (± 1.1) 15.53 

05 Cone 25% diluent NO -37.8 (± 4.0) 10.64 

06 Cone 22.5% diluent NO -34.8 (± 0.5) / (10.84) 

09 
4 Struts 25% diluent 

(Even spacing) 
YES N/A N/A 

10 
4 Struts 30% diluent 

(Even spacing) 
YES -12.4 (± 0.15) N/A 

11 
4 Struts 30% diluent 

(75° / 105° spacing) 
Yes -16.8 (± 0.27) N/A 

12 
4 Struts 30% diluent 

(60° / 120° spacing) 
No -23.9 (± 0.32) N/A 

13 
3 Struts 25% diluent 

(Even spacing) 
NO -42.7 (± 5.1) 11.52 

 

During rapid increases in PVR from 100 to 1000 dyne s cm-5 the preload sensitivity (PS) of the 

LVAD compliant IC was 0.196 L/min/mmHg with the improved semi-collapsible strutted 

design. During rapid increases in SVR from 1300 to 2600 dyne s cm-5 preload sensitivity (PS) of 

the RVAD compliant IC was found to be 0.346 L/min/mmHg. 

3.3.6.2 Compliance 

A  B  

Figure 3-29: Volume pressure relationship of the 35 mm with 30% diluent LVAD compliant IC (A) and 20 
mm with 30% diluent RVAD compliant IC (B). 
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The compliance of the semi-collapsible LVAD compliant IC in the early stage was 

0.067 mL/mmHg before it rapidly increased to 0.4 mL/mmHg below -3 mmHg. The struts 

clearly impact the compliance, as the non-strutted compliant IC at a length of 35 mm with a 

diluent concentration of 30% increased compliance up to 1 mL/mmHg (Figure 3-29). At high 

negative pressures the compliance of the semi-collapsible LVAD compliant IC decreased to 

0.036 mL/mmHg on average. The compliance of the semi-collapsible RVAD compliant IC in the 

early stage was 0.111 mL/mmHg before it increased to 0.28 mL/mmHg below -2.5 mmHg. At 

high negative pressures the compliance of the semi-collapsible RVAD compliant IC decreased to 

0.005 mL/mmHg. 

 

A more in depth in-vitro evaluation of the semi-collapsible LVAD compliant IC design during 

rapid increases and decreases in SVR and PVR and various patient scenarios (e.g. transition from 

rest to exercise and postural changes) will be presented in chapter 5 as part of an LVAD 

physiological control systems comparison study. 

3.3.7 In vivo validation 
In the third in-vivo animal trial when restoring haemodynamics with the LVAD and RVAD 

compliant IC the RVAD compliant IC tended to collapse even under normal conditions. After 

the animal trial it was found that a piece of ventricular wall was partially occluding the RVAD 

compliant IC inlet, subsequently causing the compliant section to collapse due to an increased 

resistance at the inlet. Thus the RVAD compliant IC was turned off (air behind the sleeve was 

evacuated rendering it much less compliant) and no SVR changes could be investigated during 

this trial. Furthermore the pressure line for LVP was not functioning during the experiments, thus 

no LVP was recorded. During the trial the data acquisition system experienced intermittent 

software overrun and during these time periods no data was recorded. This is visible in Figure 3-

31, when traces go ‘flat’. 

3.3.7.1 PVR Change 

During a rapid increase in PVR from 330 to 1280 dyne s cm-5 left ventricular suction occurred, 

evinced by sharp oscillations in LVAD flow (RVADQ) and LVAD inlet pressure (LVADPin) 

(Figure 3-30 A / C).  
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Rigid IC Compliant IC 

A  B  

C  D  

E  F  
Figure 3-30: LVAD flow (A / B), LVAD inlet pressure (C / D) and right atrial pressure (E / F) over time for 

rigid inflow cannulae and compliant inflow cannulae during a rapid increase in pulmonary vascular 
resistance from 330 to 1280 dyne s cm-5. 

 
Oscillations in LVAD inlet pressure (Pin) intermittently reached up to -50 mmHg with the rigid 

IC. No venous congestion was evident as RAP stayed below 20 mmHg at all times (Figure 3-30 

E). Mean pulmonary arterial pressure (MPAP) increased from 24 to 68 mmHg. During a rapid 

increase in PVR from 310 to 920 dyne s cm-5 the LVAD compliant IC collapsed evinced by 

sharp oscillations in LVADQ and LVADPin (Figure 3-30 B / D) when LVAD inlet pressures 

oscillated to -100 mmHg. Inlet resistance of the LVAD compliant IC increased from 170 to 380 

dyne s cm-5 when the compliant section collapsed and subsequently decreased LVAD flow from 

4.9 to 4.5 L/min thus preventing left ventricular suction. No venous congestion was detected as 

0 50 1002

3

4

5

6

Time (s)

LV
AD

Q
 (L

/m
in

)

 

 

LVADQ
LVADQm

0 50 1002

3

4

5

6

Time (s)

LV
AD

Q
 (L

/m
in

)

 

 

0 50 100-150

-100

-50

0

50

Time (s)

LV
AD

 P
in

 (m
m

H
g)

 

 

0 50 100-150

-100

-50

0

50

Time (s)

LV
AD

 P
in

 (m
m

H
g)

 

 

0 50 1008

10

12

14

Time (s)

R
AP

 (m
m

H
g)

 

 

0 50 1008

10

12

14

Time (s)

R
AP

 (m
m

H
g)

 

 



PhD Thesis 134 Jo Philipp Pauls 

RAP was maintained below 20 mmHg (Figure 3-30 F). No Discrete Fourier Transform (DFT) 

analysis was performed, as only intermitted cannula collapse was detected and not consistent 

cannula flutter, indicating the improved cannula design prevented continuous cannula flutter. 

3.4 Discussion 
Preliminary mock circulation experiments simulating a compliant inflow cannula through a 

pinch valve was a useful exercise to gain initial information on potential cannula design 

specifications. Due to some initial assumptions to simplify Shore hardness estimation, the 

calculated Shore hardness value of ≈ 10 Shore A was too high. I.e. the cannula was assumed to 

be a thin wall pressure vessel, where as in reality the cannula had to be a thick wall pressure 

vessel. An inner pressure of 80 mmHg was used for the initial calculations, but the pressure 

inside the cannula varies depending on preload changes. After designing various cannula 

prototypes, Mock Circulation Loop (MCL) testing showed that a more compliant cannula was 

needed for both the compliant LVAD and RVAD inflow cannula. It was also found during MCL 

experiments that the compliance of the cannula was not only dependent on the Shore hardness of 

the material, but also on the active length of the cannula and its wall thickness. For example a 

20 mm 30% RVAD inflow cannula and a 30mm 10% RVAD inflow cannula performed similarly 

in MCL experiments to prevent suction.  

 

Several clinical studies indicate the risk of haemodynamic instability associated with rotary 

LVADs (Ambardekar et al. 2009; Felix et al. 2012). This is exacerbated with biventricular 

support as the flow-balancing Starling response of both failing ventricles is diminished. The risk 

of ventricular suction events or venous congestion occurring with rigid inflow cannulae was 

clearly demonstrated in this project in both in-vitro and in-vivo experiments These results appear 

to agree with those reported in the literature, with Saito et al. (2011) reporting suction during 

weaning from cardiopulmonary bypass and pulmonary congestion following extubation, where 

right-sided afterload is reduced on conversion of positive pressure ventilation to the native 

negative pressure ventilation. The benefit of adding LVAD and RVAD compliant inflow 

cannulae (IC) to rotary VAD circuits was clearly demonstrated in both in-vitro and in-vivo 

studies. The compliant inflow cannulae were able to prevent left and right ventricular suction 

events during gradual and rapid increases in SVR and PVR. Through various design stages 
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preload sensitivity was improved and cannula flutter and subsequent oscillations in flow and 

pressures were ameliorated by changing the compliant IC design to a strutted semi-collapsible 

design. 

 

The preload sensitivity (PS) of the rotary LVAD during gradual and rapid changes in PVR was 

between 0.074 and 0.084 L/min/mmHg in constant speed mode with a rigid inflow cannula. The 

LVAD compliant IC increased preload sensitivity (PS) initially up to 0.381 L/min/mmHg. 

Following LVAD compliant IC design improvements this initial PS value decreased to 

0.198 L/min/mmHg (fully-collapsible design) and 0.196 L/min/mmHg with the final semi-

collapsible design. These values are similar to that of the healthy human left ventricle, as 

reported by  (Salamonsen et al. 2011) (between 0.19 and 0.24 L/min/mmHg). Gaddum et al. 

(2012) presented a BiVAD control system that used two independent Starling-like control 

systems which increased LVAD and RVAD preload sensitivity to similar levels of 0.28 and 

0.2 L/min/mmHg respectively. During gradual and rapid changes in SVR the preload sensitivity 

of the rotary RVAD was between 0.091 and 0.147 L/min/mmHg in constant speed mode with a 

rigid IC. The RVAD compliant IC increased PS to 0.349 L/min/mmHg initially with the first 

developed prototype. Later designs exhibited PS of 0.34 (fully collapsible) and 0.346 (semi-

collapsible) L/min/mmHg. Both LVAD and RVAD compliant IC demonstrated an improved 

response to preload changes compared to the clinical scenario of constant speed throughout all 

development stages. 

 

During the first animal trial, high VAD flow rates were hard to achieve, as the compliant IC 

showed a tendency to collapse when pump speeds increased thus decreasing inlet pressure. The 

volume pressure relationship of the compliant IC showed that the compliance of the undeformed 

prototypes is low up to a certain pressure. Once the pressure decreased below this initial pressure 

threshold, the cannulae collapsed, increasing compliance rapidly before decreasing again at full 

collapse. The compliant IC prototypes from Stage I started to increase compliance at pressures 

below -2.5 (LVAD compliant IC) and -3.6 (RVAD compliant IC). The decrease in diluent 

concentration in Stage II shifted these points downwards to -7.5 and -4.5 mmHg for the LVAD 

compliant IC and RVAD compliant IC respectively, making these prototypes less compliant and 

preload sensitive. This decrease in compliance and subsequent decrease in preload sensitivity 
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allowed for higher pump flow rates when restoring haemodynamics. The maximum compliance 

during collapse was 1 mL/mmHg for all fully-collapsible designs. The semi-collapsible LVAD 

compliant IC was slightly more compliant initially prior to collapse when compared to the fully-

collapsible design, but due to the struts high pump flow rates could be achieved. 

 

MAP is typically maintained around 65–80 mmHg using intravenous vasodilators in the 

immediate postoperative period and subsequently with diuretics, angiotensin-converting enzyme 

inhibitors, β-blockers, and angiotensin receptor blockers after hospital discharge (Slaughter et al. 

2010; Myers et al. 2009). The high arterial pressures in our study resulted after dramatic, step 

increases in SVR and PVR in an effort to evaluate each controller under the most severe 

circumstances. Such high arterial pressure increases, seen with the compliant IC, may result in 

neurological complications (i.e., haemorrhagic stroke) if blood pressures are not properly 

managed, particularly in the setting of systemic anticoagulation (Slaughter et al. 2010; Lampert 

et al. 2014). Such hypertensive events could be managed through reduction of the maximum 

pump speed limit or implementation of an alarm that alerts the clinician or caregiver to high 

arterial pressures and recommends medical management with vasodilators. 

3.5 Limitations and Future Work 
A limitation of the in-vitro evaluation of the compliant IC prototypes was that the simulations of 

ventricular suction events were not physiological (i.e., no collapse of the ventricular walls and 

subsequent resistance increase at the pump inlet). To accommodate this, experiments were 

aborted once suction occurred. Clinically, suction typically draws the endocardium over the 

inflow cannula, thus restricting flow. This allows the ventricle to partially fill and temporarily 

relieve suction. VentrAssist pumps, used in this project, are no longer used in clinic; however 

they are still third-generation implantable centrifugal rotary LVADs and as such can be used to 

represent contemporary devices such as the HeartWare HVAD. A limitation of the in-vivo 

experiments was the unphysiological instant step response in resistance, which should be 

interpreted with the knowledge that in clinical practice these changes would almost always occur 

over a longer duration. The small number of in-vivo trials is another limitation with this study as 

there is significant variability and uncertainties, such as reproducibility issues, during animal 

experiments. The lack of a clinically representative in-vivo congestive heart failure model is also 
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a significant limitation of this study. Although the model eliminated the Starling response of both 

ventricles, it only represented patients with negligible contractility and, therefore, compliant IC 

evaluation would benefit from using a congestive heart failure model. 

 

The compliant IC did prevent ventricular suction events throughout prototype evaluation, but 

pulmonary and venous congestion was evident at times during in-vitro and in-vivo evaluation, 

which might be a limitation. In some instances VAD flow rates decreased below 3 L/min when 

compliant sections collapsed during in-vivo validation. Boston et al. (2003) suggest a minimum 

flow rate of 3 L/min to maintain sufficient perfusion. During exercise the compliant IC did not 

help unload the failing heart or increase exercise capacity, which would be beneficial for heart 

failure patients. Implementing an active physiological control system alongside the compliant IC 

could overcome these two limitations and help maintain sufficient perfusion at all times while 

increasing pump flow rate during exercise to help unload the failing heart and increase exercise 

capacity. At the beginning of the animal trials with the fully collapsible compliant IC prototypes 

the urine of the sheep was regular urine colour. At the end of the animal trials the urine changed 

colour to red. This can be a sign that the compliant cannulas are causing haemolysis. This 

potential limitation of the compliant IC was addressed by changing to a semi-collapsible design. 

Haemocompatibility studies of both designs are presented in Chapter 4. 

 

At the moment the compliant IC casing needs to be open to atmosphere in order for the 

compliant section to restrict. In future work the compliant IC design should be improved to allow 

for implantation in a casing fully enclosed to atmosphere. Further investigation and validation of 

the flow dynamics within the compliant cannulae is required to prevent flow separation and 

regions of stasis, which may promote thrombus formation (Fraser et al. 2010; Hochareon et al. 

2004), although no thrombus was observed on the compliant IC during the acute animal trial 

studies. The compliant IC have only been tested in-vitro and during acute animal trials. Long 

term studies are missing to evaluate the influence of protein adhesion to the silicone sleeve over 

time and how it would affect the material properties (e.g. compliance). A reduction in cannulae 

lifetime due to cyclic mechanical wear of the compliant section is also a potential limitation that 

must be investigated in future work. 
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3.6 Conclusion 
The main objective of this project was to develop a passive physiological control system to 

prevent ventricular suction events. In order to meet this objective novel compliant inflow 

cannulae for both left and right ventricular support were developed that successfully improved 

preload sensitivity of rotary blood pumps and exhibited the ability to prevent ventricular suction 

events by passively restricting pump flow when preload decreased. These devices have the 

potential to increase the quality of life of heart failure patients by reducing incidences of 

ventricular suction events. However, haemocompatibility of the compliant inflow cannulae 

prototypes needed to be investigated and results are presented in the next chapter. 
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4 The Effect of Compliant Inflow Cannulae on the 

Haemocompatibility of Rotary Blood Pump 

Circuits in an In-Vitro Model 
The previous chapter described the development of compliant inflow cannulae (IC) as a passive 

physiological control system to prevent ventricular suction events. During in-vivo trials the use 

of a fully-collapsible IC design showed potential evidence of increased blood damage at the end 

of the trials, thus an improved semi-collapsible IC design was developed that mitigated cannulae 

flutter and subsequent oscillations in flow and pressure. 

 

The present chapter describes the evaluation of the effect of two types of compliant IC, a fully-

collapsible and a semi-collapsible design, on the haemocompatibility of rotary blood pump 

circuits. The significance of this chapter is that it evaluates the haemocompatibility of a novel 

semi-collapsible compliant inflow cannula for the first time. 

4.1 Aim 
Haemocompatibility is one of the fundamental requirements of RBPs used for mechanical 

circulatory support. The aim of this chapter was to investigate the effect of compliant inflow 

cannulae on the haemocompatibility of RBP circuits in an in-vitro model. The following key 

objectives were defined to meet his aim: 

• Develop a Blood Circulation Loop (BCL) to investigate the effect of compliant inflow 

cannulae on the haemocompatibility of RBP circuits using fresh whole human blood. 

• Investigate the improvements to Red Blood Cell (RBC) count and haemolysis utilising an 

improved semi-collapsible (strutted) compliant IC design and compare results to the 

previous fully-collapsible compliant IC design. 

• Compare results with a rigid IC, which are clinically utilised, as a control. 
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4.2 Literature Review 

4.2.1 Mechanically Induced Haemolysis and Adverse Events 
In-vivo trials with the fully-collapsible compliant IC design revealed potential damage to the 

blood (i.e. haemolysis) due to oscillations in pump inlet pressure cause by the compliant IC 

‘fluttering’ during collapse. Haemolysis is defined as the breakdown of erythrocyte cell 

membranes and the release of haemoglobin and intracellular components into the blood plasma. 

Plasma free haemoglobin scavenges nitric oxide (NO) in blood, exacerbating the likelihood of 

endothelial dysfunction and vasomotor instability (Minneci et al. 2005). NO regulates smooth 

muscle tone and platelet activation, consequently a reduction in blood NO levels leads to smooth 

muscular dystonia, thrombus formation and pulmonary hypertension. (Cappellini 2007; Helms et 

al. 2013). Pulmonary hypertension may lead to overexertion of the right ventricle and subsequent 

right heart failure (Voelkel et al. 2006). Haemolysis also causes erythrocytes to aggregate 

causing an increase in blood viscosity, platelet activation, and renal damage (Kameneva & 

Antaki 2007). Hypercoagulation caused by the aggregation of activated platelets results in 

intravascular thrombosis, further exacerbating the pre-existing comorbidities associated with 

patients suffering from ventricular failure (Schmidt 1892). While haemolysis is currently 

inevitable due to the inherent design of RBPs, the degree of haemolysis can be ameliorated by 

optimising design strategies which lead to reduced shear stress. Consequently, investigating the 

level of haemolysis is of the utmost importance especially when considering the potential of a 

compliant IC for RBPs. 

4.2.2 In-vitro Testing for Haemolysis of Rotary Blood Pumps 
In the past, comparative in vitro evaluations of different types of blood pumps were difficult, due 

to the lack of uniformity of the in vitro test methods used (Naito et al. 1994). Factors that can 

influence haemolysis levels are blood donor species, age, method of blood harvesting, storage 

time, pump flow rate, pump inflow and outflow pressure (resulting pump pressure head), 

haematocrit and Blood Circulation Loop (BCL) tubing size (Mizuguchi et al. 1994; Itkin et al. 

1995). The American Society for Testing and Materials (ASTM) established test methodologies 

to standardise the evaluation of haemolysis in continuous flow blood pumps (ASTM 1997b; 

ASTM 1997a). These standards give guidelines for in vitro test loop set up, pump operating 

conditions, blood selection and preparation and data analysis. 
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4.2.2.1 Blood Selection 

The ASTM F1830-97 standard recommends using fresh bovine or porcine blood for in vitro 

haemolysis tests. The donor animals should have normal body temperature and no physical signs 

of disease. For preclinical studies, fresh human blood is recommended. Collected blood should 

be refrigerated at 2 - 8°C. Volumes of 450 ± 45 mL of blood should be drawn using a 

venepuncture technique through a large bore needle (14 G or larger) into a blood bag which 

contains either citrate phosphate dextrose adenine (CPDA-1) or heparin sulfate as an 

anticoagulant. Refrigerated blood should be warmed to physiological temperature using a water 

bath of 37 ± 1°C or other appropriate methods, while giving close attention to micro air bubbles 

forming during the warming up period. These air bubbles should be eliminated through the 

sampling port of the blood bag prior to in-vitro testing. Animal blood should be used within 

48 hours, while fresh human blood should be used within 24 hours after blood harvesting 

(ASTM 1997a).  

