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Abstract 

 

Background 

Ventricular Assist Devices (VADs) insertion is an established treatment for patients 

with end-stage heart failure waiting for a heart transplant or in need for long-term 

circulatory support (destination therapy). 

Rotary blood pumps (RBP) are the most popular devices in view of their size and 

performance. Pre-operative planning strategy for the insertion of a left ventricular 

assist device (LVAD) requires a timely discussion at a Multi-Disciplinary Team 

Meeting (MDT). Clinical-decision making is based according to the needs of the 

patient and must be processed without delays. Nevertheless, thrombus formation 

remains a feared complication which affects outcome. VADs operate in a flow 

regime which is difficult to simulate: the transitional region at the boundary of 

laminar and turbulent flow (low Reynolds number). Different methods have been 

used but the best approach remains debatable. Computational Fluid Dynamics 

(CFD) is an attractive and invaluable tool for the study of the interactions between 

VADs and the cardiovascular system. The aim of this thesis is three-fold: 

a) to investigate the use of pressure-volume analysis in a clinical setting 

through the review of six heart failure patients previously discussed at 

a MDT meeting with a view to predict or guide further management; 

b) to review the theory behind modelling approaches to VADs and their 

interactions with the cardiovascular system for better understanding of 

their clinical use. Then, an overview of computational fluid dynamics 

(CFD) is considered as a prelude to its application to the analysis of 

VADs performance. Additionally, the development of a simplified 

model of centrifugal pump will be used in initial simulations as 

preliminary analysis;  

c) to examine an example of a proof-of-concept pilot patient-specific 

model of an axial flow pump (HeartMate II) as pre-operative planning 

strategy in a patient-specific model with a view to identify potential 

critical areas that may affect pump function and outcome in a clinical 

setting. 

 

Material and Methods 

3D reconstruction from CT-scan images of patients who underwent the insertion of 

rotary blood pumps, namely HeartWare HVAD and HeartMate II. Ansys Fluent has 

been used for CFD analysis based on the fundamental governing equations of 

motion. Blood has been modelled as incompressible, Newtonian fluid with density 

” = 1060 ὯὫȾά  and viscosity ‘ = 0.0035 kg/m-s. The laminar and Ὧ SST ‫ 

models have been used for comparison purposes. The rotational motion of the 
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impeller has been implemented using the moving reference frame (MRF) 

approach. The sliding mesh method has also been used to account for unsteady 

interaction between stationary and moving part. The no-slip condition has been 

applied to all walls, which were assumed to be rigid. Boundary conditions 

consisting of velocity inlet and pressure outlet of the pump based on different 

settings and constant rotational speed for the impeller. Pressure-velocity coupling 

has been based on the coupled scheme. Spatial discretisation consisted of the 

ñleast square cell basedò gradient for velocity and ñPRESTOò or second order for 

pressure. Second order upwind has been set for the momentum, turbulent kinetic 

energy and specific dissipation rate. First order implicit has been set for transient 

formulation. The pseudo transient algorithm (steady state), the high order 

relaxation term and the warped-face gradient correction have been used to add an 

unsteady term to the solution equations with the aim to improve stability and 

enhance convergence. Specific settings have been considered for comparison 

purposes. 

 

Results 

Pressure-volume simulation analysis in six advanced heart failure patients showed 

that an integrated model of the cardiovascular system based on lumped-parameter 

representation, modified time-varying elastance and pressure-volume analysis of 

ventricular function seems a feasible and suitable approach yielding a sufficiently 

accurate quantitative analysis in real time, therefore applicable within the time-

constraints of a clinical setting. Lumped-parameter models consist of simultaneous 

ordinary differential equations complemented by an algebraic balance equation 

and are suitable for examination of global distribution of pressure, flow and volume 

over a range of physiological conditions with inclusion of the interaction between 

modelled components. Higher level lumped-parameter modelling is needed to 

address the interaction between the circulation and other systems based on a 

compromise between complexity and ability to set the required parameters to 

personalise an integrated lumped-parameter model for a patient-specific approach. 

CARDIOSIM
©
 fulfils these requirements and does address the systems interaction 

with its modular approach and assembly of models with varying degree of 

complexity although 0-D and 1-D coupling may be required for the evaluation of 

long-term VAD support. The challenge remains the ability to predict outcome over 

a longer period of time. The preliminary CFD simulations with the HeartWare 

HVAD centrifugal pump demonstrated that it is possible to obtain an accurate 

analysis in a timely manner to complement the clinical review process. The 

simulations with the pilot patient-specific model of the HeartMate II axial flow pump 

revealed that a complex 3D reconstruction is feasible in a timely manner and can 

be used to generate sufficiently accurate results to be used in the context of a MDT 
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meeting for the purposes of clinical decision-making. Overall, these three studies 

demonstrate that the time frame of the simulations was within hours which may fit 

the time constraints of the clinical environment in the context of a MDT meeting. 