4.2.2.2 In-vitro Testing 

The ASTM F1841-97 standard recommends the use of a blood circulation loop with a total 

length of 6.6 ft (2012 mm) of 3/8” (9.525 mm) ID polyvinylchloride tubing and a reservoir 

including a sampling port (Figure 4-1) (ASTM 1997b). The circulated blood volume should be 

450 ± 45 mL. To evaluate devices for heart assist applications a pump flow rate is to be set at 5 ± 

0.25 L/min at a circulating blood temperature of 37 ± 1°C (ASTM 1997b). The pump pressure 

head is to be set at 100 ± 3 mmHg and a resistance clamp positioned at the pump outlet is used to 

set the required conditions. Blood samples are to be taken at an hourly rate. During blood sample 

collection the first 1 mL should be discarded, as it may contain blood that was stagnant in the 

sampling port. The test duration is recommended to be 6 hours, with one blood sample to be 

taken before commencement of pumping and six blood samples taken at an hourly rate. Plasma 

free haemoglobin and haemolysis indices are determined by the methods described below. 
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Figure 4-1: Blood circulation loop set up according to ASTM F1841-97 (ASTM 1997b) 

4.2.3 Measuring Plasma Free Haemoglobin 
Monitoring the amount of plasma free haemoglobin (pfHb) as a function of time is a reliable way 

to quantify haemolysis in whole human blood (Mueller et al. 1993; Naito et al. 1994). Methods 

that have been used to measure pfHb include spectrophotometry at discrete wavelength (Harboe 

1959; Noe et al. 1984) spectral wavelength scan analysis (Blakney & Dinwoodie 1975; Kahn et 

al. 1981), derivative spectrophotometry (Sanderink & van Rijn 1985; Macrick & Pardue 1986) 

and chromogenic assays based on a peroxidase reaction of benzidine or benzidine derivatives 

(Crosby & Furth 1956; Holland et al. 1974). Reviews by Fairbanks et al. (Fairbanks et al. 1992), 

Malinauskas (Malinauskas 1997), Cookson et al. (Cookson et al. 2004) and Han et al. (Han et al. 

2010) all concluded that an accurate, reproducible and easy to use method for measuring pfHb at 

low concentrations is the Harboe direct spectrophotometry method (Harboe 1959). The Harboe 

method quantifies pfHb by measuring the oxyhaemoglobin absorbance peak at 415 nm 

wavelength, however plasma components such as bilirubin/albumin complexes in lipids could 

have significant absorbance in this region as well (Harboe 1959; Malinauskas 1997; Noe et al. 

1984). To account for ‘irrelevant absorption’ due to impurities in samples a correction was 

incorporated by Harboe by interpolation of the optical densities at 380 nm (non-specific plasma 

interferents) and 450 nm (bilirubin/albumin complexes) (Harboe 1959; Malinauskas 1997; 
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Cookson et al. 2004). Absorbance values at 380, 415 and 450 nm were then used to calculate 

pfHb concentrations in g/L (Eq. 4-1) (Harboe 1959; Malinauskas 1997): 

 

 pfHb = 𝑘𝑘 × �
167.2𝐿𝐿𝐴𝐴𝑠𝑠415 − 83.6𝐿𝐿𝐴𝐴𝑠𝑠450  − 83.6𝐿𝐿𝐴𝐴𝑠𝑠380

1000
� (4-1) 

 

where k is a calibration coefficient of 1 and Abs415, Abs450 and Abs380 are the absorbance at 

wavelengths of 415, 450 and 380 nm respectively. 

4.2.4 Quantifying Haemolysis 
Haemolysis is one of the most important performance parameters of blood pumps (Naito et al. 

1994). To quantify haemolysis, various haemolysis indices can be calculated with known levels 

of pfHb and the results obtained used to compare between different experiments and medical 

devices. The traditional index of haemolysis (IH) is defined as grams of pfHb released per 100 L 

of blood pumped (Eq. 4-2) (Allen 1960): 

 

 IH =  ∆pfHb × 𝑆𝑆 ×  
100

𝑄𝑄 × 𝑇𝑇
 (4-2) 

 

where ΔpfHb is the increase of plasma free haemoglobin concentration (g/L) over the sampling 

time interval, V is the test circuit Volume (L), Q is the test circuit flow rate (L/min) and T the 

sampling time in minutes. 

The normalised index of haemolysis (NIH) in g/100L is normalised by haematocrit, which is an 

important consideration for comparison among different values of haematocrit (Eq. 4-3) (Keller 

& Hawrylenko 1967): 

 

 NIH �
𝑔𝑔

100𝐿𝐿
� =  ∆𝑝𝑝𝑝𝑝𝐻𝐻𝐴𝐴 × 𝑆𝑆 × 

100 − 𝐻𝐻𝐻𝐻𝐻𝐻
100

×  
100

𝑄𝑄 × 𝑇𝑇
 (4-3) 

 

where ΔpfHb is the increase of plasma free haemoglobin concentration (g/L) over the sampling 

time interval, V is the BCL Volume (L), Q is the flow rate (L/min), 𝐻𝐻𝐻𝐻𝐻𝐻 is the haematocrit (%) 

and T the sampling time in minutes. 
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Both the IH and NIH have units of grams per 100 L. A dimensionless modified index of 

haemolysis (MIH) proposed by Mueller et al. takes not only the haematocrit into account but also 

haemoglobin (Eq. 4-4) (Mueller et al. 1993): 

 

 MIH =  ∆𝑝𝑝𝑝𝑝𝐻𝐻𝐴𝐴 × 𝑆𝑆 × 
100 − 𝐻𝐻𝐻𝐻𝐻𝐻

100
× 

106

𝑄𝑄 × 𝑇𝑇 × 𝐻𝐻𝐴𝐴
 (4-4) 

 

where ΔpfHb is the increase of plasma free haemoglobin concentration (g/L) over the sampling 

time interval, V is the BCL Volume (L), Q is the flow rate (L/min), 𝐻𝐻𝐻𝐻𝐻𝐻 is the haematocrit (%), T 

the sampling time (min) and Hb the total blood haemoglobin concentration (mg/L) at time zero. 

The American Society for Testing and Materials referenced the NIH and MIH in ASTM F1841-

97 “Standard Practice for Assessment of Hemolysis in Continuous Flow Blood Pumps” as part of 

a protocol for assessing the haemolytic properties of continuous flow blood pumps used in 

extracorporeal or implantable circulatory support (ASTM 1997b). 

A revised index for haemolysis ‘Haemolysis Rate Index’ (HRI) in g/hr was proposed by 

Kameneva et al., which does not depend on the pump flow rate and presents haemolysis as grams 

of pfHb per hour (Kameneva & Antaki 2007; Kameneva et al. 2006). HRI is calculated with 

Equation 4-5 (Kameneva & Antaki 2007): 

 

 
HRI �

𝑔𝑔
ℎ𝑟𝑟

� =
∆𝑝𝑝𝑝𝑝𝐻𝐻𝑔𝑔 ∗ 𝑆𝑆 ∗ (100 − 𝐻𝐻𝐻𝐻𝐻𝐻)/100

𝑇𝑇
 (4-5) 

 

where ΔpfHb is the increase of plasma free haemoglobin concentration (g/L) over the sampling 

time interval, V is the BCL Volume (L), 𝐻𝐻𝐻𝐻𝐻𝐻 is the haematocrit (%) and T the sampling time 

(hr). 

4.2.5 Normalised Index of Haemolysis with Rotary Blood Pumps 
James et al. evaluated the VentrAssist (VentrAssist, former Ventracor Pty Ltd, Sydney, 

Australia) implantable rotary blood pump in regards of haemolysis and compared it with the 

Biomedicus BP-80 pump (Medtronic, Inc., Minneapolis, MN, U.S.A.) (James et al. 2003). In 

their study three different human blood suspensions were compared with a blood 𝐻𝐻𝐻𝐻𝐻𝐻 of 30%. 

Other test conditions were a flow rate of 5 L/min, pump differential pressure of 100 mmHg, 
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6 hour experiment duration at a temperature of 37°C. They found that the NIH for the BP-80 

pump, used as a control, was 0.00053 ± 0.0002 g/100L (n = 3) in whole blood. The VentrAssist 

pump had an NIH of 0.000167 ± 0.00007 g/100L (n = 4) in whole human blood, demonstrating 

minimal haemolysis (James et al. 2003). Chan et al. evaluated the CentriMag pump (Thoratec 

Corporation, Pleasanton, CA, USA) under similar conditions, but instead of human blood they 

used whole bovine blood that was adjusted to a 𝐻𝐻𝐻𝐻𝐻𝐻 level of 30% by dilution with PBS. NIH for 

the CentriMag was found to be 0.0011 ± 0.0005 g/100L (n = 15). 

4.2.6 Summary of Literature Review 
The results of in-vivo animal trials, presented in the previous chapter, identified the need for 

haemocompatibility testing of the compliant IC designs. This literature review showed the 

adverse effects haemolysis can have and which methods are appropriate for haemocompatibility 

testing. The American Society for Testing and Materials established guidelines for evaluation of 

haemolysis in continuous flow blood pumps. Based on these guidelines a blood circulation loop 

has been developed for evaluation of compliant IC - blood interaction. To quantify rate of 

haemolysis pfHb was measured over time and corresponding NIH and HRI values were 

calculated. 

4.3 Methods 

4.3.1 Compliant Inflow Cannula Types 
The final LVAD compliant IC design from sections 3.3.4 (fully-collapsible) and 3.3.6 (semi-

collapsible) were used (Figure 4-2). For completeness and better understanding of materials used 

for this experiment, they are briefly described below. The compliant inflow cannulae used in this 

study were made of silicone rubber (Soft Translucent RTV (SR-SOFT-T), 12 Shore A, Barnes 

Pty Ltd, Brisbane, Australia) enclosed in a custom rapid prototyped (Objet24, Objet, Rehovot, 

Israel) casing with a semi-collapsible (strutted) and fully-collapsible (non-strutted) design. Based 

on experimental results presented in Chapter 3 the semi-collapsible design included four struts, 

arranged in two spacings of 75° and two spacings of 105°, to prevent complete collapse (Figure 

4-2). Moulds for manufacturing of silicone sleeves for compliant IC prototypes were designed 

using the computer aided design software SolidWorks (SolidWorks 2012, Dassault Systemes 

SolidWorks Corporation, Waltham, USA). Silicone diluent (SR-SD-S, Barnes Pty Ltd, Brisbane, 
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Australia) was added to the silicone to achieve different Shore hardness for the fully-collapsible 

and semi-collapsible compliant IC (17.5 and 30% of initial silicone weight respectively). To 

achieve a corresponding compliance of 0.129 mL/mmHg (fully collapsible) and 

0.036 mL/mmHg (semi-collapsible) at pressures below -10 mmHg the wall thickness of the 

compliant ICs was 1 mm, with an inner diameter of 12 mm and a collapsible length of 35 mm. In 

triplicate, the two compliant IC designs were compared with rigid (non-collapsible) cannulae as a 

control. These rigid cannulae comprised of a 3D printed casing with a silicone tubing of 35 mm 

length glued inside (to prevent collapse), in order to maintain a consistent length of blood - 

silicone interaction between all cannula types.  

 
Figure 4-2: 3-D renderings of a fully-collapsible compliant inflow cannula (A) and a semi-collapsible 

compliant inflow cannula (B). 

4.3.2 Blood Circulation Loop 
In ASTM F 1841-97 a BCL with a length of 6.6 ft (≈ 2000 mm) and blood volume of 450 ± 

45 mL is recommended, which equates to the volume of a standard blood donation. The use of 

fresh whole human blood has the advantage of being a more direct correlation to the clinical 

situation, however blood cells from different individuals can have varying degrees of fragility 

(James et al. 2003). To mitigate the effect of different individuals on study results the total BCL 

length was decreased to 1700 mm with a volume of 185 ± 5 mL, when compared to ASTM F 

1841-97, in order to be able to run two BCLs with one blood donation (Figure 4-3). Thus the 

number of donors needed for this study was decreased by 50%. Carmeda tubing (∅ 9.5 mm 

(3/8”), CB2994 Carmeda, Medtronic, Minneapolis, MN, USA) was connected to two reservoirs 

(R-38, Medtronic, Minneapolis, MN, USA), 3/8 × 3/8 connectors (Intersept, Medtronic, 

Minneapolis, MN, USA), 3/8 × 3/8 connectors with luerlock-connector (Intersept , Medtronic, 

Minneapolis, MN, USA) and three way stop cocks (Discofix, B.Braun Melsungen AG, 
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Melsungen, Germany). VentrAssist (VentrAssist, former Ventracor Pty Ltd, Sydney, Australia) 

continuous-flow RBPs were used with the IC prototypes attached to the inlet of the VentrAssist 

pumps. A vice grip clamp was used to provide a user-adjustable constriction in the tubing 

between the reservoirs that acted as a resistance in the circuit to assist during set up of RBP 

differential pressure and RBP flow. Resistance was applied over 150 mm length of tubing to 

minimise haemolysis caused by local restriction of the tubing. G-clamps were used on both 

reservoirs for finer adjustments of the pressure inside the BCL and to maintain consistent 

conditions after blood sample draw and concomitant volume loss inside the BCL. This allowed 

for a controlled collapse of the fully-collapsible and semi-collapsible compliant ICs. 

 
Figure 4-3: Schematic of blood circulation loop. RBP - rotary blood pump, Pin - pump inlet pressure, Pout - 

pump outlet pressure, IC Pin - inflow cannula inlet pressure, SP - sampling port, R - reservoir, Res - 
resistance, Q - flow meter, IC - inflow cannula 

4.3.3 Data Acquisition 
RBP flow and pressures at the RBP inlet, RBP outlet and at the inlet of the IC were captured 

using a Labjack U3-HV USB data acquisition device (U3-HV, LabJack Corporation, Lakewood, 

CO, USA) and visualised using LabVIEW 2015 software (Labview 2015, National Instruments 

Corporation, Austin, TX, USA). RBP flow was monitored and recorded with a clamp-on 

ultrasonic flow meter with an accuracy of ± 4% (ME9PXL1153, Transonic Systems Inc., Ithaca, 

NY, USA). Pressures were monitored and recorded using pressure transducers with an accuracy 

of ± 0.5% (PX181B-015C5V, Omega Engineering, Stamfort, CT, USA). Data was recorded for 

3 s after each blood sampling event after haemodynamics stabilised. 
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4.3.4 Blood Donation Process and Handling 
Fresh whole human blood was harvested from healthy adult donors using an automated blood 

collector device (T-RAC, Terumo Medical Corporation, Tokyo, Japan) in a manner similar to the 

Australian Red Cross blood donation process, under the approval from the Human Research 

Ethics Committee of The Prince Charles Hospital, Chermside, Australia (HREC/15/QPCH/162) 

and Griffith University, Gold Coast, Australia (ENG/08/15/HREC). Blood was collected in 

450 mL citrate phosphate dextrose adenine (CPDA-1) anticoagulant-treated blood bags (T2118, 

Fresenius Kabi AG, Bad Homburg, Germany) and heparinised using 5000 UI of heparin 

(Heparin, Pfizer Inc., NYC, NY, USA) to further decrease the risk of thrombus formation from 

mechanical damage in the BCL, and from the interaction between blood and artificial surfaces 

(Guyton & Hall 2006). Interaction of blood with artificial surfaces, as well as mechanical 

damage due to rough handling, can contribute to haemolysis, thus the blood was handled and 

processed as gently as possible.  

4.3.5 In-Vitro Evaluation 
Two BCLs were run with each blood donation to mitigate the varying degrees of fragility 

presented by the donor blood (Klabunde 2010). The first BCL was circulated with fresh whole 

human blood within 1 hour of blood donation (BCL volume of 185 ± 5 mL). Blood was stored in 

a fridge at 4°C and warmed back to room temperature for 30 min prior to infusion of the second 

BCL approx. 4 hours following blood donation. Prior to blood infusion, the inner walls of the 

BCL were pre-incubated with heparin (1 UI per mL phosphate buffer saline (PBS, Sigma 

Aldrich Co., St. Louis, MO, USA) overnight, followed by Plasmalyte-148 (Plasmalyte-148, 

Baxter, Deerfield, IL, USA) for 15 min at room temperature. Solutions were infused and 

discarded via 3-way taps. Pressure sensors were zeroed against atmosphere prior to filling the 

BCL with Plasmylate-148 and the BCLs were filled to reach a filling pressure of 8 mmHg, 

representing physiological central venous pressure. Once the BCL was infused with blood the 

BCL was purged of any air bubbles, to prevent blood-air interaction. The temperature of the 

BCL was maintained at 37 ± 1°C using a temperature controlled water bath with an immersion 

recirculation heater (mgw LAUDA MT, Lauda Scientific GmbH, Lauda-Koenigshofen, 

Germany). RBP speed was maintained at 2400 rpm (using a custom built controller) and 

resistance modulated (via vice grip clamp as described above) to achieve a baseline RBP flow 
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(Q) of 5.0 ± 0.05 L/min and RBP differential pressure (ΔP) of 101.9 ± 1.4 mmHg. Once 

compliant IC collapse was initiated the fully-collapsible and semi-collapsible compliant ICs were 

maintained in their respective collapsed states by adjusting the G-clamps around the reservoirs 

after each blood draw over the duration of each experiment to simulate a flow-controlling state.  

4.3.6 Blood Sampling 
Prior to blood infusion (15 min), 2 mL samples were collected from the blood bag into 

ethylenediaminetetraacetic acid (EDTA) treated vacutainer tubes (VACUETTE TUBE 2 mL 

K2E K2EDTA, Greiner Bio-One GmbH, Kremsmuenster, Austria). In order to clear the blood 

bag’s infusion line of potentially stagnant blood the first few millilitres of blood were discarded. 

Further blood samples were taken by withdrawal from the sampling port downstream of the RBP 

outflow in the BCL at time (T) = 0 min, 5 min, 10 min, 15 min, 30 min, 45 min, 60 min, 75 min 

and 90 min. The first 0.5 mL was discarded, as blood could have been stagnant inside the 

sampling port, followed by a second draw of 2 mL which was used for data analysis as described 

below. Following withdrawal of blood from the BCL, the resistances across the reservoirs were 

modulated to counteract the haemodynamic changes due to volume loss inside the BCL and to 

restore pressure and flow to baseline values. 

4.3.7 Data Analysis 

4.3.7.1 Haemodynamics 

Haemodynamic data measurements were recorded using LabView 2015 (Labview 2015, 

National Instruments Corporation, Austin, TX, USA) and further processed using Excel 

(Microsoft Excel 2010, Microsoft, Redmond, WA, USA) and Matlab (Matlab R2013b, 

Mathworks, Natick, MA, USA). The RBP inlet pressure (Pin), RBP outlet pressure (Pout), RBP 

inflow cannula inlet pressure (IC Pin) and RBP flow (Q) (Figure 4.3) were calculated as means 

over 3 s measurement intervals. RBP ΔP was calculated using Eq. 4-6: 

 ∆𝐿𝐿 = 𝐿𝐿𝑜𝑜𝑜𝑜𝑡𝑡 − 𝐿𝐿𝑖𝑖𝑖𝑖  (4-6) 

Inflow cannula resistance (Ric) was calculated using Eq. 5.7 (Klabunde 2010): 

 𝐻𝐻𝑖𝑖𝑖𝑖  =  
𝐼𝐼𝐶𝐶 𝐿𝐿𝑖𝑖𝑖𝑖 − 𝐿𝐿𝑖𝑖𝑖𝑖

𝑄𝑄
× 80 (4-7) 

In the event of a fluttering IC, the frequency and amplitude of the resulting oscillations in RBP 

Pin, ΔP and Ric were evaluated by computing the Discrete Fourier Transform (DFT) using a Fast 
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Fourier Transform (FFT) algorithm. Analysis was performed with Matlab (Matlab R2013b, 

Mathworks, Natick, MA, USA) at a sampling frequency of 100 Hz over a sampling period of 3 s. 