More specifically, it was shown that the laminar model may be used for an initial 

evaluation of the flow development within the pump. Nonetheless, the k-model ‫ 

offers higher accuracy if the timeline of the clinical setting allows for a longer 

simulation. 

 

Conclusion 

This thesis aimed at the understanding of the use of computational modelling as a 

pre-operative planning strategy and follow up assessment for the treatment of 

advanced heart failure with rotary blood pumps. The novelty lays in the use of both 

pressure-volume simulation analysis and 3D flow dynamics studies in VADs with a 

view to treatment optimisation and outcome prediction within the time constraints 

of a clinical setting in the context of a MDT meeting. The clinical significance and 

the contribution to the field is a more targeted approach for different groups of 

patients and a more quantitative evaluation in the clinical decision process based 

on a pro-active co-operation between clinicians and scientists reducing the 

potential for ñguess workò. The results of this thesis are a proof-of-concept as a 

prelude to a potential future implementation of patient-specific modelling within a 

clinical setting on a daily basis demonstrating a clear clinical significance and 

contribution to the field. The proposed approach does not consider modelling and 

simulation as a substitute for clinical experience but an additional tool to guide 

therapeutic intervention and complement the clinical decision process in which the 

clinician remains the ultimate decision-maker. Such an approach may well add a 

different dimension to the problem of heart failure with potential for high return in 

terms of patientôs outcome and long-term surveillance. The same principles would 

be applicable to other cardiovascular problems in line with the current concept of 

ñTeam Approachò such as the Heart Team, the Structural Heart Team or the Aortic 

Team. The present work has taken this concept closer to clinical delivery and has 

highlighted its potential but further work remains to be done in refining the 

technique.  
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Thesis Outline 

 

The following is a summary of the chapters that comprise this thesis. Chapter 1 

gives an overview of currently available ventricular assist devices (VADs) with a 

brief mention about key clinical trials. Chapter 2 gives an overview of pressure-

volume analysis of cardiac mechanics and dynamics. The concept of time-varying 

elastance and ventricular-arterial coupling are presented in details. The importance 

of pressure-volume loop analysis for the evaluation of the interactions between 

VADs and the cardiovascular system is highlighted. Important concepts such as 

ventricular interdependence during circulatory support and the role of aortic valve 

physiology are also addressed.  Chapter 3 is dedicated to the use of key 

mathematical models to further understand device function and interaction with the 

cardiovascular system based on the time-varying elastance and the electric circuit 

theory although alternative approaches are also discussed. An introduction to 

speed modulation is also given to address the shortcomings of constant speed 

currently used in VADs. Chapter 4 gives an introduction to the use of 

computational fluid dynamics for the analysis of flow in VADs and its role in device 

development and design improvement. Chapter 5 is dedicated to the modelling 

approach used to understand blood damage (thrombus formation and haemolysis). 

Chapter 6 describes the objectives and hypothesis of the work. Chapter 7 

describes the clinical application of a combined modelling approach using 

pressure-volume analysis, 0-D modelling and modified time-varying elastance. All 

the simulations have been carried out using CARDIOSIM
©
, which is a modular 

software for cardiovascular modelling. 
 
The potential of this approach is discussed 

in terms of treatment optimisation and outcome prediction. Chapter 8 and 9 

describe the design of CFD simulations and their results based on ANSYS 

software package, which is widely used in other engineering branches and more 

recently successfully applied to the biomedical field. Chapter 10 gives me the 

opportunity to discuss my ideas in relation to my simulations findings and the need 

for future developments in the field.  
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1 Mechanical Circulatory Assist Devices: Overview 

1.1 Introduction 

 

Ventricular assist devices (VADs) are designed to support a failing heart 

with a view to recovery, bridge to transplant or long-term treatment. 

Mechanical circulatory support has become a widely accepted standard 

treatment option in patients with advanced heart failure. Indication, timing 

and selection of the appropriate device are critical. Additional issues include 

quality of life, reliability and cost-effectiveness. From an engineering point of 

view, the greatest challenge is the development of a permanent circulatory 

support system. The system should be anatomically adaptable, structurally 

stable to operate in a corrosive saline environment and its components 

should be compatible in order to be joined to the flexible structures of the 

body. Such systems should operate continuously for years without 

maintenance. Mechanical components must necessarily be small and 

should operate without failing under extreme conditions. These systems 

should be efficient to reduce power requirement, prolong battery life and 

reduce waste heat. Blood trauma and flow disturbance should be within 

clinically tolerable limits. Blood-contacting surfaces should minimize 

potential generation of blood clots leading to cerebro-vascular accidents. 

Most of these issues have been addressed but there is still great potential 

for further improvement.  

 

1.2 Types of VADs 

 

Broadly speaking, there are two main categories of mechanical blood 

pumps: volume-displacement pumps and rotary pumps.  

Volume-displacement pumps consist of a chamber or a sac that fills 

passively or by suction and is compressed by an external pusher plate (Fig. 