DFT converts the data signal from its original time domain to the frequency domain. 

4.3.7.2 Haemocompatibility 

Haematocrit and erythrocyte counts of blood suspensions were evaluated using a Coulter counter 

(COULTER Ac-T 5diff CP, Beckman Coulter, Brea, CA, USA). 𝐻𝐻𝐻𝐻𝐻𝐻 is the ratio of the volume 

of red blood cells to the volume of whole blood, expressed as a percentage. 

 

Plasma free haemoglobin (pfHb) levels were determined using the Harboe method (Harboe 

1959) where blood samples were centrifuged at 1200 g for 10 min and supernatant diluted in 

0.01% Na2CO3 to final concentrations of 16.6% (1/6) and 10% (1/10). The absorbance was 

measured at λ 380, 415 and 450 nm using a UV/Vis spectrophotometer (UVmini-1240, 

Shimadzu, USA) and the values of the measurements obtained for the two dilutions were 

averaged for each time point. Plasma free haemoglobin (pfHb) in g/L and Normalised Index for 

Haemolysis (NIH) in g/100L were calculated using equations 4-8 and 4-9, respectively (Noe et 

al. 1984; Han et al. 2010; ASTM 1997b). 

 pfHb = �
167.2𝐿𝐿𝐴𝐴𝑠𝑠415 − 83.6𝐿𝐿𝐴𝐴𝑠𝑠450  − 83.6𝐿𝐿𝐴𝐴𝑠𝑠380

1000
� ×

1
dilution in Na2CO3

 (4-8) 

 

 NIH =  ∆pfHb × 𝑆𝑆 ×  
100 − 𝐻𝐻𝐻𝐻𝐻𝐻

100
× 

100
𝑄𝑄× 𝑇𝑇

 (4-9) 

where Abs415 is the absorbance at wavelength 415 nm, Abs450 is the absorbance at wavelength 

450 nm, Abs380 is the absorbance at wavelength 380 nm, ΔpfHb is the increase of plasma free 

haemoglobin concentration (g/L) over the sampling time interval, V is the BCL volume (L), Q is 

the RBP Q (L/min), 𝐻𝐻𝐻𝐻𝐻𝐻 is the haematocrit (%) and 𝑇𝑇 the sampling time (min). 

In addition to the NIH the Haemolysis Rate Index (HRI) in g/Hr was calculated using Eq. (4-10) 

(Kameneva & Antaki 2007): 

 

 
𝐻𝐻𝐻𝐻𝐼𝐼 =

∆𝑝𝑝𝑝𝑝𝐻𝐻𝐴𝐴 × 𝑆𝑆 × (100 − 𝐻𝐻𝐻𝐻𝐻𝐻)/100
𝑇𝑇

 (4-10) 
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where ΔpfHb is the increase of plasma free haemoglobin concentration (g/L) over the sampling 

time interval, V is the BCL Volume (L), 𝐻𝐻𝐻𝐻𝐻𝐻 is the haematocrit (%) and T the sampling time 

(Hr).  

In contrast to the NIH the HRI is not dependent on pump flow rate. 

4.3.8 Statistical Analysis 
Statistical analysis was performed using IBM SPSS statistics software (SPSS Statistics V22, 

IBM, New York, USA). One-way ANOVA was used to compare statistical significance between 

IC types. Prior to one-way ANOVA analysis the data was evaluated for equality of variances by 

running a Levene’s test. In cases where equality of variances was found one-way ANOVA 

analysis was performed. Results of p < 0.05 were considered significant and the results were 

expressed as mean ± standard deviation. 

4.4 Results 
A total of twelve Blood Circulating Loops (BCLs) were run on six experiment days, utilizing 

fresh whole human blood from six donors. During blood infusion of the second BCL the 

Plasmalyte-148 was drained from the BCL quicker than blood was being infused, resulting in a 

high negative Pin (approx. -100 mmHg) and a severe collapse of the semi-collapsible compliant 

IC. The high negative Pin bent the 3D printed struts of the prototype at the beginning of the 

experiment, which altered the performance of the prototype (Figure 4-4). 

 
Figure 4-4: Semi-collapsible compliant IC with bend struts following pump inlet pressures occurring of -100 

mmHg during blood infusion of first BCL 
 

Instead of semi-collapsing and restricting RBP flow without fluttering, this semi-collapsible 

compliant IC prototype fully collapsed, essentially performing like a fully-collapsible compliant 

IC. In order to avoid struts from bending the strut width was increased by 50% from 1 mm to 1.5 

mm while Pin was closely monitored during blood infusion. 
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The third and fourth BCLs were run on the same day with blood from the same donor. In this 

donor’s blood the sedimentation rate of the red blood cells was high and after analysing the 

blood samples it was found that the haematocrit in the third BCL was 48% compared to 19% in 

the fourth BCL, indicating that more red blood cells were infused into the third BCL than the 

fourth BCL. To avoid this problem the blood bags were mixed prior to infusion by carefully 

rocking the blood bag by hand. Due to these complications BCLs 2, 3 and 4 were omitted from 

the results. Therefore the total sample size for each cannula was N = 3. 

Table 4-1 shows an overview of the BCL experiments conducted in this study. 

 
Table 4-1: Blood circulation loop experimental overview. The time column indicates if the BCL was run first 
or second on the respective day of the experiment. BCL marked with an (*) were omitted from data analysis. 

FC - fully-collapsible, SC - semi-collapsible, R - rigid 
 

Loop Acronym Cannula Type Subject Pump Time 

BCL 1 FC-1 FC 1 I 1st 

*BCL 2 N/A SC 1 II 2nd 

*BCL 3 N/A SC 2 I 1st 

*BCL 4 N/A R 2 II 2nd 

BCL 5 R-1 R 3 I 1st 

BCL 6 SC-1 SC 3 II 2nd 

BCL 7 SC-2 SC 4 II 1st 

BCL 8 FC-1 FC 4 I 2nd 

BCL 9 SC-3 SC 5 I 1st 

BCL 10 FC-3 FC 5 II 2nd 

BCL 11 R-2 R 6 I 1st 

BCL 12 R-3 R 6 II 2nd 

4.4.1 Haemodynamics 

The mean RBP Q ( Q ) for the rigid IC was 5.0 ± 0.2 L/min, mean Pin ( inP ) was -4.5 ± 0.6 

mmHg, mean ΔP (∆𝐿𝐿����) was 102.9 ± 1.0 mmHg and mean Ric ( icR ) was 17 ± 13 dyne s cm-5 

throughout the duration of the 90 min experiment. These values were similar to the initial 

baseline values after BCL set up. RBP ∆𝐿𝐿���� with the fully-collapsible (104.2 ± 3.7 mmHg) and 

semi-collapsible compliant IC (106.5 ± 4.0 mmHg) was similar when compared to the rigid IC. 

However, the fully-collapsible and semi-collapsible compliant IC presented increased icR  (492 ± 
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120 dyne s cm-5 and 345 ± 148 dyne s cm-5, respectively) and decreased inP  (-24.8 ± 4.3 mmHg 

and -20.2 ± 6.3 mmHg, respectively), resulting in decreased Q  (4.3 ± 0.2 L/min and 4.6 ± 

0.3 L/min, respectively) from baseline, due to full and semi collapse of the compliant section of 

the respective IC designs. 

A  B  

C  D  

Figure 4-5: Comparison of (a) Q , (b) icR , (c) inP  and (d) ∆𝑷𝑷���� for rigid, fully-collapsible and semi-collapsible 

compliant inflow cannulae. Q  - mean RBP flow, icR  - mean inflow cannula resistance, inP  - mean RBP inlet 

pressure, ∆𝑷𝑷���� - mean RBP differential pressure. Data presented as mean ± standard deviation (n = 3 for each 
cannula type). * Indicated significant differences (p < 0.05) 

 

Differences in Q , inP  and icR  between the rigid IC and fully-collapsible compliant IC were 

statistically significant (p < 0.05), as shown in Figure 4-5 (A - C). The fully-collapsible 

compliant IC exhibited a 0.7 L/min decrease in Q  and 475 dyne s cm-5 increase in icR , when 

compared with the rigid IC. Significant differences between the rigid IC and semi-collapsible 
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compliant IC were found for inP  and icR  (p < 0.05) as inP  decreased by 16 mmHg and icR  

increased by 327 dyne s cm-5 with the semi-collapsible compliant IC. Differences in Q were not 

significant between the semi-collapsible compliant IC and rigid IC (p > 0.05). 

 

The fully-collapsible compliant IC exhibited continuous fluttering during collapse, thus causing 

high frequency and high amplitude oscillations in Pin, ΔP and Ric. The oscillation frequencies 

were 7.45 ± 0.88 Hz for Pin, ΔP and Ric with amplitudes of 17.73 ± 3.41 mmHg (Pin), 14.27 ± 

2.99 mmHg (ΔP) and 302 ± 49 dyne s cm-5 (Ric). Both the rigid IC and semi-collapsible 

compliant IC exhibited frequencies between 2.21 - 2.99 Hz with greatly reduced amplitudes 

between 0.16 - 0.95 mmHg (Pin), 0.25 - 0.42 mmHg (ΔP) and 3.3 - 6 dyne s cm-5 (Ric). 

 

When compared with the rigid IC and semi-collapsible compliant IC, the fully-collapsible 

compliant IC exhibited oscillations in Pin, ΔP and Ric at significantly larger amplitudes at 

significantly higher frequencies as seen in Figure 4-6 (a-f) (p < 0.05). The fully-collapsible 

compliant IC increased the oscillation frequency of Pin by 4.46 and 4.77 Hz when compared to 

the rigid IC and semi-collapsible compliant IC respectively, while oscillation amplitudes were 

increased by 17.57 mmHg (rigid IC) and 16.77 mmHg (semi-collapsible compliant IC). The 

semi-collapsible compliant IC presented negligible levels of oscillations in amplitude and 

frequency, similar to the rigid IC (p >0.05). 
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A  B  

C  D  

E  F  

Figure 4-6: Frequency and amplitude of inP  (a, b), ∆𝑷𝑷���� (c, d) and icR  (e, f) oscillations for rigid, fully-

collapsible and semi-collapsible compliant inflow cannulae. inP  - mean RBP inlet pressure, ∆𝑷𝑷���� - mean RBP 

differential pressure, and icR  - mean inflow cannula resistance. Data presented as mean ± standard deviation 
(n = 3 for each cannula type). * Indicated significant differences (p < 0.05) 
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4.4.2 Haemocompatibility 

Baseline erythrocyte count, as measured using a Coulter counter, was 4.1 ± 0.22 ×1012/L (rigid 

IC), 4.0 ± 0.48 x1012/L (fully-collapsible compliant IC) and 3.95 ± 0.54 ×1012/L (semi-

collapsible compliant IC). Blood haematocrit (𝐻𝐻𝐻𝐻𝐻𝐻) levels remained relatively stable for all three 

cannula types during the initial 60 minutes of this study. However, this trend was followed by a 

decline in 𝐻𝐻𝐻𝐻𝐻𝐻 levels until the end of the study (T = 90 min), suggesting an increase in pfHb 

(Figure 4-7). Haematocrit decreased with the rigid IC from 35.4 ± 1.3% to 34.7 ± 1.7%. With the 

semi-collapsible compliant IC 𝐻𝐻𝐻𝐻𝐻𝐻 decreased from 33.6 ± 4.3% to 32.0 ± 5.4% while the fully-

collapsible compliant IC decreased 𝐻𝐻𝐻𝐻𝐻𝐻 from 34.3 ± 3.7% to 32.2 ± 5.4%. With the fully-

collapsible compliant IC 𝐻𝐻𝐻𝐻𝐻𝐻 decreased the furthest (by 2.1%) while the semi-collapsible 

compliant IC and the rigid IC decreased 𝐻𝐻𝐻𝐻𝐻𝐻 by 1.6% and 0.7% respectively. Complete data for 

RBC and 𝐻𝐻𝐻𝐻𝐻𝐻 at each time point can be found in Appendix B. 

 
Figure 4-7: Changes in 𝑯𝑯𝑯𝑯𝑯𝑯 (%) with increased exposure time to rigid, fully-collapsible and semi-collapsible 
compliant inflow cannulae. 𝑯𝑯𝑯𝑯𝑯𝑯 – haematocrit. Data presented as mean ± standard deviation (n = 3 for each 

cannula type) 
 

pfHb levels increased over time for both compliant IC types and the rigid IC as a control (Figure 

4-8 (a)), with decreasing 𝐻𝐻𝐻𝐻𝐻𝐻 levels. With the rigid IC mean pfHb increased from 0.084 ± 

0.003 g/L to 0.320 ± 0.171 g/L. The semi-collapsible compliant IC increased pfHb from 0.140 ± 

0.044 g/L to 0.300 ± 0.090 g/L, which were similar levels when compared to the rigid IC. The 



PhD Thesis 158 Jo Philipp Pauls 

fully-collapsible compliant IC induced higher levels of haemolysis as evidenced by pfHb 

concentration increasing from 0.158 ± 0.070 g/L to 2.005 ± 0.665 g/L, over the 90 min exposure 

time.  

The concentration of pfHb released from erythrocytes was significant higher with the fully-

collapsible compliant IC than with the rigid IC (by 1.684 g/L) or semi-collapsible compliant IC 

(by 1.709 g/L) (p < 0.05) (Figure 198(b)). There were no significant differences in pfHb levels 

between the rigid IC and semi-collapsible compliant IC design over the duration of the 90 min 

experiment (p > 0.05). Complete data for pfHb at each time point can be found in Appendix B. 

A  

B  

Figure 4-8: Comparison of (a) mean pfHb (g/L) released into circulating blood with increased exposure time, 
and (b) the final pfHb concentration, at T = 90 min, on exposure to rigid, fully-collapsible and semi-

collapsible compliant inflow cannulae. pfHb - plasma free haemoglobin, IC - inflow cannula. Data presented 
as mean ± standard deviation (n = 3 for each cannula type). * Indicated significant differences (p < 0.05) 
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The overall Normalised Index of Haemolysis (NIH) at the end of the 90 min experiment for the 

rigid IC was 0.01089 ± 0.0054 g/100L. The semi-collapsible compliant IC presented similar 

levels of NIH with 0.0047 ± 0.0026 g/100L than the rigid IC, while the fully collapsible 

compliant IC increased NIH levels to 0.0688 ± 0.0355 g/100L. The fully-collapsible compliant 

IC significantly increased NIH when compared to the semi-collapsible compliant IC (by 0.0641 

g/100L) and rigid IC (by 0.0579 g/100L) (p < 0.05) (Figure 4-9). As with pfHb levels, the 

difference in NIH between the rigid IC and semi-collapsible compliant IC design was negligible 

(p > 0.05). Complete data for NIH at each time point can be found in Appendix B. 

 
Figure 4-9: Comparison of overall NIH (g/100L) after T = 90 min, on exposure to rigid, fully-collapsible, and 
semi-collapsible compliant inflow cannulae. NIH - normalised index of haemolysis. Data presented as mean ± 

standard deviation (n = 3 for each cannula type). * Indicated significant differences (p < 0.05) 
 

The overall Haemolysis Rate Index (HRI) at the end of the 90 min experiment for the rigid IC 

was 0.0331 ± 0.0164 g/Hr. The semi-collapsible compliant IC presented similar levels of HRI 

with 0.0131 ± 0.0079 g/Hr than the rigid IC, while the fully collapsible compliant IC increased 

HRI levels to 0.1772 ± 0.0975 g/Hr. The fully-collapsible compliant IC significantly increased 

HRI when compared to the semi-collapsible compliant IC (by 0.164 g/Hr) and rigid IC (by 0.144 

g/Hr) (p < 0.05) (Figure 4-10). As with pfHb levels and NIH levels, the difference in HRI 

between the rigid IC and semi-collapsible compliant IC design was negligible (p > 0.05). 

Complete data for HRI at each time point can be found in Appendix B. 
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Figure 4-10: Comparison of overall HRI (g/Hr) after T = 90 min, on exposure to rigid, fully-collapsible, and 

semi-collapsible compliant inflow cannulae. HRI - haemolysis rate index. Data presented as mean ± standard 
deviation (n = 3 for each cannula type). * Indicated significant differences (p < 0.05) 

4.5 Discussion 
When compared with the rigid IC, the fully-collapsible compliant IC and semi-collapsible 

compliant IC exhibited a significantly lower inP  (p < 0.05) and higher icR  (p < 0.05). Differences 

in Q  were only significant between the rigid IC and the fully-collapsible compliant IC, however 

the semi-collapsible compliant IC increased icR  by 327 dyne s cm-5 by collapsing around the 

struts, thus decreasing Q  by 0.4 L/min. Previous experiments presented in Chapter 3 

demonstrated the ability of both compliant IC designs to ameliorate ventricular suction by 

increasing RBP Ric and subsequently decreasing RBP flow rate. 

 

When compared with the fully-collapsible compliant IC, the partial collapse of the semi-

collapsible compliant IC mitigated cannula fluttering and resulting oscillations as evidenced by 

significantly lower amplitude and frequency of oscillations (p < 0.05), while still passively 

controlling RBP flow rate. The custom built RBP controller maintained RBP speed at 2400 ± 25 

rpm. The minor oscillations in RBP speed of ± 25 rpm, observed over the course of the study, 

resulted in oscillations in Q, Pin, ΔP and Ric exhibited by the rigid IC. Frequencies and 

amplitudes of oscillations exhibited by the semi-collapsible compliant IC were not significantly 
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different from the rigid IC (p > 0.05), thus it can be deduced that the oscillations in Pin, ΔP and 

Ric of the semi-collapsible compliant IC induced by minor oscillations in RBP speed were 

negligible.  

 

Haematocrit levels for rigid, semi-collapsible and fully-collapsible compliant IC remained 

relatively stable during the first 60 min, before decreasing with increased exposure time to shear 

stress. Consequently pfHb levels and haemolysis increased with decreasing 𝐻𝐻𝐻𝐻𝐻𝐻 levels. 

Haemolysis within each cannula type varied with donor blood reinforcing that erythrocytes from 

different donors can have varying degrees of mechanical fragility (Kameneva & Antaki 2007). 

However, the fully-collapsible compliant IC presented significantly higher (p < 0.05) levels of 

haemolysis when compared with the semi-collapsible compliant IC and rigid IC. The differences 

in pfHb and NIH within the three fully-collapsible BCLs caused by variability in donor blood 

was negligible when compared with the significant differences between the three cannula types 

shown in Figure 6 (a). As such, it can be confidently stated that the varying source of donor 

blood or differences in 𝐻𝐻𝐻𝐻𝐻𝐻 levels did not influence trends in the results within each cannula 

type. 

 

There were no statistically significant (p > 0.05) differences in haemolysis between the semi-

collapsible compliant IC and rigid IC, indicating the semi-collapsible compliant IC design did 

not increase haemolysis when introduced into a RBP circuit, while still being able to passively 

control RBP flow rate to mitigate ventricular suction. On the other hand, the fully-collapsible 

compliant IC exhibited significantly greater levels of haemolysis, when compared with the rigid 

IC and semi-collapsible IC (p < 0.05). These data indicate the semi-collapsible compliant IC is 

more haemocompatible than the fully-collapsible compliant IC. This may be attributed to the 

reduced levels of cannula fluttering reducing the overall turbulence across the cannula, as 

turbulent stresses strongly contribute to blood mechanical trauma and subsequent haemolysis 

(Grigioni et al. 1999; Sutera & Mehrjardi 1975). Previous in-vitro and in-vivo experiments with 

both fully-collapsible and semi-collapsible compliant IC showed their capability to prevent 

ventricular suction events presented in Chapter 3, thus the semi collapsible compliant IC will be 

better suited for clinical application as it has the capacity to passively control RBP flow rate and 

prevent ventricular suction while not increasing haemolysis. 
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Factors that could have influenced rate of haemolysis, besides the different cannula types, 

varying 𝐻𝐻𝐻𝐻𝐻𝐻 levels and varying source of donor blood, were the two VentrAssist pumps, time of 

experiment after blood donation and the manufacturing process of the cannulae prototypes, as 

new compliant IC were used for each BCL. The repeatability of the manufacturing process was 

shown previously, as the compliances of the compliant inflow cannulae were similar within each 

compliant cannula type over the critical range of inlet pressure (- 20 mmHg to - 30 mmHg). BCL 

R-02 and R-03 were both run with blood from the same donor and rigid cannulae, but at different 

times and with different pumps. Results of these two loops were similar, indicating the influence 

of time of experiment and type of VentrAssist pump were negligible in this study. 