1.1). Energy is transferred to the blood by periodic changes in a working 

space generating pulsatile flow. Inflow and outflow prosthetic valves are 

required. Devices such as HeartMate I XVE and Novacor are based on this 

principle. The output requirement for a pulsatile configuration is a flow rate 

of 5-10 L/min at a mean pressure of 100-150 mmHg and a rate less than 

120 bpm with a mean filling pressure of about 20 mmHg (Antaki, 2006). 

Volume-displacement pumps are known as first generation devices. They 

unload the left ventricle very efficiently with a capacity to pump up to 10 

L/min of pulsatile flow to sustain the circulation. Nevertheless, there are 

clear disadvantages such as large size, complexity, noisy operating mode 

and limited durability because of many moving parts (Birks, 2004; Pagani, 
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2006). Volume displacement pumps are suitable to generate pressure 

against resistance. They maintain a constant flow against an increasing 

resistance by generating a greater pressure at the expense of increased 

work and energy consumption. In the presence of very high resistance or 

flow stop, the pump fails. The heart is a modified but more complex volume 

displacement pump, which generates variable output according to preload, 

afterload and contractility. In the presence of very high afterload, failure is 

due to progressive endocardial ischaemia shown by the descending limb of 

the Frank-Starling curve (Arnold and Bourque, 2013). 

 

 
 

Figure 1.1 Volume displacement pump: compressed air is used to expand 

and contract a bladder with the aim to suck and eject blood in the circulation. 

A definite volume of fluid is delivered for each cycle of pump operation. 

From: Capoccia M, De Lazzari C. Concepts, Mathematical Modelling and 

Applications in Heart Failure, 2019, Nova Science Publishers. 

 

Rotary blood pumps consist of an inlet and outlet with a single rotating 

element (impeller), which transfers energy to the blood in order to increase 

arterial blood flow and pressure. These devices can be axial, radial 

(centrifugal) and diagonal (mixed flow) according to the geometry of the 

impeller (Fig. 1.2). Energy is transferred to the blood by velocity changes 

within the impeller vanes generating non-pulsatile flow. The mechanism of 

the rotating element in an axial-flow pump can be viewed as a screw-driving 

manoeuvre along the ὼ-axis. In contrast, the rotating element in a 

centrifugal-flow pump has a helicopter-like behaviour along the ώ-axis. Axial 

flow pumps (HeartMate II and Jarvik 2000) are driven by a spinning rotor 

around a central shaft. Centrifugal flow pumps (HeartWare, DuraHeart, 

HeartMate III) are driven by a hydrodynamic or electromagnetic suspended 

spinning rotor. Rotary blood pumps are suitable for high flows up to 20 L/min 
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at differential pressures lower than 500 mmHg. The radial design is capable 

of producing high pressures and low flows. An axial flow pump generates 

high flows at low pressure differences. A diagonal pump (Circulite Synergy) 

is a hybrid flow system capable of generating high pressures and high flows. 

Pump design is normalised to pump size taking into account that a 60-mm-

diameter centrifugal pump can eject more fluid at significantly higher 

pressures than a 6-mm-diameter axial pump (Siess, 2000). An increased 

resistance in rotary blood pumps leads to decreased work and therefore 

available power (Arnold, 2013). Rotary blood pumps generate flow 

according to the amount of pressure dependent on resistance to flow. If the 

outflow graft of the HeartMate II (axial) or the HeatWare HVAD (centrifugal) 

is clamped, the true electrical and mechanical work done by the pump 

decreases although in theory the impeller may be pushing against an infinite 

resistance. In a clinical setting this would be paradoxical because 

myocardial oxygen demand and wall stress increase dramatically following 

aortic cross-clamp. The impeller rotates at high speed inside the pump 

housing with either forward (axial flow pump) or outward (centrifugal pump) 

fluid acceleration (Arnold, 2013). The impellerôs ability to generate flow 

depends on the rotational speed and the blade features as described by 

Eulerôs pump theory. 

 

 

 

Figure 1.2 Direction of flow through the three types of rotary blood pumps. 

From: Capoccia M, De Lazzari C. Concepts, Mathematical Modelling and 

Applications in Heart Failure, 2019, Nova Science Publishers. 

 

Rotary pumps with continuous axial flow requiring mechanical bearings and 

seals in contact with blood like the HeartMate II are known as second 

generation devices. They are smaller and safer to insert with more 

favourable durability because of only one moving part. Thrombus formation 

remains a feared complication and varies between pumps. Experience with 

this type of devices is well established (Miller, 2007; Pagani, 2009; 

Slaughter, 2009; Sheikh, 2011).  

RADIAL DIAGONALAXIAL
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Rotary pumps with continuous flow based on magnetic levitation or non-

contacting hydrodynamic bearings allowing the impeller to be suspended 

are known as third generation devices. These pumps are based on the 

concept of centrifugal flow and are even smaller than axial flow pumps. The 

use of magnetically levitated rotor systems is likely to improve durability. 