 

NIH for the VentrAssist pump was published previously to be 0.000167 ± 0.00007 g/100L, 

which was smaller than the NIH of 0.01089 ± 0.0054 g/100L (rigid IC) and 0.0047 ± 0.0026 

g/100L (semi-collapsible compliant IC) attached to a VentraAssist pump in this study (James et 

al. 2003). The CentriMag (NIH of 0.0011 ± 0.0005 g/100L) and Biomedicus BP-80 (NIH of 

0.00053 ± 0.0002 g/100L) pumps were reported to have lower NIH when compared to the three 

cannula types from this study but higher NIH when compared to the VentraAssist NIH presented 

in literature (James et al. 2003; Chan et al. 2015). The CentriMag pump was tested with bovine 

blood which was adjusted to a 𝐻𝐻𝐻𝐻𝐻𝐻 of 30 ± 2% by dilution with PBS solution (Chan et al. 2015), 

which might explain the differences in NIH as fresh whole human blood was used in this study 

with varying 𝐻𝐻𝐻𝐻𝐻𝐻. Jikuya et al. showed that the mechanical fragility of bovine erythrocytes is 0.5 

times as large as human erythrocytes (Jikuya et al. 1998). Both the Biomedicus BP-80 and 

VentrAssist pump were tested with human blood (donated on the day prior to the study) which 

was adjusted to 30% 𝐻𝐻𝐻𝐻𝐻𝐻 using a PBS solution (James et al. 2003). In this study fresh whole 

human blood was used and 𝐻𝐻𝐻𝐻𝐻𝐻 was not adjusted to specified 𝐻𝐻𝐻𝐻𝐻𝐻 levels. Despite the differences 

in NIH values between the experiments presented in this chapter and the literature, this study 

aimed to compare two compliant inflow cannula designs with a rigid inflow cannula as a control. 

This was achieved and demonstrated increased NIH with the fully-collapsible IC compared to 

the semi-collapsible IC and rigid IC. 
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4.6 Limitations and Future Work 
There were some inherent study limitations which need to be addressed. One of the limitations 

was that the semi-collapsible IC prototypes were not performing as anticipated at all times. Even 

though all three tested semi-collapsible compliant inflow cannulae collapsed and restricted RBP 

flow without fluttering, the prototypes showed signs of strut deformation at the end of each 

experiment. In future studies, the prototypes should be improved by using metallic struts instead 

of the 3D printed struts, to mitigate strut bending. VentrAssist pumps, used in this study, are no 

longer used in clinic; however they are still third-generation implantable centrifugal rotary 

LVADs and as such can be used to represent modern devices such as the HeartWare HVAD. 

Furthermore, the VentrAssist pumps available for this study have been in use for several years in 

both in vitro and in vivo experiments, which might explain the differences in measured NIH 

presented in the literature. Another limitation was that the blood source and 𝐻𝐻𝐻𝐻𝐻𝐻 levels 

throughout the study were not consistent, which could have caused variability in the results. 

Varying blood source or 𝐻𝐻𝐻𝐻𝐻𝐻 levels did not influence trends in the results within each cannula 

type, as shown by repeated analysis (N=3) per cannula type. To further mitigate potential effects 

of varying blood source and 𝐻𝐻𝐻𝐻𝐻𝐻, whole blood could be adjusted to a specific haematocrit level 

using PBS or a pooled blood suspension of multiple donors adjusted to a specific haematocrit 

level in a sterile PBS solution in future experiments. In addition, the use of pooled blood (re-

suspended washed red cells from multiple donors) would allow for enough volume to be made  

so that three BCL (with one cannula type each) could be run at the same time, mitigating time 

between loops as a potential factor. Finally, the sample size of this study was N = 3 per cannula 

type (N = 9 overall), which is a small sample size. Nonetheless statistical analysis showed 

significant differences (p < 0.05) in results between cannulae types.  

 

4.7 Conclusion 
This chapter reports an investigation of the effect of compliant inflow cannulae on the 

haemocompatibility of Rotary Blood Pump (RBP) circuits. In order to assess the 

haemocompatibility of both fully-collapsible and semi-collapsible compliant inflow cannulae 

(previously described in Chapter 3) a blood circulation loop for use with fresh whole human 

blood was successfully designed. Results clearly showed that the semi-collapsible compliant 
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inflow cannulae did not increase rate of haemolysis when introduced into the RBP circuit when 

compared to the rigid control inflow cannulae and therefore will be better suited for further 

development and potential clinical application. In contrast the fully-collapsible inflow cannulae 

did increase haemolysis significantly. The novel semi-collapsible compliant IC design was then 

rigorously evaluated and compared to active physiological control systems from literature and 

results are presented in Chapter 5. 
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5 LVAD Physiological Control Comparison 
Physiological control systems aim to automatically adjust pump speed in response to changes in 

preload and afterload in order to satisfy a control objective and to match cardiac output to patient 

demand. A number of control systems have been presented in the literature, but comparison of 

the performance of these various controllers is made difficult by the variety of different testing 

scenarios and apparatuses used for evaluation. Given the number of different control strategies 

presented in the literature, it would be of value to identify which control systems are the most 

versatile and therefore worthy of further investigation. Therefore it will be most useful if these 

control systems were tested with the same hardware under identical conditions and compared to 

the semi-collapsible compliant inflow cannula (IC) presented in Chapter 3. 

 

The significance of this chapter is that it presents a thorough comparison of the semi-collapsible 

compliant IC with various physiological control systems for Left Ventricular Assist Devices 

(LVADs) previously presented in literature under identical conditions. Time response was 

evaluated with identical definitions of rise times and settling times for the first time. Active 

changes in posture as a simulated patient state were simulated with a novel mock circulation loop 

test bed. Evaluation techniques for physiological control systems differ vastly, thus comparison 

between controllers from literature is difficult. Results from this chapter can provide engineers 

and clinicians with information about the performance of previously presented control systems 

and how they compare to the compliant IC and help with decisions on which systems are worthy 

of further development. 

5.1 Aim 
This chapter aims to rigorously evaluate the semi-collapsible compliant IC together with various 

active physiological control strategies previously presented in the literature under identical 

conditions during in-vitro simulations in a mock circulation loop (MCL), in order to improve 

comparability between existing physiological controllers and help development of new control 

strategies, as comparison is made easy.  

 

 

 



PhD Thesis 168 Jo Philipp Pauls 

Key objectives include: 

• Implement patient scenarios (e.g. transition from rest to exercise and postural changes) in 

the MCL utilising the human data found in Chapter 1 for validation. 

• Evaluation of each controller’s ability to avoid ventricular suction and pulmonary 

congestion during rapid changes in preload and afterload. 

• Simulation of a transition from rest to exercise to investigate each controller’s ability to 

increase LVAD flow and to unload the failing left ventricle during exercise. 

• Definition and comparison of controller response times, as fast responding control 

systems may be most appropriate to prevent ventricular suction and pulmonary 

congestion while quickly increasing exercise capacity. 

5.2 Literature Review 
The need for physiological control systems has been established in Chapter 1. In this section the 

different evaluation techniques previously used to assess physiological controller performance 

are discussed. 

5.2.1 Evaluation Techniques 
A physiological control system’s feedback loop has two main functions: set point tracking and 

regulation of the set point in the presence of disturbances to the system. Thus evaluation 

techniques for physiological controllers should include variations in the circulatory system and in 

the control system. The following evaluation techniques have been used previously in order to 

meet these requirements.  

5.2.1.1 Control System Variation 

5.2.1.1.1 Initiating Control 

When implementing a physiological control system, most times the LVAD will be operated in 

constant speed mode first prior to switching on the control system, giving the system time to 

stabilise. Thus evaluating the response of physiological control systems during start-up has been 

used as an evaluation technique previously. 
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This technique has been utilised by Choi et al. (2001); Giridharan et al. (2002); Gwak (2007); 

Gwak et al. (2011) and Chang & Gao (2010) during both in-silico and in-vivo experiments. It is 

a repeatable technique and easy to perform, however, it does not provide information about the 

interaction of the control system with the circulatory system. Thus evaluation of a control system 

should not be limited to just turning on the controller.  

5.2.1.1.2 Step Change in Target 

Each physiological control system has a control objective (as discussed in Section 1.2.8.1), 

which involves trying to maintain a control target (e.g. constant pump flow, constant pump inlet 

pressure) to a set point. The performance of a control system can be specified in terms of the 

transient response to a step change, as it is easy to generate and mostly sufficiently drastic (Ogata 

1970). A step change test involves a step-wise change in the set target signal for the controller, 

and time-domain characteristics (e.g. rise time, settling time and overshoot) can be measured in 

response to this step change. 

Alomari et al. (2011) used step changes in the pump speed target signal to assess their inlet-

pressure controller. Time-domain evaluation was performed, however the effect of the step 

changes on the circulatory system were not discussed. Furthermore, while their controller 

exhibited fast response times, these response times were not related to the response of the healthy 

circulatory system. Saeed et al. (2010) varied the target flow of their constant-flow control 

system during in-vivo evaluation, and also measured the effect on LAP, CVP and total flow. 

However, only steady-state results were obtained. 

One disadvantage of a step change test is that it can only be used for systems that rely on a fixed 

target value. Control systems with varying target values, such as those presented by Moscato et 

al. (2010); Salamonsen et al. (2012) and Gaddum et al. (2014), are difficult to evaluate with a 

step change test. Furthermore, while step changes in target are easy to perform, they are not a 

replacement for evaluation techniques utilising circulatory system variations, as they do not 

provide an indication of how the control system will respond to different patient scenarios. 

 

5.2.1.2 Circulatory System Variation 

Physiological control systems for rotary blood pumps should adjust pump speed and 

subsequently pump flow in order to match changes in patient demand due to variations in the 
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circulatory system (e.g. changes in posture or transition from rest to exercise). Most commonly 

variations in the circulatory system are simulated by step or ramp changes in preload, afterload 

and contractility. 

5.2.1.2.1 Preload 

The native healthy ventricle is sensitive to changes in preload, with preload sensitivity reported 

to be between 0.19 and 0.24 L/min/mmHg, with corresponding changes in contraction force 

(Frank-Starling mechanism) occurring in order to balance systemic and pulmonary flow 

(Klabunde 2010; Salamonsen et al. 2011). However, the preload sensitivities of Rotary Blood 

Pumps (RBPs) run in the clinical scenario of constant speed control are significantly less than 

that of native hearts (Salamonsen et al. 2011). Thus a physiological control system should 

increase the preload sensitivity of a RBP-assisted ventricle. Performing step changes in preload 

is important to evaluate preload sensitivity and has been performed by a number of investigators. 

 

In in-silico studies, step changes in preload have been facilitated in a number of ways. Moscato 

et al. (2010) simulated an instantaneous depletion and subsequent reinfusion of 0.45 L of blood 

while Mansouri et al. (2015) simulated a loss in total blood volume of 1 L. A decrease in 

Pulmonary Vascular Resistance (PVR) from 133.33 to 26.67 dyne s cm-5 to increase left 

ventricular preload was simulated by Choi et al. (2001). Waters et al. (1999) and Arndt et al. 

(2008) lumped right heart and pulmonary circulatory elements together as a single pressure 

source, changing Left Ventricular (LV) preload by adjusting the value of this pressure source. 

Gwak (2007) and Gwak et al. (2011) empirically varied preload by changing the horizontal and 

vertical offset of their cost function for control optimisation. 

 

Gwak et al. (2004) also evaluated their control system in in-vitro studies and used a manual 

valve between the ventricle and pump inlet to control inlet flow in a left-side-only Mock 

Circulation Loop (MCL). This is not realistic scenario, as it simultaneously lowers pump inlet 

pressure whilst increasing ventricular preload. Gaddum et al. (2012) increased circulatory 

volume in a biventricular MCL by shifting fluid from the systemic venous compliance chamber 

into the right atrium, increasing both left and right ventricular preloads. In another study Gaddum 

et al. (2014) simulated sudden pulmonary hypertension through an actively controlled sudden 

increase in PVR to increase LV preload. No volume of fluid shift or range of PVR change was 
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reported. Khalil et al. (2008) used a clamp valve placed on the outflow tubing of the right pump 

to increase PVR from 160 to 800 dynes s cm-5 in-vitro. However, the accuracy and repeatability 

of manually adjusting clamp valves might be quite low. 

5.2.1.2.2 Afterload 

Step changes in afterload were the most common method of controller assessment. While the 

native heart is quite preload sensitive it exhibits insensitivity to afterload (0.02 - 

0.05 L/min/mmHg), thus ensuring that cardiac output is maintained regardless of the arterial 

pressure (Salamonsen et al. 2011). Some LVADs are reported to exhibit afterload sensitivities 

between 0.10 and 0.12 L/min/mmHg, thus a physiological control systems should decrease 

afterload sensitivity of an RBP-assisted ventricle to levels similar to that of native ventricles – 

i.e. should exhibit low afterload sensitivity (Salamonsen et al. 2011). Most afterload changes 

were facilitated in-silico or in-vitro by adjusting Systemic Vascular Resistance (SVR); however 

the magnitude and duration of both increases and decreases differed between investigators (Table 

5-1). 
Table 5-1:  Overview of different afterload changes facilitated by investigators to evaluate their physiological 
control systems. SVR - systemic vascular resistance, TPR - total peripheral resistance, MAP - mean arterial 

pressure 

Author Domain 
SVR change 

(dyne s cm-5) 
Other Variation Transition 

Moscato et al. (2010) In-silico 1600 - 933.33 None Step 

Waters et al. (1999) In-silico 1280 ↓ by 1-50% None Step 

Faragallah et al. 

(2012) 
In-silico 1333 - 667 None Step 

Wang et al. (2012) In-silico 1333 - 667 None Step 

Wu et al. (2003) In-silico None 
TPR ↓ by 1333 

dyne s cm-5 

Ramp 

(10 s) 

Choi et al. (2001) In-silico 1333 - 1600 None Step 

Ferreira et al. (2009) In-silico 1333 - 2400 None Step 

Simaan et al. (2009) In-Silico 1333 - 2666  None 
Ramp 

(5 s) 

Khalil et al. (2008) In-vitro 1440 - 1760 None Manual valve 

Ohuchi et al. (2001) In-vitro None 
MAP 

100 - 40 mmHg 
Ramp 
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Gwak (2007) and Gwak et al. (2011) adjusted their cost functions empirically to mimic afterload 

changes, similar to their preload changes. Nishida et al. (1996), Choi et al. (2001), Endo et al. 

(2002), Kosaka et al. (2003) and Gwak et al. (2004), all adjusted SVR using clamp valves during 

in-vitro experiments but specific values of SVR changes were not given. 

 

No clinical justification was provided for these changes, so the clinical relevance of the 

magnitude, tendency (i.e. increase or decrease) and duration of these changes is unknown. Step 

changes could be considered as a worst-case scenario when compared to ramp changes; however 

no justification for choosing step changes over ramp changes was provided. 

 

Simulations of changes in preload and afterload were not consistent between investigators, thus a 

comparison of existing physiological control systems from literature is difficult. Preload and 

afterload changes simulated in-silico are mostly more precise and repeatable, as changes 

performed in-vitro are mostly performed by manually adjusting valves, introducing human 

errors. Incorporation of actively controlled changes in preload and afterload as done by Gaddum 

et al. (2014) should improve repeatability and precision. 

5.2.1.2.3 Contractility 

Changes in ventricular contractility occur in heart failure patients when the failing ventricle 

recovers (increase in contractility) or further deteriorates (decrease in contractility). Furthermore 

changes in patient activity may affect residual heart contractility. A physiological control system 

must be able to respond to changes in contractility, as these changes occur on a regular basis in 

patients.  

 

In-silico step changes in contractility were simulated by changes in end systolic pressure volume 

relationship, in order to simulate an exercise state by both Arndt et al. (2010) and Moscato et al. 

(2010). Mansouri et al. (2015) simulated a decrease in LV contractility by decreasing maximum 

LV end systolic elastance by 78%. In in-vitro experiments Endo et al. (2002) performed step 

changes in contractility at two minute intervals, by controlling a pulsatile pump, used as a model 

for the ventricle. Wu et al. (2007) evaluated their controller using three different depressed 
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values of left ventricular contractility, facilitated by adjusting the output of the pneumatic control 

unit for their silicone ventricle. 

Similar to simulations of changes in preload and afterload, investigators did not use a consistent 

method for simulating changes in contractility, making comparison between control systems 

difficult. 

5.2.1.3 Patient Scenarios  

Simulating variations in the control system or circulatory system involve changes in single 

variables and are easy to perform. However, it is rare that only a single variable changes due to 

the complex nature of the circulatory system. Thus evaluation of physiological control system 

performance during common patient states will yield more clinically relevant results. 

5.2.1.3.1 Exercise 

Transition from rest to exercise was the most commonly simulated patient scenario during 

control system evaluations and was simulated in-silico and in-vitro (Table 5-2).  
Table 5-2: Overview of different protocols for simulating exercise for the purposes of evaluating physiological 

control systems. HR - heart rate, SVR - systemic vascular resistance, LVC - left ventricular contractility, 
RVC - right ventricular contractility, SVC - systemic venous compliance 

Author Domain HR SVR Other Variation Transition 

(Giridharan & Skliar 

(2003) 
In-silico 60 to 135 ↓ 33% None Start 

(Giridharan et al. 2004) In-vitro 60 to 100 None None Step 

Wu et al. (2003) and Wu 

et al. (2007) 
In-silico 60 ↓ 35 - 50% Activate muscle pump Ramp 

Moscato et al. (2010) In-silico 60 None SVC ↑ Step 

Karantonis et al. (2010) In-silico 

70 to 150 

80 to 135 

85 to 120 

90 to 110 

↓ 50% 
LVC ↑ 50% 

RVC ↑ 25% 
Ramp 

Ferreira et al. (2009) In-silico 75 to 90 ↓ 20% None Step 

Bullister et al. (2002) In-vitro 60 to 99 None None Step 

Lim et al. (2011) In-silico 60 to 95 ↓ 50% SVC fluid shift 500 mL Ramp 

Stevens et al. (2014) In-vitro 60 to 80 SVR ↓ 38% 
PVR ↓ 60% 

SVC fluid shift 700 mL 
Ramp 
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Exercise has been simulated by increasing heart rate, ventricular contractility, venous return and 

a decrease in systemic vascular resistance; however exercise simulations differed in the type of 

variables changed and magnitude of changes. 

5.2.1.3.2 Postural Changes 

Simulating a postural change is another patient scenario most likely to occur in the clinical 

setting, thus investigators have evaluated physiological control systems under those conditions. 

Lim et al. (2015) evaluated the response of various physiological control systems to passive 

changes in posture (head-up tilt) in-silico. Stevens et al. (2014) simulated a passive change in 

posture in-vitro by shifting (similar to a head up tilt) 300 mL of fluid into the systemic venous 

compliance chamber of the mock circulation loop. Gaddum et al. (2014) simulated a postural 

change from a standing position to a lying position in-vitro by forcing systemic venous fluid into 

the circulation. This postural change simulation did not take into account the exercise reflex 

observed during active changes in posture, thus is more a simulation of a passive change in 

posture, similar to the work by Stevens et al. (2014). 