HeartWare, DuraHeart and HeartMate III are devices based on these 

principles (Tuzun, 2007; Morshuis, 2009; Wieselthaler, 2010; Strueber, 

2011; Netuka, 2015; Rogers, 2017). The ENDURANCE trial has shown non 

inferiority of HeartWare compared to HeartMate II although with higher 

incidence of stroke requiring intensive blood pressure control (Rogers, 2017; 

Milano, 2018). The MOMENTUM-3 trial has shown superior performance of 

the HeartMate III with significant reduction in pump thrombosis, stroke and 

gastro-intestinal bleeding (Heatley, 2016; Mehra, 2017; Uriel, 2017; Mehra, 

2018; Mehra, 2019). 

Continuous-flow left ventricular assist devices (CF-LVADs), based on axial 

and centrifugal design, are currently the most popular devices in view of 

their smaller size, increased reliability and higher durability compared to 

pulsatile-flow left ventricular assist devices (PF-LVADs). The trend towards 

their use is increasing. Since the REMATCH (Randomized Evaluation of 

Mechanical Assistance for the Treatment of Congestive Heart Failure) Trial 

(Rose, 2001), the technological development from PF- to CF-LVADs has led 

to an increased survival of patients on prolonged circulatory support (Park, 

2005; Slaughter, 2009; Boyle, 2011; Kirklin, 2012). CF-LVADs have proven 

their reliability in relation to outcome following elective surgery in chronic 

heart failure patients before the onset of cardiogenic shock (Boyle, 2011). In 

patients up to 70 years of age without cardiogenic shock, diabetes and renal 

failure, circulatory support with a CF-LVAD showed 1- and 2-year survival of 

80% and 70%, which was comparable with heart transplantation (Kirklin, 

2012; Kirklin, 2013; Kirklin, 2015). Although these results are encouraging, 

the impact of adverse events shows still limited advantage for patients with 

ambulatory heart failure suggesting a more effective control or prevention of 

major adverse events for left ventricular assist device (LVAD) insertion to be 

considered on a more frequent basis in this category of patients (Kirklin, 

2017). Despite the greater durability for CF-LVADs in comparison with PF-

LVADs (Holman, 2013) and the remarkable results achieved with the 

HeartMate III (Mehra, 2019), driveline infection, right heart failure, pump 

thrombosis and pump drive unit failure remain areas for further 

improvement. Despite the ongoing debate between transplantation and 

VADs, the two treatment options are closely related. Heart transplantation 

remains the first option for end-stage heart failure patients in view of 
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improved outcomes and better cost-effective profile (Aissaoui, 2018). 

Nevertheless, VADs are the necessary alternative option when transplant is 

contra-indicated or patient presentation is not optimal and in need of urgent 

attention. The more favourable outcomes with the HeartMate III may have 

shifted cost-effectiveness towards more acceptable levels (Mehra, 2018a; 

Sidhu, 2020). Improved haemocompatibility in terms of significant reduction 

in pump thrombosis, stroke and gastro-intestinal bleeding may have 

contributed to reduced hospital re-admission and therefore cost reduction 

(Sidhu, 2020). 

 

1.3 Devices for Mechanical Circulatory Support 

 

Current VADs range from short-term percutaneous devices to long-term 

permanently implantable systems and total artificial hearts (TAH). 

Appropriate device selection allows treatment to be tailored to the needs of 

each category of patients. Broadly speaking, mechanical circulatory support 

consists of short- and long-term treatment. 

  

1.3.1 Pulsatile flow extra-corporeal 

  

PVAD Thoratec 

European Conformity (CE) mark approval in 1998. Food and Drug 

Administration (FDA) approval for BTT in 1995 and for post-cardiotomy 

recovery in 1998. Rarely used as LVAD; mainly as long-term right ventricular 

assist device (RVAD) or biventricular assist device (BiVAD); used as BTT for 

paediatric patients in selected cases. 

 

Abiomed AB5000 

FDA approval for short-term single or biventricular support with a view to 

recovery or BTD. 

 

Abiomed BVS 5000 

FDA approval for short-term or biventricular support; rarely used in post-

cardiotomy support. 

 

EXCOR Berlin Heart 

Used as long-term biventricular support. CE mark approval in September 

2021. Pending FDA approval as Humanitarian Device Exception (HDE) for 

BTT and bridge to recovery.  
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1.3.2 Pulsatile flow intra-corporeal 

 

Novacor World Heart (Fig.1.4) 

Long-term LVAD; CE mark approval in 2009; previously approved as BTT in 

North America, European Union and Japan. Subsequently BTT trial was 

stopped. Not used any longer; taken off the market. 

 

HeartMate I XVE Thoratec (Fig.1.3) 

CE mark approval in 2003; FDA approval as BTT in 2001 and subsequently 

for destination therapy in 2003. Long-term LVAD but rarely used now in view 

of newer technology. 

 

IVAD Thoratec 

CE mark approval in 2003; FDA approval as BTT in 2004. Authorised only 

for internal but not paracorporeal implantation due to reliability issues. 

Rarely used in view of newer technology. 

 

Syncardia TAH Syncardia Systems 

Pneumatically driven system used for long-term biventricular support. FDA 

and CE mark approval as BTT in Europe (70cc TAH in 1999; 50cc TAH in 

2014), Canada (70cc TAH in 2005; 50cc TAH in 2016) and USA (70cc TAH 

in 2004; 50cc TAH in 2020) for patients at risk of imminent death from 

biventricular failure. The device is currently undergoing FDA clinical trial in 

the USA for destination therapy approval. 

 

AbioCor TAH Abiomed 

Completely self-contained implantable device based on TETS technology for 

long-term biventricular support. FDA approval in 2006 under HDE for 

destination therapy and implanted in a limited number of centres. 

Subsequently, further development abandoned due to insufficient evidence 

of its effectiveness. 

 

Aeson® Carmat TAH (Carmat, Vélizy Villacoublay, France) 

Electro-hydraulically driven pulsatile biventricular pump available in Europe 

only. CE mark approval for BTT in December 2020. FDA approval in 

February 2020 to undertake a feasibility study in the USA. 

 

ReinHeart TAH (Aachen, Germany) 

Passively filling pump unit driven by a low-wear linear drive between two 

artificial ventricles, an implantable control unit and a compliance chamber 
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and based on TETS technology. Currently under development with the aim 

to further validate its potential through prolonged in-vivo experiments after 

promising results in an acute setting. 

 

 
 

Figure 1.3 HeartMate I XVE Left Ventricular Assist System. From: Surg Clin 

N Am 2013; 93: 1343-1357. 

 

 

  
 

Figure 1.4 Novacor Left Ventricular Assist System. From: Semin 

Cardiothorac Vasc Anesth 2007; 11: 185-204. 

 

1.3.3 Continuous-flow extra-corporeal 

 

Centrimag (Levitronix) Thoratec 

Magnetically levitated bearing-less centrifugal pump designed for short- to 

medium-term support (14 days to 3-6 months). CE mark approval in Europe 
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for short-term support. Versatile device suitable as veno-arterial (VA) extra-

corporeal membrane oxygenation (ECMO), LVAD, RVAD and BiVAD.  

 

Tandemheart CardiacAssist Inc. 

Short-term biventricular support. FDA approved for extra-corporeal 

circulatory support for up to six hours for procedures not requiring full 

cardiopulmonary bypass. 

 

Impella Abiomed 

Short-term left ventricular support. FDA approved for circulatory support of 

periods up to six hours (April 2009). 

 

HeartMate PHP  

Percutaneous catheter-based trans-aortic pump. CE Mark approval (July 

2015) for use in the European Union to support patients undergoing high-

risk percutaneous coronary intervention (PCI). 

 

1.3.4 Continuous-flow intra-corporeal 

 

HeartMate II Thoratec (Fig.1.5) 

Axial-flow pump for long-term left ventricular support: bridge to decision, 

bridge to transplant, destination therapy. Approved for use in North America 

and European Union. CE mark approval in 2005. FDA approval for BTT 

(April 2008) and DT (January 2010). 

 

HeartMate III Thoratec (Fig.1.8) 

Centrifugal-flow pump for long-term left ventricular support. Investigational 

device. CE Mark approval (September 2015). 

 

HVAD HeartWare (Fig.1.6) 

Centrifugal-flow for long-term left ventricular support. CE mark approval in 

Europe (January 2009). Completed USA BTT trial in 2009. FDA approval in 

2012. 

 

Jarvik-2000 Jarvik Heart 

Axial-flow pump for long-term left ventricular support. CE mark approval in 

2000 for BTT and DT in Europe. Child version is currently being developed. 

Under FDA clinical investigation for BTT approval in USA. 
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Figure 1.5 Difference between the mechanism of action of an axial flow 

pump (HeartMate II, left) and a volume displacement pump (HeartMate I, 

right). From: JACC 2009; 54: 1647-1659. 

 

 

 
 

Figure 1.6 HeartWare HVAD centrifugal-flow pump. From: 

https://clinical.stjohnwa.com.au/medical-library/pathophysiology/cardiac-

conditions/left-ventricular-assist-devices-(lvads) 

 

 

MicroMed DeBakey VAD Micromed 

Axial-flow pump for long-term left ventricular support. CE mark approval in 

2006. Approved for use in Europe under HDE for BTT and BTD in children. 

FDA approval for use in children in USA. Under FDA consideration for BTT 

trial in USA. 
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Figure 1.7 Terumo DuraHeart
TM

 centrifugal-flow pump. From: Gregory SD, 

Stevens MC, Fraser JF. Mechanical Circulatory and Respiratory Support, 

2018, Elsevier. 