 

The initial response of the native circulatory system to active changes in posture differs greatly 

to passive changes in posture (i.e. during heat-up tilt) (Borst et al. 1982; Dambrink & Wieling 

1987; Sprangers et al. 1991). However simulations of active changes in posture to evaluate 

physiological control systems have not been utilised by investigators previously. Thus 

implementing active changes in posture in an evaluation protocol will be beneficial, in order to 

gain more clinically relevant comparison results. 

5.2.1.3.3 Induced Suction 

One of the aims of physiological control systems is to mitigate ventricular suction events (i.e. 

collapse of the ventricular walls onto the VAD inlet cannula when pump flow exceeds venous 

return), thus some investigators induced a state of ventricular suction in order to assess their 

control systems’ ability to avoid this adverse event. Wu et al. (2007) started the pump at 

maximum speed, causing ventricular suction, before turning on the control system, while 

Olegario et al. (2003) induced LV suction in-vitro and in-vivo by increasing pump speed by 700 

rpm.  
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5.2.1.4 Time Response 

Considering the time response (e.g. rise times and settling times) of physiological control 

systems during the evaluation process is also important, as control systems that respond too 

slowly might not be able to avoid adverse events like ventricular suction. 

 

Wu et al. (2004) reported their controller took between 3 and 7 s, following initiation, to settle 

pump speed and left ventricular pressure. Moscato et al. reported settling times for pump speed 

in under 10 s during changes in venous return and increase in SVR (Moscato et al. 2010). 

Stevens et al. (2014) reported that speed changes occurred within 2 s of perturbations and both 

pumps in a biventricular assist device setting in an MCL exhibited 2% settling times of 10 s 

during postural change and exercise simulations. Settling time was defined as the time required 

for the control system to settle pump speed within a range of 2% of their final values. Waters et 

al. (1999) reported a similar settling time of approx. 10 s as the time for the differential pressure 

to return to the set-point. Mansouri et al. (2015) tuned proportional-integral-derivative (PID) 

gains of their controllers to achieve a 5% settling time of 10 s with minimal overshoot (i.e. a 

maximum overshoot within 10% of the final value). Giridharan & Skliar (2003) reported pump 

flow and pump speed settling times of 30 s during exercise simulations. Endo et al. (2002) 

presented a controller that converged new pump speed in 60 s after each parameter change. 

Changes in afterload and contractility in a MCL were tested. Bullister et al. (2002) reported the 

controller to increase pump speed signal from 3.10 to 4.36 V in approximately 10 s, thus 

reaching target LVEDP during exercise simulation. The controller of Choi et al. (2001) exhibited 

pump flow settling times between 35 and 40 s (interpolated from graphs) during increased 

venous return and increased afterload. Multiple investigators reported controller settling times of 

approximately 10 s, however this could have been coincidence as no justification was given why 

this response time was reported. 

 

In cases where investigators reported response times of the evaluated control system, mostly 

settling times were reported. However, a uniform definition of response time for physiological 

controllers does not exist. Most cases report controller settling time of either pump speed or 

pump flow, but even then definition of settling time (e.g. 2% or 5% settling time) and evaluation 
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techniques between investigators differ (e.g. exercise, controller initiation, changes in preload or 

afterload), making a comparison between controller response time from the literature difficult. 

 

Gaddum et al. (2014) reported a time to ventricular suction of approximately 15 s after a 

simulated sudden reduction in venous return. However, this does not necessarily mean that 

previous reported controllers with response times longer than 15 s would cause adverse events, 

as the individual evaluation frameworks were not comparable. 

 

5.2.2 Literature Summary 
This literature review identified evaluation techniques commonly used by other investigators in 

order to develop an evaluation protocol to compare existing physiological control systems under 

identical conditions. Most investigators used either single change in variables (e.g. step changes 

in preload, afterload and contractility) or simulation of a patient scenario. Patient scenarios (e.g. 

exercise and postural changes) are more reflective of scenarios happening in clinic, when 

compared to single changes in variables and can be induced more easily in-vivo and in clinic. 

However, there has been no consistent method of simulating exercise and active postural changes 

have not been evaluated yet. 

Most investigators evaluated their physiological control system with only one or two evaluation 

techniques. However, using more than two evaluation techniques would result in a more 

thoroughly tested and more robust control system. Moreover, most investigators evaluated their 

control system in isolation, without comparison to either the clinically used constant speed mode 

nor other physiological control systems or the healthy heart. In order to quantitatively compare 

physiological control systems presented in literature a standardised evaluation framework must 

be defined utilising a number of different evaluation techniques and patient scenarios. 

5.3 Methods 

5.3.1 Mock Circulation Loop 
In-vitro simulations were carried out using the same Mock Circulation Loop (MCL) previously 

described in Chapter 3. For details please refer to Section 3.2.2.1.  
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5.3.2 Data Acquisition 
The data acquisition system was previously described in Chapter 3 and was used for this work. 

Please refer to Section 3.2.2.2 for details. 

5.3.3 Physiological Control Systems 
Seven LVAD control strategies previously reported in the literature and the LVAD compliant IC 

presented in Chapter 3 were evaluated for this study and are shown in Table 5-3 (Wu et al. 2004; 

Edward Bullister et al. 2002; Giridharan & Skliar 2003; Casas et al. 2007; Moscato et al. 2010; 

Stevens et al. 2014; Gaddum et al. 2014). The constant inlet pressure (CIP) controller objective 

was to maintain left ventricular end-diastolic pressure (LVEDP) constant (Edward Bullister et al. 

2002). Maintaining the average pressure difference between the left ventricle and aorta close to a 

specified reference differential pressure (ΔPref) was the objective of constant differential pressure 

(ΔP) control (Giridharan & Skliar 2003). The constant aortic pressure and differential pressure 

(AoP/ΔP) controller used two control objectives; the primary control objective was to maintain 

aortic pressure constant at a set value, while the secondary control objective was to maintain 

pump differential pressure ΔP constant at a set value (Wu et al. 2004). Constant flow (CQ) 

control aimed to maintain pump flow at a pre-set reference LVAD flow rate (Casas et al. 2007). 

The constant afterload impedance (CAI) controller utilised a linear relationship between LVEDP 

(a measure of preload) and the target LVAD flow, to maintain a constant afterload impedance 

(Moscato et al. 2010). Maintaining constant afterload impedance ensured that target LVAD flow 

(LVADQ) varies linearly with LVEDP, mimicking the Starling relationship between flow and 

preload. The Starling LVEDP (SL) controller adjusted LVAD pump speed to achieve a set flow 

rate as a function of preload (represented by LVEDP) (Stevens et al. 2014). The Starling 

pulsatility (SP) controller set a target flow rate as a function of preload using LVAD flow 

pulsatility (difference between maximum and minimum flow rate during each cardiac cycle) as a 

surrogate for preload (Gaddum et al. 2014). A linear relationship between LVADQ and flow 

amplitude was implemented. The semi-collapsible compliant inflow cannula (IC) was a 

compliant silicone sleeve placed at the LVAD inlet which passively restricted the internal 

diameter as preload decreased, thus increasing VAD circuit resistance and decreasing VAD flow 

rate to avoid ventricular suction. 

 



 

Table 5-3: Physiological Control System Overview. LVEDP - left ventricular end diastolic pressure, LVADQ - left ventricular assist device flow, AoPref - 
reference aortic pressure, ΔPref - reference differential pressure, RPM - revolutions per minute, R* - adjustable peripheral resistance set-point, Θ - 

sensitivity of target flow to preload, A - horizontal offset 

Controller Acronym Objective Set Point Kp Ki 
Other 

Parameters 
Constant Inlet Pressure 

(Edward Bullister et al. 2002) 
CIP Constant LVEDP 7 mmHg 

0.06 

mmHg-1 
0.0389 

s-1 mmHg-1 
N/A 

Constant Differential Pressure 

(Giridharan & Skliar 2003) 
CΔP Constant ΔP 78 mmHg 

0.1 

RPM mmHg-1 
0.1 

RPM s-1 mmHg-1 
N/A 

Constant Aortic Pressure and 

Differential Pressure(Wu et al. 

2004) 
AoP/ΔP 

Primary Control:  

Constant AoP 

Secondary Control:  

Constant ΔP 

AoPref = 90 mmHg 

ΔPref = 78 mmHg 
18 

RPM mmHg-1 
21 

RPM s-1 mmHg-1 
N/A 

Constant Flow (Casas et al. 

2007) 
CQ Constant LVADQ 4.7 L/min 

0.06 

min-1 L 
0.0389 

min s-1  L-1 
N/A 

Constant Afterload Impedance 
(Moscato et al. 2010) 

CAI 
Constant afterload 

impedance 
Varies with preload 

59 

RPM min-1 L 
81 

RPM min s-1  L-1 
R* = 0.375 

Starling LVEDP (Stevens et 

al. 2014) 
SL 

Starling-like flow control 

(using LVEDP) 
Varies with preload 

0.06 

 min-1 L 
0.0389 

min s-1  L-1 
Θ = 76° 

A = 6.83 mmHg 

Starling Pulsatility (Gaddum 

et al. 2014) 
SP 

Starling-like flow control 

(using pulsatility) 
Varies with preload 

0.06 

min-1 L 

0.0389 

min s-1  L-1 

Control Angle: 

55° 

Semi-collapsible Compliant 

Inflow Cannula 

Compliant 

IC 

Ventricular suction 

avoidance 
N/A N/A N/A N/A 
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These control strategies were compared to the clinical scenario of an LVAD run at constant 

speed. These control objectives were selected for evaluation because enough detail was provided 

in their descriptions in literature for implementation in the MCL (Timms et al. 2011). However, 

some modifications were necessary prior to evaluation. Control systems that estimated 

cardiovascular and/or pump values (AoP/ΔP, CQ and CAI) were modified to replace the 

respective estimator with a sensor measurement from the MCL. This was done to remove the risk 

of errors introduced by inaccurate estimators, and to enable comparison of objectives in 

isolation. Controllers were implemented in Simulink (MathWorks, Natick, MA, USA) utilizing 

PI control. In cases where gains for proportional-integral (PI) control were unknown (CIP, 

AoP/ΔP, CQ and CAI) PI gains were tuned using a quasi-Newtonian optimisation algorithm, 

with the goal to find the set of PI gains that minimised the objective function J (Eq. 3-1): 

 
𝐽𝐽 =  � 𝑒𝑒(𝐻𝐻)2

𝑇𝑇

0
 (3-1) 

where e is the controller error (the difference between the target and measured variable). Note 

that some of the controllers presented in literature controlled the rotational speed of the impeller 

(CΔP, AoP/ΔP, CAI), whilst the remainder directly controlled the pulse-width modulation duty 

cycle of the voltage signal to the pump. 

5.3.4 In Vitro Evaluation 
The MCL was configured to represent a medically treated Severe Left Heart Failure (SLHF) 

condition without Left Ventricular Assist Device (LVAD) (Table 5-4).  

 
Table 5-4: Haemodynamic parameters for steady state conditions of pharmaceutically treated severe left 

ventricular heart failure (SLHF) and severe LHF with LVAD support. MAP - mean aortic pressure, MPAP - 
mean pulmonary artery pressure, MSQ - mean systemic flow, MPQ - mean pulmonary flow, HR - heart rate, 

SVR - systemic vascular resistance, PVR - pulmonary vascular resistance, VAD - ventricular assist device 
 

Condition 
MAP 

(mmHg) 

MPAP 

(mmHg) 

MSQ 

(L/min) 

MPQ 

(L/min) 

LVADQ 

(L/min) 

HR 

(bpm) 

SVR 

(dyne s cm-5) 

PVR 

(dyne s cm-5) 

SLHF 63 17 3.5 3.5 N/A 60 1300 100 

SLHF+VAD 90 15 5 5 4.9 60 1300 100 
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A VentrAssist LVAD (formally Ventracor Ltd., Sydney, Australia) was connected to the left 

ventricle for inflow and the aorta for outflow. LVAD speed was manually altered in constant 

speed mode to restore normal haemodynamics (Table 5-4) before activating each control system. 

Reference values for controller feedback variables were selected to ensure the same restored 

baseline condition for all controllers. 

 

Five experiments were conducted to vary LVAD preload and afterload: 

• Rapid PVR changes 

• Rapid SVR changes 

• Transition from rest to exercise 

• Passive postural change (similar to a head-up tilt experiment) 

• Active postural changes from a supine to a standing upright position and back to a 

supine position 

Each control system was evaluated in each simulated scenario and compared with the LVAD 

operated in constant speed mode with no physiological control system for comparison. 

Rapid changes in vascular resistance were simulated through step increases and decreases in 

PVR and SVR and held for 120 s while the system settled. PVR was increased by 400 dyne s cm-

5 (from 100 to 500 dyne s cm-5) and decreased by 60 dyne s cm-5 (from 100 to 40 dyne s cm-5). 

SVR was increased by 1300 dyne s cm-5 (from 1300 to 2600 dyne s cm-5) and decreased by 700 

dyne s cm-5 (from 1300 to 600 dyne s cm-5). Transition from rest to exercise was based on 

haemodynamics from the literature (Epstein et al. 1967) and values found during the human 

response time study presented in Chapter 2. Transition from rest to exercise was based on 

haemodynamics from the literature (Epstein et al. 1967) and values found during the human 

response time study presented in Chapter 2 and simulated by increasing HR (from 60 to 80 beats 

per minute) while decreasing SVR (from 1300 to 670 dyne.s.cm-5) and PVR (from 100 to 

40 dyne.s.cm-5) and adding fluid (500 mL) from a reservoir into the heart via the right atrium. A 

passive postural change was simulated by removing fluid (300 mL) from the heart into a 

reservoir. Active postural changes were based on haemodynamics found during the human 

response time study presented in Chapter 2 and simulated by increasing HR (from 60 to 80 beats 

per minute) while decreasing SVR (from 1300 to 800 dyne s cm-5) and PVR (from 100 to 

40 dyne s cm-5). The initial exercise reflex during standing up from a supine into a standing 
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upright position was simulated for 9 seconds and the initial response of lying back down was 

simulated for 4 seconds. Each parameter change was facilitated using first order response where 

the time constant was set to simulate the response of the native circulatory system, investigated 

in Chapter 2. Each patient state was simulated for a period of 120 seconds. Exercise and passive 

postural change test beds were previously implemented in the mock circulation loop by Stevens 

(2014). 

5.3.5 Haemodynamic Evaluation 
In each experiment, the capacity of each physiological control system to prevent left ventricular 

suction events and pulmonary congestion was evaluated. Ventricular suction was defined as the 

point when left ventricular volume (LVV) was equal to zero mL. If LVV reached zero mL 

during an experiment, the experiment was aborted. Pulmonary congestion was defined as the 

point when left atrial pressure (LAP) increased above 20 mmHg. Preload sensitivity (PS) and 

afterload sensitivity (AS) were calculated using Equations 5-2 and 5-3, where ΔMSQ, ΔLAP and 

ΔMAP are the differences between mean systemic flow, left atrial pressure and mean arterial 

pressure before and after the PVR and SVR changes respectively. 

 𝐿𝐿𝑆𝑆 =  
∆𝑀𝑀𝑆𝑆𝑄𝑄
∆𝐿𝐿𝐿𝐿𝐿𝐿

 (5-2) 

 𝐿𝐿𝑆𝑆 =  
∆𝑀𝑀𝑆𝑆𝑄𝑄
∆𝑀𝑀𝐿𝐿𝐿𝐿

 (5-3) 

Additionally, in the exercise scenario, the LVADQ and MSQ were compared, and the left 

ventricular stroke work (LVSW) was calculated, to determine the extent of ventricular 

unloading. LVSW was calculated as the area enclosed by the pressure-volume loop over one 

cardiac cycle using Eq. 5-4:  

 
𝐿𝐿𝑆𝑆𝑆𝑆𝐿𝐿 =  � 𝑝𝑝 𝑑𝑑𝑆𝑆

𝑡𝑡=𝑇𝑇

𝑡𝑡=0

≅  �
𝑝𝑝𝑖𝑖 + 𝑝𝑝𝑖𝑖+1

2
× (𝑆𝑆𝑖𝑖 − 𝑆𝑆𝑖𝑖+1)

𝑖𝑖=𝑁𝑁−1

𝑖𝑖=1

   (5-4) 

where T is the time period for one cardiac cycle, p is the ventricular pressure, V is the ventricular 

volume, i represents an experimental data sample and N is the number of data samples in one 

cardiac cycle. 

A second order Butterworth low-pass filter with a cut-off frequency of 2 Hz was used during 

data analysis to better visualize pressure and flow traces shown in the results section. 
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5.3.6 Time Response Evaluation 
To evaluate the time response of each control system during rapid changes in PVR and SVR and 

during a passive postural change, the rise time (tr) and settling time (ts) for LVAD speed and 

LVADQ were calculated (Figure 5-1).  

  
Figure 5-1: Examples of response times for LVAD speed and LVADQ with rise time (tr) and settling time (ts) 
indicated. Rise time was defined as the time for LVAD speed and LVADQ to initially rise from its baseline 

value to its final settled value, irrespective of future oscillations, while settling time was defined within a 
range of ± 2% of its final value. 

 

Most control systems in this study responded like underdamped systems, thus tr was calculated 

as the time required for the LVAD speed and LVADQ to initially change from its baseline value 

to its final settled value, irrespective of future oscillations (Ogata 1970). Settling time was 

defined as the time required for the control system to settle LVAD speed and LVADQ within a 

range of 2% of their final values (Figure 5-1). In each case wherein the controller did not respond 

like an underdamped system, only ts was calculated. When ventricular suction occurred, tr and ts 

were not calculated, instead the time to suction occurrence was calculated. Furthermore, mean 

and standard deviation for time to suction, tr and ts were calculated for each controller across all 

scenarios. 

 

During exercise studies in human subjects, transient kinetics have been described by a single 

term exponential and a time constant τ was calculated (Ozyener et al. 2001; Lador et al. 2006). In 

order to evaluate the time response of physiological control systems to exercise while being able 

to compare the response to human data, a mono-exponential equation using nonlinear least-

squares regression (GraphPad Prism 6, GraphPad Software Inc., La Jolla, CA, USA) was used to 
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describe the time course of LVADQ response during exercise simulations and to calculate the 

time constant τ as the time it took LVADQ to reach 63.2% of its final value (Eq. 5-5): 

 

 𝐿𝐿𝑆𝑆𝐿𝐿𝐷𝐷𝑄𝑄(𝐻𝐻) = 𝐿𝐿𝑆𝑆𝐿𝐿𝐷𝐷𝑄𝑄𝐵𝐵𝐵𝐵 + 𝐿𝐿𝑆𝑆𝐿𝐿𝐷𝐷𝑄𝑄𝐴𝐴  ×  �1 − 𝑒𝑒−(𝑡𝑡−𝛿𝛿) 𝜏𝜏⁄ � (5-5) 

 

where BL is the baseline, A is the amplitude and δ the delay. In addition ts for LVAD speed and 

LVADQ were calculated (Figure 5-2). 

  
Figure 5-2: Response times assessed during exercise simulations with settling time defined as time needed for 

the trace to reach a range of ± 2% of the final value and τ defined as 63.2% of the settling time. 
 

To evaluate the time response of each control system to active postural changes the settling time 

ts of LVAD speed and LVADQ was calculated as the time required for the control system to 

settle LVAD speed and LVADQ within a range of 2% of the final value respectively following 

simulated standing up and lying back down. 

Prior to calculating τ, tr and ts, the pulsatility due to native ventricular contractility was removed 

from all signals using a fourth-order zero-phase Butterworth filter with a cut-off frequency of 

0.1 Hz. The zero-phase filter processed the raw data in both forward and reverse directions, 

minimising the start-up and ending transients and producing zero-phase distortion. Therefore the 

effect of this filter was to remove pulsatility without affecting tr and ts of the beat-to-beat mean of 
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the signal. All signal filtering and processing was performed using Matlab (The Mathworks, 

Natick, MA). 

5.4 Results 

5.4.1 Exercise and Active Postural Change Simulation 
Exercise and active postural changes were simulated as described above in the method section. 