 

 

  
 

Figure 1.8 HeartMate III centrifugal pump. From: Cardiol Clin 2011; 29(4): 

559-582 and https://www.lvad.nl/en/heartmate-3/ 

 

VentrAssist Ventracor 

Centrifugal-flow pump for long-term left ventricular support. Approved for 

use in Europe and Australia. Company declared bankruptcy during clinical 

trials in 2009 for FDA approval. 
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Incor Berlin Heart 

Axial-flow pump for long-term left ventricular support. CE mark approval in 

2003. Approved for use in Europe. Clinical trials in USA in 2009. FDA 

approval for bridge to transplant. 

 

MVAD HeartWare 

Axial-flow pump. Good laboratory practices study completed. First implanted 

in 2015 and currently under clinical trials for CE mark and FDA approval. 

 

DuraHeart Terumo (Fig.1.7) 

Centrifugal-flow pump for left ventricular support. CE mark approval in 2007. 

Trials in USA for FDA approval (January 2010). 

 

WorldHeart Levacor 

Centrifugal-flow pump for long-term left ventricular support. Investigational 

device for BTT under investigational device exemptions (IDE) application in 

USA. Not available outside USA. 

 

EVAHEART LVAS Evaheart 

Centrifugal-flow pump for long-term left ventricular support. CE mark 

approval. FDA approval for clinical trial as BTT in USA in 2010. 

Synergy Pocket Micro-Pump Circulite 

Hybrid-flow pump for long-term left ventricular partial support. The device 

combines axial, centrifugal and orthogonal flow with a single-stage impeller 

powered by an integrated brushless micro-electric motor. Also considered 

for right ventricular support. CE mark approval in 2012. 

 

HeartAssist5 ReliantHeart 

Axial-flow pump for long-term left ventricular support. CE mark approval in 

2014. In trial for BTT. 

 

aVAD ReliantHeart 

Light intraventricular axial flow LVAD that includes features like remote 

monitoring and flow measurement. CE Mark approval has been granted and 

implants started in September 2016. 

 

CFTAH (Cleveland Clinic) 

Single-piece, valveless, continuous-flow total artificial heart. The device 

uses a single, centrally located, rotating assembly with impellers for left and 

right centrifugal pumps. 
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BiVACOR TAH (Houston, Texas) 

System of two centrifugal impellers placed on a single, magnetically 

levitated rotor located between opposing pump casings. Currently under 

development. 

 

1.3.5 Counterpulsation devices 

 

Intra-Aortic Balloon Pump (IABP) 

The IABP consists of a cylindrical balloon placed in the descending thoracic 

aorta and connected to an external pump through a flexible catheter. In 

contrast to VADs, which replace the pumping function of the native heart, 

the IABP exerts its primary haemodynamic effects by inflating during 

diastole displacing blood proximally and distally, thereby raising the proximal 

arterial pressure and improving systemic perfusion, notably to the 

myocardium. When the balloon deflates at the end of diastole, a region of 

lower pressure akin to a "vascular void" is created within the aorta with 

reduction of left ventricular afterload. 

 

Kantrowitz CardioVAD 

The Kantrowitz CardioVAD was an ambulatory counterpulsation device 

developed to deliver chronic counterpulsation in an intermittent manner. It 

consisted of an elongated inflatable valve-less polyurethane patch sutured 

to the lateral aspect of the descending thoracic aorta and powered by an 

external compressor via a percutaneous pneumatic line. Despite an initial 

successful clinical application, the device did not achieve widespread 

acceptance. 

 

C-Pulse
®
 Heart Assist System (Sunshine Heart) 

The C-Pulse
®
 consists of a cuff that wraps around the ascending aorta with 

inflation and deflation of a membrane (balloon) against the vessel's external 

wall. The positive and negative pressure of the balloon synchronises aortic 

pulsation with the cardiac cycle, augmenting blood flow and reducing total 

cardiac work and strain. A battery-powered pump is connected to the device 

and worn outside the body. The C-Pulse
®
 is currently an investigational 

device. 

 

Symphony CPD 

Symphony CPD is an implantable counterpulsation device developed for 

superficial implantation without the need to enter the chest. The surgical 
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approach is limited to an infraclavicular incision similar to that used for 

placement of a pacemaker. The device is implanted into a pocket below the 

pectoralis muscle on the anterior chest and attached to a vascular graft, 

which is anastomosed to the subclavian artery. A silicone diaphragm in the 

reservoir is inflated and deflated by an air driveline connected to an external 

pneumatic driver. The CPD reservoir fills during native ventricular systole 

and empties during native ventricular diastole. The operation mode of the 

device is by removal and return of blood to the circulation rather than 

volume displacement. Symphony CPD is currently an investigational device. 

 

Para Aortic Blood Pump (PABP) 

Para-aortic pumps operate on the same principle as IABP counterpulsation 

but are intended for long-term use to provide chronic contraction unloading 

and coronary perfusion augmentation. 

 

PulseCath iVAC 

The PulseCath consists of an extra-corporeal membrane pump connected to 

a large-bore catheter which is inserted across the aortic valve retrogradely 

into the left ventricle. A genuine IABP console drives the pulsatile pump. 