Test beds were iteratively tuned so that cardiac output mimicked the response of the human 

cardiovascular system during a transition from rest to exercise and active postural changes (as 

described in Chapter 2) (Figure 5-3). 

A  B  

Figure 5-3: Cardiac output traces vs time during exercise (A) and active postural changes (B) for both the 
native heart and MCL simulations. CO - cardiac output, MCL - mock circulation loop 

5.4.2 PVR Changes 
The response of each control system to sudden changes in LVAD preload and afterload was 

evaluated through rapid changes in PVR and SVR. In constant speed mode, with no 

physiological control system, a PVR increase from 100 to 500 dyne s cm-5 resulted in left 

ventricular suction due to a drop in mean Pulmonary Flow (PQ) from 5.0 L/min to 4.5 L/min 

after 12.8 s (Figure 5-4 A, Table 5-5). Ventricular suction occurred after 7.5 s, 9.0 s and 8.4 s 

with the AoP/ΔP, CQ and SP controllers respectively and 12.3 s with the CΔP controller. The 

CΔP controller did not change pump speed, thus exhibited a similar time to suction when 

compared to constant speed mode. The other controllers (AoP/ΔP, CQ and SP) started to 

increase LVAD speed prior to suction occurring, which reduced the time to suction. Due to 
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ventricular suction occurring, tr and ts were not calculated for constant speed, CΔP, AoP/ΔP, CQ 

and SP controllers. 

 
Figure 5-4: Mean pulmonary flow rate (MPQ) (A), LVAD flow (LVADQ) (B), end systolic left ventricular 

volume (LVESV) (C), left atrial pressure (LAP) (D), right atrial pressure (RAP) (E), mean pulmonary 
arterial pressure (MAP) (F), LVAD speed (G) traces during step increase in pulmonary vascular resistance 
from 100 to 500 dyne s cm-5. CIP - constant inlet pressure, CΔP - constant differential pressure, AoP/ΔP - 

aortic pressure/differential pressure, CQ - constant flow, CAI - constant afterload impedance, SL - Starling 
LVEDP, SP - Starling pulsatility, Compliant IC - compliant inflow cannula 

 
Table 5-5: Time to suction during changes in patient state. N/A indicates that no suction occurred during the 

experiment, thus no time to suction was calculated. CΔP - constant differential pressure, AoP/ΔP - aortic 
pressure/differential pressure, CQ - constant flow, SP - Starling pulsatility 

 
 Time to suction (s) 

Controller PVR (100 - 500 dyne s cm-5) SVR (1300 - 600 dyne s cm-5) Passive Postural Change 

Constant Speed 12.8 31.6 24.4 

CΔP 12.3 20.7 35.5 

AoP/ΔP 7.5 5.4 19.3 

CQ 9.0 N/A 36.2 

SP 8.4 N/A N/A 

Mean ± SD 10 ± 2.4 19.2 ± 13.2 28.9 ± 8.4 

 

Despite the sudden mean PQ decrease following the increase in PVR, the CIP, CAI, SL 

controllers and the compliant IC prevented left ventricular suction. For all controllers tr was 4.8 ± 
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1.6 s (LVAD speed) and 5.9 ± 3.5 s (LVADQ) and ts was 29.9 ± 17.5 s (LVAD speed) and 41.1 

± 25.0 s (LVADQ) on average (Table 5-6). The compliant IC rapidly increased LVAD inflow 

cannula resistance (from 340 - 850 dyne s cm-5) after the PVR increase, thus reducing LVADQ 

to 3.8 L.min-1 and preventing left ventricular suction. The CIP, CAI and SL controllers decreased 

LVAD speed by 480, 200 and 450 rpm respectively, thus decreasing LVADQ to 3.1 - 3.6 L/min 

and preventing left ventricular suction. Pulmonary congestion was avoided with all physiological 

control systems and in constant speed mode. Corresponding preload and afterload sensitivities 

are shown in Table 5-7. 

 
Table 5-6: Response times of control systems that prevented ventricular suction during a PVR increase from 
100 – 500 dyne s cm-5. N/A indicates that response times were not calculated as there were either no overshoot 

or change in value. tr - rise time, ts - settling time, CIP – constant inlet pressure, CAI – constant afterload 
impedance, SL – Starling-like control and compliant IC – compliant inflow cannula. 

 

Controller 
LVAD Speed Response Times LVADQ Response Times 

tr (s) ts (s) tr (s) ts (s) 

CIP 3.6 37.4 2.8 35.9 

CAI N/A 9.9 9.7 19.5 

SL 5.9 42.3 5.1 67.9 

Compliant IC N/A N/A N/A 11.4 

Mean ± SD 4.8 ± 1.6 29.9 ± 17.5 5.9 ± 3.5 41.1 ± 25.0 
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Table 5-7: Preload and afterload sensitivities of physiological control systems and LVAD in constant speed 
mode during PVR and SVR increases respectively compared to the healthy heart. CIP - constant inlet 

pressure, CΔP - constant differential pressure, AoP/ΔP - aortic pressure/differential pressure, CQ - constant 
flow, CAI - constant afterload impedance, SL - Starling LVEDP, SP - Starling pulsatility, Compliant IC - 

compliant inflow cannula 
 

Control System Preload Sensitivity Afterload Sensitivity 

 L/min/mmHg L/min/mmHg 

Constant Speed 0.043 0.123 

CIP 2.415 0.006 

CΔP 0.039 0.139 

AoP/ΔP 0.054 0.067 

CQ 0.050 0.0003 

CAI 0.239 0.004 

SL 1.617 0.006 

SP 0.069 0.0005 

Compliant IC 0.196 0.088 

Healthy Heart (Salamonsen et al. 2011) 0.213 0.02-0.05 

 

A PVR decrease from 100 – 40 dyne s cm-5 caused only small changes in haemodynamics, thus 

the response of each control system was minor (Figure 5-5). Ventricular suction and pulmonary 

congestion were avoided in all instances. CIP and SL controller increased LVAD speed by 

100 rpm, which resulted in an increase of LVADQ from 4.7 to 5.1 L/min. The other control 

systems and the pump run at constant speed did not change pump speed. LVADQ increased by 

0.1 L/min with these control systems and the pump run at constant speed. Due to only minor 

responses in haemodynamics no tr and ts was calculated. 
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Figure 5-5: Mean pulmonary flow rate (MPQ) (A), LVAD flow (LVADQ) (B), end systolic left ventricular 

volume (LVESV) (C), left atrial pressure (LAP) (D), right atrial pressure (RAP) (E), mean pulmonary 
arterial pressure (MAP) (F), LVAD speed (G) traces during step decrease in pulmonary vascular resistance 

from 100 to 40 dyne s cm-5. CIP - constant inlet pressure, CΔP - constant differential pressure, AoP/ΔP - 
aortic pressure/differential pressure, CQ - constant flow, CAI - constant afterload impedance, SL - Starling 

LVEDP, SP - Starling pulsatility, Compliant IC - compliant inflow cannula 
 

5.4.3 SVR Changes 
An SVR increase from 1300 – 2600 dyne s cm-5 did not result in any cases of left ventricular 

suction or pulmonary congestion; however it did reduce mean Systemic Flow (SQ) initially 

(Figure 5-6). To overcome the increase in SVR and resulting drop in mean SQ the CIP, CQ, 

CAI, SL and SP control systems increased pump speed by 650 rpm on average, restoring MSQ in 

the range of 4.5 – 5 L/min. However, this led to high systemic arterial pressures of 155 – 

173 mmHg with these control systems. The other control systems and the pump run at a constant 

speed did not change pump speed and the AoP/ΔP controller decreased pump speed from 2075 to 

1925 rpm. 
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Figure 5-6: Mean systemic flow rate (MSQ) (A), LVAD flow (LVADQ) (B), end systolic left ventricular 

volume (LVESV) (C), left atrial pressure (LAP) (D), right atrial pressure (RAP) (E), mean arterial pressure 
(MAP) (F), LVAD speed (G) traces during step increase in systemic vascular resistance from 1300 to 2600 

dyne s cm-5. CIP - constant inlet pressure, CΔP - constant differential pressure, AoP/ΔP - aortic 
pressure/differential pressure, CQ - constant flow, CAI - constant afterload impedance, SL - Starling 

LVEDP, SP - Starling pulsatility, Compliant IC - compliant inflow cannula 
 

Left ventricular suction occurred after 31.6 s when SVR was decreased from 1300 to 600 dyne s 

cm-5 in constant speed mode and LVADQ increased from 4.8 to 6.4 /min (Figure 5-7, Table 5-4). 

AoP/ΔP control increased LVAD speed in response to the SVR decrease, leading to a shorter 

time to suction (5.4 s) when compared to constant speed mode. CΔP also increased LVAD speed 

however at a lower rate than AoP/ΔP control, thus time to suction (20.7 s) was longer than 

AoP/ΔP control but shorter than constant speed mode (Table 5-4). 
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Figure 5-7: Mean systemic flow rate (MSQ) (A), LVAD flow (LVADQ) (B), end systolic left ventricular 

volume (LVESV) (C), left atrial pressure (LAP) (D), right atrial pressure (RAP) (E), mean arterial pressure 
(MAP) (F), LVAD speed (G)traces during step decrease in systemic vascular resistance from 1300 to 600 dyne 

s cm-5. CIP - constant inlet pressure, CΔP - constant differential pressure, AoP/ΔP - aortic 
pressure/differential pressure, CQ - constant flow, CAI - constant afterload impedance, SL - Starling 

LVEDP, SP - Starling pulsatility, Compliant IC - compliant inflow cannula 
 

The other controllers (CIP, CQ, CAI, SL, SP and compliant IC) avoided ventricular suction 

whilst exhibiting tr of 6.0 ± 1.1 s (LVAD speed) and 5.8 ± 2.5 s (LVADQ) and ts of 31.2 ± 11.8 s 

(LVAD speed) and 36.6 ± 10.8 s (LVADQ) on average (Table 5-8). The SP and CQ control 

systems avoided ventricular suction by decreasing LVAD speed by 340 and 400 rpm resulting in 

only minor increases in LVADQ (0.4 and 0.3 L.min-1 respectively) (Figure 5-7). The SL, CAI 

and CIP controllers further reduced LVAD speed by 450 – 515 rpm resulting in a slight decrease 

in LVADQ (between 0.1 - 0.4 L.min-1). The compliant IC increased LVAD inflow cannula 

resistance from 340 - 1000 dyne s cm-5, thus restricting pump flow and minimising LVADQ 

increase to 5.2 L.min-1 and avoiding ventricular suction. Pulmonary congestion was avoided with 

all physiological control systems and in constant speed mode. 
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Table 5-8: Response times of control systems that prevented ventricular suction during a SVR decrease from 
1300 – 600 dyne s cm-5. N/A indicates that response times were not calculated. In some cases LVAD speed 

(CQ / SP) or LVADQ (Compliant IC) did not overshoot or LVAD speed was constant (Compliant IC). tr for 
CQ was not calculated as LVADQ initially increases due to an decrease in SVR before being restored to the 

starting level by the CQ controller. CIP – constant inlet pressure, CQ – constant flow, CAI – constant 
afterload impedance, SL – Starling-like control, SP – Starling pulsatility and compliant IC – compliant inflow 

cannula 
 

Controller 
LVAD Speed LVADQ 

tr (s) ts (s) tr (s) ts (s) 

CIP 5.1 39.2 6.0 41.8 

CQ N/A 10.9 N/A 33.5 

CAI 7.2 38.8 8.1 42.2 

SL 5.8 36.4 6.9 37.2 

SP N/A 30.8 2.3 32.0 

Compliant IC N/A N/A N/A 12.9 

Mean ± SD 6.0 ± 1.1 31.2 ± 11.8 5.8 ± 2.5 36.6 ± 10.8 

 

5.4.4 Passive Postural Change 
In constant speed mode, a simulated passive postural change caused left ventricular suction after 

24.4 s (Figure 5-8, Table 5-4). In this test condition, the CΔP, AoP/ΔP and CQ controllers were 

not able to prevent left ventricular suction, with suction occurring after 35.5 s, 19.3 s and 36.2 s 

respectively. 

The CIP, CAI, SL, SP controllers and compliant IC all prevented left ventricular suction during 

the passive postural change, and the corresponding response times were tr of 11.7 ± 2.1 s (LVAD 

speed) and 10.8 ± 2.3 (LVADQ) and ts of 26.7 ± 8.5 s (LVAD speed) and 41.6 ± 24.7 s 

(LVADQ) for all controllers (Table 5-9). The CIP controller avoided suction by decreasing 

LVAD speed to 1400 rpm, thus reducing LVADQ to 2.9 L/min (Figure 5-8). The CAI and SL 

controllers responded similarly; by reducing LVAD speed to between 1600 – 1780 rpm, thus 

reducing LVADQ to 3.3-3.8 L.min-1 to prevent left ventricular suction following the fluid shift. 

The SP controller only reduced LVAD speed from 2070 rpm to 2000 rpm in order to prevent 

suction, enabling higher LVADQ of 4.4 L.min-1 when compared to the CAI, SL and SP 

controller. The compliant IC avoided left ventricular suction by increasing LVAD inflow 

cannula resistance from 220 to 560 dyne s cm-5 thus decreasing LVADQ to 4.4 L/min. 
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Figure 5-8: Mean systemic flow rate (MSQ) (A), LVAD flow (LVADQ) (B), end systolic left ventricular 

volume (LVESV) (C), left atrial pressure (LAP) (D), right atrial pressure (RAP) (E), mean arterial pressure 
(MAP) (F), LVAD speed (G) traces during passive postural change. CIP - constant inlet pressure, CΔP - 
constant differential pressure, AoP/ΔP - aortic pressure/differential pressure, CQ - constant flow, CAI - 
constant afterload impedance, SL - Starling LVEDP, SP - Starling pulsatility, Compliant IC - compliant 

inflow cannula 
 

Table 5-9: Response times of control systems that avoided suction during the passive postural change 
simulation. N/A indicates that response times were not calculated as there was either no overshoot, or LVAD 

speed was maintained constant (compliant IC).  CIP – constant inlet pressure, CAI – constant afterload 
impedance, SL – Starling-like control, SP – Starling pulsatility and compliant IC – compliant inflow cannula. 
 

Controller 
LVAD Speed LVADQ 

tr (s) ts (s) tr (s) ts (s) 

CIP 10.3 19.3 9.2 75.7 

CAI 14.1 24.3 13.4 26.4 

SL 10.7 24.4 9.7 24.4 

SP N/A 38.9 N/A 39.9 

Compliant IC N/A N/A N/A 11.0 

Mean ± SD 11.7 ± 2.1 26.7 ± 8.5 10.8 ± 2.3 41.6 ± 24.7 

 

Figure 5-9 shows mean ± SD of time to suction for scenarios that caused ventricular suction 

(PVR increase, SVR decrease and passive change in posture). For comparison mean ± SD tr and 

ts for both LVAD speed and LVADQ of controllers that prevented ventricular suction were 

added to Figure 5-9. In all cases tr was shorter than time to suction. In contrast ts were longer 
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than time to suction during PVR increases and SVR decreases. During the passive postural 

change ts was shorter than time to suction. 

 

 
Figure 5-9: Mean ± SD of time to suction, tr and ts of LVAD speed and LVADQ during PVR increase, SVR decrease and 

passive postural change. TtS - time to suction, LVADQ - LVAD flow, tr - rise time, ts - settling time 

5.4.5 Exercise 
Exercise was simulated in order to test the capacity of each controller to increase VAD flow to 

enable increased exercise capacity. During exercise simulations the control systems exhibited 

response time τ between 5.2 and 14.0 s and settling times ts between 18.2 and 51.9 s for 

LVADQ, and ts between 11.4 and 61.6 s for LVAD speed (Table 5-10). The CIP, CAI and SL 

controllers showed the shortest τ of the active control systems with the greatest increase in 

LVAD speed (by 530 - 620 rpm) resulting in an increase in LVADQ from 4.5 to 9.3 – 9.6 L/min 

(Figure 5-10). For these controllers, mean SQ increased from 5.0 to 10.1-10.3 L/min. The 

difference in flow rates between MSQ and LVADQ indicated some ejection through the aortic 

valve during exercise. The AoP/ΔP and SP controllers also showed increases in these parameters, 

but to a lesser extent than the previously discussed controllers, with LVAD speed increasing by 

150 - 260 rpm and LVADQ from 4.8 to 7.5 – 8.0 L/min. LVADQ increased from 4.8 - 6.6 L/min 

in constant speed mode due to the change in differential pressure across the pump, caused by a 

combination of the decrease in SVR and PVR, increase in ventricular contractility and increase 

in preload. The compliant IC increased LVADQ from 4.9 to 6.4 L/min, similar to the pump run 

in constant speed mode, but a slight increase in LVAD inflow resistance (from 195 to 235 dyne s 
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cm-5) during exercise prohibited further increases in LVADQ. Finally, the CQ control system 

decreased pump speed by 220 rpm which resulted in an overall increase in LVADQ from 4.8 - 

5.2 L/min. The response times were both shorter and longer (depending on the controller) when 

compared to constant speed mode, which responded in 7.1 s (τ) and 36.8 s (ts) for LVADQ. 
Table 5-10: Response times of control systems during a transition from rest to exercise. N/A indicates that 

response times were not calculated as either LVAD speed did not change (constant speed mode or the 
compliant IC) or LVADQ did not settle over the duration of the experiment (CQ). CIP – constant inlet 
pressure, AoP/ΔP - aortic pressure/differential pressure, CQ – constant flow, CAI – constant afterload 

impedance, SL – Starling-like control, SP – Starling pulsatility and compliant IC – compliant inflow cannula. 
 

Control System LVAD Speed LVADQ 

 ts (s) τ (s) ts (s) 

Constant Speed N/A 7.1 36.8 

CIP 11.6 5.2 25.6 

CΔP 61.6 11.4 N/A 

AoP/ΔP 43.6 12.2 51.9 

CQ 11.4 N/A 40.3 

CAI 13.6 9.8 18.2 

SL 27.8 5.3 20.6 

SP 20.9 14.0 25.0 

Compliant IC N/A 5.8 37.0 

 

 
Figure 5-10: Mean systemic flow (MSQ) (A), LVAD flow (LVADQ) (B) and LVAD speed (C) traces during 

transition from rest to exercise. CIP - constant inlet pressure, CΔP - constant differential pressure, AoP/ΔP - 
aortic pressure/differential pressure, CQ - constant flow, CAI - constant afterload impedance, SL - Starling 

LVEDP, SP - Starling pulsatility, Compliant IC - compliant inflow cannula 
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Left ventricular stroke work (LVSW) increased in exercise in all cases (Figure 5-11). For all 

evaluated systems, the resting LVSW was in the range of 0.14 - 0.16 J. The CIP, CAI and SL 

controllers increased LVSW from to 0.58 - 0.61 J during exercise. CΔP, AoP/ΔP, compliant IC 

and the constant speed mode increased LVSW to values of 0.76-0.88 J, which indicates less 

ventricular unloading than the CIP, CAI and SL controllers. Notably the CQ control system 

increased LVSW further to 1.01 J. 

 
Figure 5-11: LVSW at rest and during exercise with each control system. LVSW – left ventricular stroke 

work, CIP - constant inlet pressure, CΔP - constant differential pressure, AoP/ΔP - aortic 
pressure/differential pressure, CQ - constant flow, CAI - constant afterload impedance, SL - Starling 

LVEDP, SP - Starling pulsatility, Compliant IC - compliant inflow cannula 

5.4.6 Active Postural Change 
Simulated active postural changes from a supine position to a standing upright position and back 

to a supine position did not result in ventricular suction or pulmonary congestion (Figure 5-12). 

CIP, CAI and SP controllers showed the highest spikes in LVADQ (peaks between 8.5 and 

9.4 L/min when standing up) by increasing LVAD speed the furthest (peaks between 2590 and 

2760 rpm). The other control systems exhibited a lesser response to active changes in posture or 

did not change LVAD speed. The response during lying down was less pronounced, as the 

exercise reflex in this case was simulated over a shorter period of time than the standing up 

simulation. 
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Figure 5-12: Mean systemic flow rate (MSQ) (A), LVAD flow (LVADQ) (B), end systolic left ventricular 

volume (LVESV) (C), left atrial pressure (LAP) (D), right atrial pressure (RAP) (E), mean arterial pressure 
(MAP) (F) and LVAD speed (G) traces during active postural changes. CIP - constant inlet pressure, CΔP - 

constant differential pressure, AoP/ΔP - aortic pressure/differential pressure, CQ - constant flow, CAI - 
constant afterload impedance, SL - Starling LVEDP, SP - Starling pulsatility, Compliant IC - compliant 

inflow cannula 
 

Table 5-11: Response times of control systems during active postural changes from a supine to a standing 
upright position and back to a supine position. N/A indicates that response times were not calculated as either 

LVAD speed did not change (constant speed mode or the compliant IC) or LVAD speed did not change by 
more than ± 2% (CΔP). CIP – constant inlet pressure, AoP/ΔP - aortic pressure/differential pressure, CQ – 
constant flow, CAI – constant afterload impedance, SL – Starling-like control, SP – Starling pulsatility and 

compliant IC – compliant inflow cannula 
 

Controller 

LVAD Speed LVADQ 

tS (s) 

(standing up) 

ts (s) 

(lying down) 

tS (s) 

(standing up) 

ts (s) 

(lying down) 

Constant Speed N/A N/A 20.6 15.0 

CIP 31.7 13.9 47.1 16.6 

CΔP N/A N/A 20.3 13.9 

AoP/ΔP 19.6 8.7 22.2 16.0 

CQ 23.2 18.6 52.2 18.7 

CAI 63.6 77.5 75.4 81.4 

SL 21.7 16.9 15.6 20.9 

SP 39.8 29.9 33.2 30.9 

Compliant IC N/A N/A 20.6 14.4 

Mean ± SD 33.3 ± 16.7 27.6 ± 25.4 35.8 ± 20.1 26.6 ± 21.7 
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The physiological control systems exhibited ts between 27.6 and 33.3 s for LVAD speed and 

between 26.6 and 35.8 s for LVADQ on average (Table 5-11). On average ts for both LVAD 

speed and LVADQ was shorter when lying down was simulated when compared to standing up, 

as the exercise reflex is shorter when lying down. 

5.5 Discussion 

5.5.1 Haemodynamics 
Previous reports have demonstrated the ease with which suction events can occur with rotary 

LVAD support (Reesink et al. 2007). This study showed similar results with the LVAD run in 

constant speed mode during PVR / SVR changes and a passive postural change simulation. The 

constant afterload impedance (CAI) controller has been tested during a sudden increase in SVR 

previously and responded by increasing pump speed to restore pump flow (Moscato et al. 2010), 

which was similar to results found in this study. The Starling LVEDP (SL) controller and 

compliant IC have been previously tested during rapid increases in PVR (Stevens et al. 2014; 

Pauls et al. 2016), with the results aligning closely with those observed in this study. Previous 

studies demonstrated that the Starling pulsatility (SP) controller avoided ventricular suction 

during an increase in PVR (Gaddum et al. 2014), which was contrary to results in this study. 

However, the exact change in PVR was not reported, so the difference may be due to a larger 

PVR change in this study. Constant inlet pressure (CIP) control has not been previously 

evaluated for its ability to avoid ventricular suction. Lim et al. evaluated constant differential 

pressure (CΔP) and constant flow (CQ) control in-silico during a head-up tilt experiment and 

found that both control systems avoided ventricular suction (Lim et al. 2015). In this study, CΔP 

control was not able to avoid ventricular suction during changes in SVR and PVR. Constant flow 

control did avoid ventricular suction during a sudden decrease in SVR, but suction occurred 

when PVR was increased and during passive postural changes. The inclusion of the baroreflex 

response and the lower body autoregulation mechanism by Lim et al. (2015) might explain the 

difference in results. 

Wu et al. (2004) reported that their controller (AoP/ΔP) recovered from suction induced by 

excessive pump speed, whereas results in this study showed that AoP/ΔP control was not able to 

avoid suction caused by increased PVR. The difference in results may be due to a difference in 

the definition of suction between authors: Wu et al. (2004) defined a safe range of left ventricular 
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end diastolic pressure for ventricular suction avoidance of -3 to 15 mmHg, whereas in this study 

the point of ventricular suction was defined as left ventricular volume of 0 mL. This makes it 

difficult to compare directly. However, increased PVR, perhaps caused by straining or coughing, 

is more likely to occur in patients than an excessively high pump speed; it was shown that the 

AoP/ΔP controller could not prevent suction with elevated PVR.  

The mechanism of suction prevention varied depending on the control system in use and each 

control system responded differently to changes in preload. The preload sensitivity of the 

VentrAssist rotary LVAD during PVR increase was 0.043 L/min/mmHg in constant speed mode, 

which was similar to the 0.04 L/min/mmHg reported by Gaddum et al. (2014). Control systems 

that did not decrease pump speed (CΔP, AoP/ΔP, CQ and SP) during the PVR increase exhibited 

similar preload sensitivities when compared to the constant speed LVAD, with ranges of 0.039 - 

0.069 L/min/mmHg (Table 5-7). Gaddum et al. (2014) reported a preload sensitivity of the SP 

controller of 0.33 - 0.39 L/min/mmHg which was higher than the preload sensitivity of 0.069 

L/min/mmHg found in this study. Variation in preload sensitivity between Gaddum et al. (2014) 

and this study may be due to differences in simulated heart failure conditions, differences in 

LVAD inflow cannula length and resistances and the Mock Circulation Loop (MCL) that was 

used for the respective studies. The compliant IC was reported to increase preload sensitivity to 

0.198 L/min/mmHg, which is similar to the 0.196 L/min/mmHg found in this study (Pauls et al. 

2016). The CAI controller increased preload sensitivity to 0.239 L/min/mmHg. Both the 

compliant IC and CAI controller increased preload sensitivity to similar values of the healthy 

human left ventricle, as reported by Salamonsen et al. (2011) (0.213 L/min/mmHg). The SL and 

CIP control systems increased preload sensitivity even further to 1.617 and 2.415 L/min/mmHg 

respectively, which exceeds the sensitivity shown by the native ventricle. 

The afterload sensitivity for the VentrAssist device in constant speed mode was 0.123 

L/min/mmHg during the rapid SVR increase, similar to that of the DuraHeart and HeartWare 

centrifugal LVADs (0.10 and 0.12 L/min/mmHg respectively) (Salamonsen et al. 2011). The 

CΔP controller exhibited similar afterload sensitivity (0.139 L/min/mmHg) to the pump in 

constant speed mode while the other control systems decreased preload sensitivity. The AoP/ΔP 

controller and the compliant IC decreased afterload sensitivity (0.067 - 0.088 L/min/mmHg) 

closer to that of the healthy human heart (0.02 - 0.05 L/min/mmHg) (Salamonsen et al. 2011). 

The CIP, CQ, CAI, SL and SP control systems decreased afterload sensitivity even further 
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(0.0003 - 0.006 L/min/mmHg), thus exhibiting a greater resistance to afterload changes than the 

healthy human heart (Table 5-7). 

Various control systems (CIP, CΔP, AoP/ΔP, CAI, SL and the compliant IC) have been 

evaluated in exercise previously. Simulated exercise intensities varied between investigators, and 

have been simulated by increase in heart rate (HR) alone (CIP, CΔP), increase in HR and 

ventricular contractility (AoP/ΔP), increase in cardiac output (CO) (CAI) or similar to the test 

protocol in this study (SL and compliant IC). This variation in evaluation techniques highlights 

the significance of this study, which assesses these systems using the same test protocol and 

enables quantitative comparison. In this study mean systemic flow increased in exercise 

regardless of the type of operating mode. However, LVAD flow differed greatly between 

systems. With the compliant IC, CΔP, AoP/ΔP, SP controllers and constant speed mode LVAD 

flow only increased by a smaller amount. Constant flow control decreased pump speed in order 

to maintain LVAD flow similar to the pre-exercise level. This indicates that for these control 

systems, increases in total flow were due to increased work by the left ventricle rather than the 

pump alone. This was confirmed by the observation that left ventricular stroke work (LVSW) 

was up to six times higher than at rest in these instances, due to the ventricles increasing their 

contractility in response to increased venous return. This failure to unload the failing heart during 

exercise may prevent patients maintaining a high intensity state for a long period in a clinical 

environment. On the other hand the CIP, CAI and SL control systems increased LVAD flow (by 

more than 90%) and therefore mean systemic flow, by increasing LVAD speed (by 600 - 

800 rpm) and limiting the increase in LVSW. Salamonsen et al. (2013) found that the larger the 

pump flow increase in exercise, the greater the patient’s exercise capacity. Therefore CIP, CAI 

and SL controller may help unload the failing heart during exercise and increase exercise 

capacity of heart failure patients. 

5.5.2 Time Response 
The results of this study demonstrated that ventricular suction occurred after 12.8 s, 31.6 s and 

24.4 s during a rapid increase in PVR, decrease in SVR and a passive postural change 

respectively when the LVAD was run in constant speed mode. Control systems (CIP, CAI and 

SL) that were able to avoid ventricular suction during a rapid increase in PVR, decrease in SVR 

and a passive postural change exhibited rise times (tr) that were shorter than the time to suction 

in constant speed mode. In contrast, settling times (ts) on average were longer than time to 
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suction for the respective control systems. This indicates that a physiological control system does 

not necessarily have to exhibit rapid ts in order to avoid ventricular suction, as long as the initial 

tr of the controller response is shorter than the time to suction, and the control strategy itself is 

appropriate to avoid suction. 

 

Active control systems evaluated in this study responded in most cases like an underdamped 

system, which meant they exhibited an initial overshoot over or under the final settled value 

before oscillating with the amplitude of oscillation decreasing until the system settled, thus tr was 

shorter than ts. Differences between tr and ts can be more pronounced, depending how long a 

controller oscillated. For example, the CIP and SL controller exhibited similar LVAD flow tr of 

2.8 s and 5.1 s respectively during an increase in PVR, but the CIP controller (35.9 s) settled 

much more quickly than the SL controller (67.9 s). Depending on the experiment, tr was at times 

shorter or longer for LVAD flow than for LVAD speed. Although LVAD speed would be 

expected to respond first, with an almost immediate response in LVAD flow, the shorter LVAD 

flow tr can be attributed to the MCL haemodynamic response, rather than the controller response. 

For instance, during the PVR increase and passive postural change, LVAD flow instantly started 

to decrease in response to increased PVR and fluid shift respectively, thus generating a short 

LVAD flow tr. This was followed by the controllers decreasing LVAD speed to avoid suction, 

and thus a lengthened LVAD speed tr. During the SVR decrease however, LVAD flow initially 

increased due to the decrease in SVR. The controllers then started to decrease LVAD speed in 

order to decrease LVAD flow and subsequently avoid suction, thus tr was shorter for LVAD 

speed than LVAD flow in this scenario. 

 

During exercise τ of the control systems and the pump run in constant speed mode were between 

5.2 and 14.0 seconds. This was similar or shorter than the response time of the native heart (14 - 

17 s), found in Chapter 2. Control systems that responded faster than the native heart (CIP, CAI 

and SL) while increasing LVAD speed and LVAD flow the furthest were shown to be most 

effective during exercise simulations by increasing total flow, which may increase exercise 

capacity. These three active control systems have also been shown to decrease left ventricular 

stroke work the furthest during exercise. 
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The CIP controller was previously reported to increase the pump speed signal from 3.10 to 

4.36 V in approximately 10 s during exercise simulation (Edward Bullister et al. 2002). In this 

study LVAD speed settling time was calculated to be 11.6 s during exercise simulations, which 

was similar to the time reported in literature. The slightly longer response time might be due to a 

comparison of response times of different variables (voltage vs LVAD impeller speed). Impeller 

inertia might account for a slightly slower controller response in LVAD speed. The CAI 

controller was reported to settle pump speed in under 10 s during changes in venous return and 

increase in SVR (Moscato et al. 2010), which is similar to LVAD speed settling time of 9.9 s 

during rapid changes in PVR in this study. During SVR decrease and passive postural change 

LVAD speed settling times were longer, but the different experiments might have caused the 

variation in time response. The CΔP controller was reported to have settling times of under 30 s 

for pump flow and pump speed during exercise simulations (Giridharan & Skliar 2003), while 

the controller exhibited an LVAD speed settling time of 60 seconds during exercise in this study. 

The AoP/ΔP controller responded in 3 - 7 seconds by settling pump speed and LVP after being 

initiated (Wu et al. 2004). In this study the AoP/ΔP controller settling time was 44 seconds for 

LVAD speed during exercise simulations. A comparison of controller response time of two 

different experiments is difficult, as AoP/ΔP was evaluated from controller off to controller on in 

literature, while the controller was turned on in this study prior to simulating exercise, and might 

explain the difference in response times. Different equipment (e.g. LVAD and MCL), different 

proportional-integral gains, different experiments (e.g. different changes in PVR/SVR and 

exercise simulations) as well as varying definitions of response time could be contributing 

factors in the variation between the studies. These discrepancies justify the aim to evaluate a 

wide range of physiological controllers using a single in-vitro platform and experimental 

technique. 

5.5.3 Controller Evaluation Summary 
An overall comparison of control system performances during experiments can be seen in Table 

5-11. A tick was given when ventricular suction and pulmonary congestion were avoided or 

LVADQ was increased more than 90% during exercise, otherwise a cross was given. Of all 

physiological control systems evaluated in this study, the three active control systems dependent 
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on LVEDP as a surrogate of preload (CIP, CAI and SL) performed best throughout all 

experiments. 

 

The semi-collapsible compliant IC was able to prevent ventricular suction and pulmonary 

congestion during all experiments similar to the best performing active control systems, however 

did not increase pump flow during exercise. A combination of compliant inflow cannulae with 

an active control system may be beneficial to overcome the limitation of the compliant IC during 

exercise. In the scenario of a combined control system, the compliant IC could function as a 

backup control system in case of sensor failure or as the primary system itself. However, the 

active control system needs to be tuned to not negatively impact performance of the compliant 

IC (e.g. an aggressive responding active controller might cause compliant IC collapse through 

rapid speed changes).  

 
Table 5-12: Control strategy performance overview during experiments. PVR - pulmonary vascular 

resistance, SVR - systemic vascular resistance, CIP - constant inlet pressure, CΔP - constant differential 
pressure, AoP/ΔP - aortic pressure/differential pressure, CQ - constant flow, CAI - constant afterload 
impedance, SL - Starling LVEDP, SP - Starling pulsatility, Compliant IC - compliant inflow cannula 

 

Control Strategy PVR increase SVR decrease 
Passive 

Postural Change 
Exercise 

Constant Speed     
CIP     
CΔP     

AoP/ΔP     
CQ     
CAI     
SL     
SP     

Compliant IC     

 

This study showed high aortic and pulmonary artery pressures during SVR and PVR increases 

respectively, notably with control systems that increase LVAD flow by increasing LVAD speed. 

This may result in neurological complications if blood pressures are not properly managed 

(Slaughter et al. 2010). Implementation of an audio / visual alarm system that alerts clinicians to 
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high pressures could help manage high pressure events by recommending medical treatment with 

vasodilators. 

5.6 Limitations and Future Work 
This study had a number of limitations. Firstly, the simulation of ventricular suction events was 

not physiological (i.e. no collapse of the ventricular walls and subsequent resistance increase at 

the pump inlet). To accommodate this, experiments were aborted once suction occurred. 

VentrAssist pumps, used in this study, are no longer used in clinic; however they are still third-

generation implantable centrifugal rotary LVADs and as such can be used to represent modern 

devices such as the HeartWare HVAD. It could be argued that the results in this study would be 

more clinically relevant if the experiments used a clinically available centrifugal pump. 

Giridharan & Skliar (2003) evaluated their controller using axial and centrifugal pumps, showing 

that control objectives described above are almost pump-independent. Thus the choice of pump 

did not impact performance as much as the selection of the control objective. The baroreflex was 

not simulated in this study and, although it is typically diminished in heart failure (Eckberg et al. 

1971), may have influenced haemodynamic results. No minimum LVADQ was set during this 

study and the lowest LVADQ recorded from any controller was 2.9 L/min, which is below the 3 

L/min range suggested by Boston et al. (2003). Therefore, minimum LVADQ thresholds should 

be implemented with physiological control systems. One of the limitations of the evaluated 

active control systems is the reliance on pressure and flow sensors. Currently there are no 

commercially available long-term implantable pressure sensors. However, there are low-drift 

sensors under development that may be incorporated into VADs in the near future (Troughton et 

al. 2011b). As an alternative to sensors, flow and pressure estimating strategies have been used in 

some original implementations of evaluated control systems (AoP/ΔP, CQ and CAI). Estimators, 

particularly flow estimators used in clinic, have been shown to be inaccurate in some instances 

(Slaughter et al. 2010). Estimators were deliberately omitted from this study in order to compare 

the merits of the control strategy in isolation, without the risk of errors introduced by inaccurate 

estimators. Furthermore most PI gains were unknown and thus are not identical with the original 

implementation, while the known PI gains might not have been tuned to the LVAD used in this 

study. These factors may have contributed to the different responses found in this study when 
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compared to literature. Nonetheless, since the implemented control strategies in this study were 

tested under the same conditions, comparisons between them are valid. 

In future work further control systems can be implemented in the mock circulation loop to 

increase the number of controllers that have been evaluated under identical conditions for 

improved comparison between the different control strategies. Furthermore estimators can be re-

introduced into their original control systems, to investigate the influence of estimators on 

controller response. 

5.7 Conclusion 
This chapter aimed to rigorously evaluate the semi-collapsible compliant inflow cannula and 

compare it with various physiological control systems previously presented in literature. In order 

to achieve this aim a test protocol was implemented to evaluate each control system’s ability to 

prevent ventricular suction and their performance in simulated patient scenarios. The test 

protocol successfully compared physiological control systems under identical conditions and 

comparisons were drawn between the complaint IC (developed in Chapter 3) and active control 

systems previously presented in literature. Due to the implemented test beds that were validated 

against human data presented in Chapter 2 the physiological control systems were also compared 

to the response of the human circulatory system. It was possible to identify the semi-collapsible 

compliant IC as a capable passive physiological control system to prevent ventricular suction in 

all incidences, however was not able to increase exercise capacity during exercise. 
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6 Conclusions and Future Research 
This chapter addresses the aims and summarizes the conclusion made for each chapter 

throughout this thesis. Potential areas of future work are identified. 

6.1 Conclusions 
The primary aim of this thesis was to develop a passive physiological control system for 

ventricular assist devices. 

 

A physiological control system should mimic the response of the human heart and circulatory 

system, however to compare existing physiological control systems or develop new ones, the 

response of the healthy heart needs to be understood. In order to investigate the response of the 

healthy heart to changes in patient state, 50 healthy subjects underwent active postural changes 

and exercise. Steady state responses and response times were defined, which were used to 

evaluate the passive physiological control system developed in this thesis together with active 

physiological control systems previously presented in literature. Furthermore this data made 

improved mock circulation loop test beds possible, to better simulate active postural changes and 

exercise, to improve controller evaluation strategies. 

 

Two novel semi-collapsible compliant inflow cannulae (IC) for left and right ventricular support 

were developed as a passive physiological control system. Both cannulae exhibited improved 

preload sensitivity when compared to rigid inflow cannulae and subsequently the ability to 

prevent ventricular suction events during all tested changes in preload and afterload. The 

haemocompatibility of the compliant inflow cannulae prototypes was investigated in-vitro with 

blood circulation loops run with fresh whole human blood. Results clearly showed that the semi-

collapsible compliant inflow cannula design did not increase haemolysis when compared to the 

rigid control cannula. Therefore, a compliant inflow cannula may be used as a passive 

physiological control system to prevent adverse ventricular suction events. 