 

 

1.4 Chapter Summary 

 

The evolution from pulsatile to continuous-flow LVADs has played a key role 

for the treatment of advanced heart failure. A single moving part makes 

rotary blood pumps more reliable, durable and efficient. The absence of 

pulsatility is physiologically tolerable although not without drawbacks. The 

development of the HeartMate III has significantly reduced the potential for 

pump thrombosis, stroke and gastro-intestinal bleeding. The need for an 

external driveline through the skin remains the Achillesô heel although 

progress is being made towards wireless connection. Survival during the first 

two years is comparable to heart transplantation.  
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2 Interactions between Rotary Blood Pumps and the 

Cardiovascular System 

 

2.1 Introduction 

 

The time-varying elastance concept has been widely used to model the 

interaction between the cardiovascular system and mechanical circulatory 

support devices. Based on its load-independence property, the end-systolic 

pressure volume relationship (ESPVR) has been used to analyze the effect 

of aortic counterpulsation and other assist devices in experimental settings 

(Sun, 1991; Withington, 1991; Ratcliffe, 1991; De Lazzari 2006). The 

analysis has shown that circulatory assist devices may generate non-

physiological pressures and improve heart function (Withington, 1991); a 

leftward shift of the ESPVR in hearts recovering from ischaemia suggest that 

circulatory support improves their contractility (Ratcliffe, 1991). 

Subsequently, further studies have shown that the ESPVR is either concave 

or convex toward the volume axis (Burkhoff, 2005). If the slope of the 

ESPVR does not remain constant, contractility varies with the end-systolic 

volume leading to nonlinear isochrones which result in load-dependence 

measure of contractility with significant variation of volume intercept (van der 

Velde, 1991; Claessens, 2006). 

Although the time-varying elastance theory (Suga, 1973; Suga, 1974) has 

been proven sufficiently accurate (Stergiopulos, 1996; Segers, 2000; 

Segers, 2001) and adequate for realistic simulations of the instantaneous 

pressure-volume relationship (Lankhaar, 2009), its validity has been 

challenged when used to model the interactions between a left ventricular 

assist device (LVAD) and the cardiovascular system (Vandenberghe, 2006). 

During cardiac assistance with displacement blood pumps, the heart 

sustains extreme and rapidly changing loading conditions followed by 

simultaneous significant elastance changes. When the device is used in 

counterpulsation manner, significant unloading occurs during LV systole 

because all the blood is directed towards the LVAD. In view of these 

findings, it is questionable whether the original elastance theory is still valid 

for mechanically supported hearts (Vandenberghe, 2006). Changes in the 

elastance are also observed with continuous flow pumps: the end diastolic 

volume decreases and the maximum pressure increases possibly due to 

cardiac tissue damage caused by the presence of the device. In view of 

these considerations, a modified time-varying elastance approach 

(Capoccia, 2018; De Lazzari, 2019) or an alternative model (Kim and 

Capoccia, 2019; Kim and Capoccia, 2020) may be more appropriate to 

simulate the interactions between LVADs and the cardiovascular system. 
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2.2 Pressure-Volume Analysis 

 

Cardiac mechanics and dynamics can be understood by means of pressure-

volume analysis, which enables the evaluation of the working conditions 

imposed on the ventricle in terms of preload and afterload. The effective 

arterial elastance (Ὁ ) can be coupled with ventricular elastance (Ὁ) to 

analyse ventricular-arterial interactions with particular reference to the 

optimal afterload for maximal stroke work, or maximal mechanical efficiency.  

The assessment of the left ventricular systolic and diastolic function is critical 

in the understanding of the pathophysiology of heart failure and its 

treatment. Pressure-volume analysis describes global cardiac pump function 

and it remains a powerful approach to study the properties of the ventricular 

pump and its interaction with the vascular system (Sagawa, 1988). Although 

not commonly used in clinical practice, it allows a detailed and quantitative 

evaluation of the haemodynamics and ventricular-vascular coupling in 

health, in disease and in response to complex therapeutic interventions in 

heart failure that is not possible with other approaches (Burkhoff, 2005). 

The ventricular pressure-volume (PV) loop describes the haemodynamic 

events during the cardiac cycle. It is obtained by plotting instantaneous 

ventricular pressure versus volume. This loop is repeated with each cardiac 

cycle and shows how the heart shifts from its end-diastolic to its end-systolic 

states and vice versa (Fig. 2.1). 

For different filling volumes (preload) and different aortic pressures 

(afterload) the end-systolic and the end-diastolic pressure-volume values 

draw the end-systolic (ESPVR) and the end-diastolic (EDPVR) pressure-

volume relationships. These curves constrain the operating range of both 

ventricles in the pressure-volume field: any PV loop is comprised between 

the ESPVR and the EDPVR. Diastolic and systolic pressure-volume 

relationships are obtained in vivo by simultaneous measurement of 

ventricular volume and pressure during changes in cardiac filling with 

constant contractility and heart rate. Filling changes in vivo are obtained with 

gradual occlusion of the vena cava (Westerhof, 2010).  