 

The semi-collapsible compliant IC was rigorously evaluated in-vitro using a mock circulation 

loop (MCL) and patient scenario test beds (e.g. active postural change and exercise). These test 

beds were validated against human data presented in Chapter 2. In addition to the compliant IC 
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various active physiological control systems previous presented in the literature were 

implemented in the MCL in order to evaluate all control systems under identical conditions to 

improve comparability between controllers. Results showed that the compliant IC were able to 

prevent ventricular suction throughout all tests. The only other control systems to prevent suction 

in all incidences were the Frank-Starling like control systems. The presented evaluation protocol 

for physiological control systems will be beneficial for future work to improve existing and 

develop new control strategies. 

 

In conclusion, this thesis presented human response time data to active changes in posture and 

exercise, a passive control system for left, right or biventricular support and an evaluation 

protocol for physiological control system for improved comparability. Continued research and 

development will ultimately result in improved outcomes for heart failure patients worldwide. 

6.2 Future Work 
Several areas for future work have been identified throughout this thesis. 

 

The human response time study can be extended in the future to investigate the response of heart 

failure and heart transplant patients to changes in patient states, such as active postural changes 

or exercise. The Physio Flow device could be utilised for this work, but the exercise protocol will 

have to be adjusted, as HF patients will not be able to exercise at such high intensities. These 

data could be used to further improve existing test environments for mechanical circulatory 

support devices, such as rotary blood pumps. Investigating the response of heart failure patients 

supported by RBPs can complete this research, but Impedance Cardiography cannot be utilised 

in these patients, thus another method for cardiac output measurement, potentially invasive, is 

needed. 

 

The semi-collapsible compliant inflow cannulae need to be improved to allow implantation in 

casings closed off to atmosphere, prior to potential preclinical trials. Furthermore the struts need 

to be improved, in order to avoid bending over long periods of semi-collapse. Further 

investigation and validation of the flow dynamics within the compliant cannulae is required to 

prevent flow separation and regions of stasis, which may promote thrombus formation, although 
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no thrombus was observed on the compliant IC during the acute animal trial studies. The 

compliant IC have only been tested in-vitro and during acute animal trials. Long term studies are 

missing to evaluate the influence of protein adhesion to the silicone sleeve over time and how it 

would affect the material properties (e.g. compliance). A reduction in cannulae lifetime due to 

cyclic mechanical wear of the compliant section is also a potential limitation that must be 

investigated in future work. 

 

In future haemocompatibility experiments whole blood should be adjusted to a specific 

haematocrit level using PBS or a pooled blood suspension of multiple donors adjusted to a 

specific haematocrit level in a sterile PBS solution to mitigate potential effects of varying blood 

sources and 𝐻𝐻𝐻𝐻𝐻𝐻. 

 

The comparative study of physiological control systems can be extended by implementation of 

further physiological control systems into the mock circulation loop to increase the number of 

controllers that have been evaluated under identical conditions for improved comparison 

between different control strategies. Furthermore estimators can be re-introduced into their 

original control systems, to investigate the influence of estimators on controller response. 
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7  Appendix A - Physio Flow Methodology 
First published by Charloux et al. (2002) and included in this thesis with permission from 

Springer (License Number: 3879271506977). 

 

Physio Flow PF-03 (Manatec Biomedical, Macheren, France) 

 

All formulae that are used currently in Impedance Cardiography make use of the impedance 

baseline values (Z0). For instance, the Kubicek formula (Kubicek et al. 1966) for stroke volume 

(SV) is the following (Eq. 7-1): 

 𝑆𝑆𝑆𝑆 = 𝜌𝜌 ×
𝑙𝑙2

𝑍𝑍0
2  ×

𝑑𝑑𝑍𝑍
𝑑𝑑𝐻𝐻𝑚𝑚𝑚𝑚𝑚𝑚

×  𝐻𝐻 (7-1) 

where 𝜌𝜌 is blood resistivity (Ω/cm), 𝑙𝑙 is the distance between the two sensing electrodes (cm), 

𝑑𝑑𝑍𝑍/𝑑𝑑𝐻𝐻𝑚𝑚𝑚𝑚𝑚𝑚 is the maximal rate of decrease in impedance for a given heart beat (Ω/s) and 𝐻𝐻 is the 

ventricular ejection time (s), which is usually measured by phonocardiography. The first 

derivative of thoracic impedance variations ( 𝑑𝑑𝑑𝑑
𝑑𝑑𝑡𝑡𝑚𝑚𝑚𝑚𝑚𝑚

)was shown to be proportional to SV. 

All of the formulae that include Z0 can contribute to a significant error in SV evaluation. Z0 

depends upon experimental variables such as electrode position and quality, skin thickness and 

perspiration, and pathologies that modify thorax electrical properties such as oedema and 

emphysema. Movements, including respiration, and perspiration induced by exercise, cause a 

significant imprecision in the measurement of Z0. The evaluation of SV can also be affected by 

an imprecise measurement of 𝑙𝑙, which depends upon the electrode positions, and by an 

inaccurate evaluation of 𝐻𝐻. To determine values of 𝐻𝐻, phonography can be used during resting 

periods, but can give poor results during exercise. 

The analysis of an extensive database of improved Impedance Cardiography signals with the 

Physio Flow prototype has led to the introduction of a different and original approach to 

Impedance Cardiography, based on the analysis of the signal waveform and its variations. The 

data base was collected from patients with a variety of cardio circulatory statuses, ranging from 

severe heart failure to hyperthyroidism, and at rest as well as during exercise. The 

haemodynamic status of the patients was assessed by echography or angiography. The most 
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important result is that evaluation of Z0, and as a corollary, the evaluation of thorax height, 

distance between sensing electrodes and blood resistivity, are unnecessary for the calculation of 

SV. 

Cardiac output measurement by the Physio Flow device is based on the following formula (Eq. 

7-2): 

 �̇�𝑄𝑖𝑖 = 𝑝𝑝𝑖𝑖  ×  𝑆𝑆𝑆𝑆𝑆𝑆 ×  𝐵𝐵𝑆𝑆𝐿𝐿 (7-2) 

where �̇�𝑄𝑖𝑖 is cardiac output L/min, 𝑝𝑝𝑖𝑖 is the heart rate (bpm, based on R-R interval measurement, 

determined on the ECG first derivative, dECG/𝑑𝑑𝑡𝑡, which provides a more stable signal than the 

ECG signal itself, BSA (m2) is the body surface area, calculated according the Haycock formula 

(BSA = 0.024265 × BM0.5379 × H0.3964, where BM is the body mass in kg and H is the height in 

cm), and SVi is the SV index (ml ∙ m-2; i.e. the SV divided by the BSA). 

With the Physio Flow device, a first evaluation of SVi, called Svical, is computed during a 

calibration procedure based on 24 consecutive heart beats recorded in the resting condition. This 

evaluation retains the largest impedance variation during systole (Zmax – Zmin), and the largest rate 

of variation of the impedance signal (dZ/d𝐻𝐻max, called the contractility index, CTI). The SVi 

calculation also depends on the ventricular ejection time (𝐻𝐻). The ventricular ejection time is 

usually measured using echography or phonocardiography, but Impedance Cardiography can 

provide a very precise estimation of this variable (Mehlsen et al. 1990; Stern et al. 1985). The 

designers of the Physio Flow have chosen to use a related, but slightly different parameter, called 

the thoracic flow inversion time (TFIT, in ms). The TFIT is measured on the first mathematical 

derivative of the impedance signal. The TFIT is the time interval between the first zero value 

following the beginning of the cardiac cycle (beginning of the ECG’s QRS) and the first nadir 

after the peak of the ejection velocity (dZ/d𝐻𝐻max). Afterwards, the TFIT is weighted [w(TFIT)] 

using a specific algorithm [alg(TFIT, 𝑝𝑝𝑖𝑖, PP)] which, in addition to the signal waveform, 

comprises two factors, the pulse pressure (PP, systolic arterial pressure - diastolic arterial 

pressure) and 𝑝𝑝𝑖𝑖. The impedance signal morphology is indeed affected by several phenomena 

that occur in the aorta. Aortic compliance contributes to the signal waveform; Chemla et al. 

(1998) have demonstrated the existence of a linear relationship between aortic compliance and 

SV/PP ratio. In the [alg(TFIT, 𝑝𝑝𝑖𝑖, PP)], the PP, calculated from a sphygmomanometer 

measurement, is introduced at the end of the Physio Flow calibration phase. Similarly, certain 

oscillatory and resonance phenomena in a relationship with 𝑝𝑝𝑖𝑖 influence the signal morphology.  
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Murgo et al. (1980) described a relationship between the pressure waveform and aortic 

impedance or 𝑝𝑝𝑖𝑖 . 𝑝𝑝𝑖𝑖 is the second factor entering into the algorithm. 

As a result of the above concepts, SVical is computed according to the following formula (Eq. 7-

3): 

SVical = k ×[(dZ/dtmax) /(Zmax – Zmin)] ×W(TFITcal) (7-3) 

where k is a constant, and the subscript “cal” indicates the parameters measured during the 

calibration phase. SVical represents the baseline reference. During the data acquisition phase, the 

variations of the parameters described above are analysed and compared to those obtained during 

the calibration procedure. For instance, the designers demonstrated that the SV variations result 

mainly from a combination of contractility fluctuations (CTI or dZ/dtmax) and of TFIT variations, 

whereby:  

 
SVi  =SVical  × � 𝐶𝐶𝑇𝑇𝐶𝐶

𝐶𝐶𝑇𝑇𝐶𝐶𝑖𝑖𝑚𝑚𝐶𝐶
× 𝑇𝑇𝑇𝑇𝐶𝐶𝑇𝑇𝑖𝑖𝑚𝑚𝐶𝐶

𝑇𝑇𝑇𝑇𝐶𝐶𝑇𝑇
3

 
(7-4) 

This concept is supported by a study by Moon et al. (1994) who showed that changes in SV, for 

example during exercise, are correlated with variations in dZ/d𝐻𝐻, but inversely correlated with 

variations in left ventricular ejection time. In all equations used by other impedance cardiograph 

devices, these two parameters appear as a product. 

To conclude, the Physio Flow methodology offers the following advantages compared to the 

previous impedance cardiograph devices: 

1. There is no need to use multiple electrodes; four impedance electrodes and one ECG 

derivation (two electrodes) are sufficient to obtain good quality signals. 

2. Better reproducibility, even under non-optimal conditions (modifications of electrode 

positions or type, or perspiration do not modify SV calculation).  

3. Broader range of applications (better quality signals during cyclo-ergometer exercise). 

4. There is no need to measure parameters related to thorax morphology (thorax height and 

diameter, the 𝑙𝑙 factor). Nor is there any necessity to correct for blood resistivity using 

haematocrit values. These parameters are necessary only if direct measurements of blood 

volumes are sought. 

5. Increased reliability of the whole acquisition procedure by the introduction of a 

calibration phase. 
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8 Appendix B 
Table A: Overview of RBC and 𝑯𝑯𝑯𝑯𝑯𝑯 for each blood loop. RBC - red blood cell, 𝑯𝑯𝑯𝑯𝑯𝑯 - haematocrit e 

 
 Rigid Fully-Collapsible Semi-Collapsible 

 R-1 R-2 R-3 FC-1 FC-2 FC-3 SC-1 SC-2 SC-3 

RBC 4.3 3.8 4.1 4.4 3.5 4 4.4 3.3 4.1 

(*1012/L) ± 0.15 ± 0.13 ± 0.08 ± 0.03 ± 0.17 ± 0.08 ± 0.20 ± 0.13 ± 0.09 

𝑯𝑯𝑯𝑯𝑯𝑯 36 34 37 38 28 35 37 27 36 

(%) ± 0.3 ± 1.0 ± 0.7 ± 0.4 ± 1.5 ± 0.8 ± 1.7 ± 1.0 ± 0.7 

 
Table B: Plasma free haemoglobin measurements at each individual sampling point for each BCL. pfHb - 

plasma free haemoglobin, R - Rigid, FC - fully collapsible, SC - semi-collapsible 
 

 Rigid Fully-Collapsible Semi-Collapsible 

 R-1 R-2 R-3 FC-1 FC-2 FC-3 SC-1 SC-2 SC-3 

Time 

(min) 

pfHb 

(g/L) 

Start 0.080 0.084 0.089 0.132 0.253 0.088 0.126 0.198 0.093 

5 0.273 0.072 0.126 0.538 0.334 0.252 0.093 0.209 0.099 

10 0.107 0.101 0.166 0.634 0.384 0.403 0.146 0.230 0.138 

15 0.144 0.121 0.178 0.784 0.401 0.443 0.161 0.238 0.095 

30 0.120 0.204 0.293 1.373 0.563 0.826 0.185 0.299 0.186 

45 0.174 0.251 0.289 2.052 0.721 1.032 0.221 0.349 0.206 

60 0.172 0.352 0.354 2.435 0.917 1.466 0.243 0.366 0.208 

75 0.175 0.228 0.495 2.750 1.093 1.836 0.271 0.406 0.236 

90 0.202 0.196 0.562 2.826 1.198 1.989 0.303 0.402 0.183 
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Table C: Mean ±standard deviation of pfHb measurements at each sampling time calculated for each cannula 

type. pfHb - plasma free haemoglobin,  SD - standard deviation 
 

 Rigid Fully-Collapsible Semi-Collapsible 

Time 

(min) 

pfHb Mean (± SD) 

(g/L) 

Start 0.084 ± 0.003 0.158 ± 0.070 0.139 ± 0.044 

5 0.157 ± 0.085 0.375 ± 0.120 0.134 ± 0.053 

10 0.125 ± 0.029 0.474 ± 0.114 0.171 ± 0.042 

15 0.148 ± 0.023 0.543 ± 0.172 0.165 ± 0.059 

30 0.206 ± 0.071 0.921 ± 0.337 0.223 ± 0.053 

45 0.238 ± 0.048 1.268 ± 0.569 0.259 ± 0.064 

60 0.293 ± 0.085 1.606 ± 0.627 0.272 ±  0.068 

75 0.299 ± 0.140 1.893 ± 0.678 0.304 ± 0.073 

90 0.320 ± 0.171 2.005 ± 0.665 0.296 ± 0.090 

 
Table D: Normalised index of haemolysis for each BCL at each sampling point. No NIH could be calculated 

when marked with (-) due to no pump flow data available. NIH - normalised index of haemolysis, BCL - 
blood circulation loop, R - rigid, FC - fully-collapsible, SC - semi-collapsible, SD - standard deviation 

 
 Rigid Fully-Collapsible Semi-Collapsible 

 R-1 R-2 R-3 FC-1 FC-2 FC-3 SC-1 SC-2 SC-3 

Time 

(min) 

NIH 

(g/100L) 

5 0.09081 -0.005 0.01678 0.20273 - 0.09025 -0.017 0.00581 0.00312 

10 0.00624 0.00416 0.01678 0.12403 - 0.09805 0.00437 0.00863 0.01149 

15 0.00975 0.00576 0.01273 0.10538 - 0.06096 0.00585 0.00700 0.00017 

30 0.00294 0.00915 0.01421 0.09689 - 0.06284 0.00513 0.00865 0.00698 

45 0.00446 0.00827 0.00896 0.09443 0.02955 0.05484 0.00476 0.00848 0.00565 

60 0.00312 0.00987 0.00898 0.08170 0.03173 0.05925 0.00421 0.00681 0.00419 

75 0.00256 0.00428 0.01087 0.07263 0.03162 0.05957 0.00502 0.00686 0.00412 

90 0.00276 0.00286 0.01067 0.06156 0.03181 0.05498 0.00509 0.00576 0.00219 

Mean 0.01533 0.00486 0.01250 0.10492 0.03118 0.06759 0.00212 0.00725 0.00474 

SD 0.02862 0.00458 0.00297 0.04118 0.00094 0.01567 0.00741 0.00112 0.00320 
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Table E: Mean ± standard deviation of NIH calculated at each sampling interval for each cannula type. 
Overall NIH mean ± standard deviation for each cannula type was calculated as well. NIH - normalised index 

of haemolysis, SD - standard deviation 
 

 Rigid Fully-Collapsible Semi-Collapsible 

Time 

(min) 

NIH Mean (± SD) 

(g/100L) 

5 0.01678 0.09766±0.08293 0.00447±0.01038 

10 0.00906±0.00553 0.07403±0.05341 0.00816±0.00293 

15 0.00941±0.00286 0.05545±0.0432 0.00434±0.00299 

30 0.00877±0.00461 0.05324±0.04013 0.00692±0.00144 

45 0.00723±0.00198 0.05961±0.0267 0.00629±0.00158 

60 0.00732±0.003 0.05756±0.02044 0.00507±0.00123 

75 0.0059±0.00358 0.05461±0.0171 0.00533±0.00114 

90 0.00543±0.00371 0.04945±0.01276 0.00435±0.00155 

Overall 0.01089 ± 0.0054 0.0688 ± 0.0355 0.0047 ± 0.0026 

 
Table F: Haemolysis rate index for each BCL at each sampling point. HRI - haemolysis rate index, BCL - 

blood circulation loop, R - rigid, FC - fully-collapsible, SC - semi-collapsible, SD - standard deviation 
 

 Rigid Fully-Collapsible Semi-Collapsible 

 R-1 R-2 R-3 FC-1 FC-2 FC-3 SC-1 SC-2 SC-3 

Time 

(min) 

HRI 

(g/Hr) 

5 0.27243* -0.016* 0.05174 0.54738 0.12609 0.22419 -0.045* 0.01672 0.00776 

10 0.01872 0.01248 0.05236 0.33487 0.10052 0.21180 0.01305 0.02511 0.02909 

15 0.02924 0.01728 0.03957 0.27825 0.07506 0.15727 0.01558 0.02037 0.00048 

30 0.00860 0.02746 0.04434 0.26326 0.07700 0.16214 0.01259 0.02492 0.02027 

45 0.01306 0.02482 0.02850 0.23652 0.07625 0.13590 0.01294 0.02441 0.01616 

60 0.00913 0.02962 0.02801 0.22059 0.07996 0.14576 0.01138 0.02027 0.01209 

75 0.00737 0.01258 0.03393 0.19609 0.07912 0.14654 0.01114 0.01985 0.01187 

90 0.00774 0.00823 0.03330 0.16620 0.07787 0.13525 0.01111 0.01668 0.00628 

Mean 0.04579 0.01451 0.03897 0.28040 0.08648 0.16486 0.00525 0.02104 0.01300 

SD 0.08595 0.01376 0.00908 0.11191 0.01681 0.03202 0.01935 0.00322 0.00831 
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Table G: Mean ± standard deviation of HRI calculated at each sampling interval for each cannula type. 
Overall HRI mean ± standard deviation for each cannula type was calculated as well. HRI - haemolysis rate 

index, SD - standard deviation 
 

 Rigid Fully-Collapsible Semi-Collapsible 

Time 

(min) 

HRI (mean +/- SD) 

(g/Hr) 

5 0.10258±0.12329 0.29922±0.17999 -0.00711±0.02761 

10 0.02785±0.01752 0.21573±0.09572 0.02242±0.00682 

15 0.02869±0.00911 0.17019±0.08345 0.01214±0.00847 

30 0.0268±0.0146 0.16747±0.07613 0.01926±0.00508 

45 0.02213±0.00658 0.14956±0.06614 0.01784±0.00483 

60 0.02226±0.0093 0.14877±0.05745 0.01458±0.00403 

75 0.01796±0.01149 0.14059±0.04794 0.01429±0.00394 

90 0.01642±0.01193 0.12644±0.03659 0.01136±0.00425 

Overall 0.0331 ± 0.0164 0.1772 ± 0.0975 0.0131 ± 0.0079 
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