ESPVR and EDPVR are not fixed for a given ventricle but they change 

according to the contractile state of the myocardium or with changes in the 

ratio of the wall thickness to the cavity radius. Sympathetic stimulation of the 

heart and left ventricular hypertrophy make the slope of ESPVR steeper 

while incomplete relaxation shifts EDPVR upward. At the same time, these 

alterations are observed in the ventricular state from the shifts of ESPVR 

and EDPVR (Sagawa, 1988). 

The ESPVR is a linear function within the physiological range and is 

insensitive to preload and afterload conditions (Fig. 2.1) (Suga, 1973; Suga 
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and Sagawa, 1974). It defines the state of maximal activation of  the 

chamber at a given contractile state. In mathematical terms, we have the 

following expression: 

 

                                               () ( )es es 0P V =E V V-             (2.1) 

 

where ὖ  is the end-systolic pressure and ὠ is the ventricular volume. ὠ is 

the volume axis intercept indicating that a certain amount of volume must be 

present in the ventricle before it can generate any pressure. Although this is 

not completely true, ὠ can be considered the same volume axis intercept for 

EDPVR and ESPVR. The slope of the linear relation (Ὁ ) is the end-systolic 

elastance. Elastance is the equivalent of stiffness and is defined as the 

change in pressure for a given change in volume: the higher the elastance, 

the stiffer the ventricular wall.  

 

 
 

Figure 2.1 A: PV loop representing the 4 phases of the cardiac cycle 

obtained by plotting instantaneous pressure versus volume. B: a 

progressive reduction in ventricular filling pressure shifts the loops towards 

lower end-systolic and end-diastolic volumes during constant contractile 

state and afterload resistance. C: the loops become flatter and wider when 

afterload resistance is increased at a constant preload pressure. In ideal 

conditions, the end-systolic pressure-volume points fall on the same ESPVR 

obtained with preload reduction. All PV loops have been generated using 

CARDIOSIM
© 

software simulator. From: Capoccia M, De Lazzari C. 

Concepts, Mathematical Modelling and Applications in Heart Failure, 2019, 

Nova Science Publishers.  

 

The EDPVR is a nonlinear function and defines the passive properties of the 

chamber in its most relaxed state. It represents the passive filling mechanics 

of the chamber determined primarily by the thick-walled geometry and by 
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the nonlinear elasticity of the resting ventricular wall. Typical expression 

would be the following: 

 

                                          ()ed 0P V P Vab= + Ö                         (2.2) 

 

or 

 

                                   () ( )0V -V
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            (2.3) 

 

where ὖ  is the end-diastolic pressure,  ὖ is the pressure at low volumes 

(generally close to 0 mmHg), Ŭ and ɓ are constants determined by the 

mechanical properties of the muscle as well as by the structural ventricular 

features. The EDPVR intersects the volume axis at ὠ (Eq. (2.3)), which is 

the maximal volume at zero pressure; this volume is frequently referred to as 

the unstressed volume. The reciprocal of the derivative of the EDPVR, 

Ὠὖ ὠ Ὠὠϳ , is the compliance, which is the change in volume for a 

given change in pressure. Since the EDPVR is a nonlinear function, the 

compliance varies with volume: it is greatest at low volume and smallest at 

high volume. The compliance gives information about the diastolic 

properties of the heart in relation to whether it is working at a point on the 

EDPVR where the slope is high or low (Burkhoff, 2011). 

The area of the PV loop is the external work (Ὁὡ), which represents the 

energy transmitted to the blood by ventricular contraction. In more 

conventional terms, the loop area represents the stroke work of the ventricle 

on the arterial system and is mathematically approximated as follows: 
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where ὠ and ὠ  are the end-systolic and the end-diastolic volumes. A 

ventricular function curve is obtained by plotting stroke work against preload 

either as end-diastolic volume or end-diastolic pressure. 

During isovolumic relaxation the pressure decreases from the initial value ὖ 

until mitral valve opening. This decay can be characterized by a single 

exponential function as follows: 
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where ὖÐ is the (negative) baseline pressure to which the ventricle would 

eventually relax if mitral valve opening did not occur and † is the time 

constant characterizing the rate of fall of pressure (Yellin, 1986). Normally, † 

is about 40 ms in dogs and humans but it is increased by various factors 

such as elevated afterload, asynchronous contraction associated with 

abnormal activation sequence or regional dysfunction, slowed cytosolic 

calcium reuptake to the sarcoplasmic reticulum associated with cardiac 

hypertrophy and failure.  

The pressure and volume curves for the right ventricle are essentially the 

same although right ventricular and pulmonary artery pressures are a fifth of 

the corresponding left sided pressures. The interventricular septum 

separates the right and the left ventricles and can transmit forces from one 

to the other. An increase in right ventricular volume may increase the left 

ventricular pressure by septal deformation. This direct interaction is more 

significant during filling (Janicki, 1980). The end of diastole generally 

coincides with mitral valve closure while mechanical end-systole is usually 

considered as the end of ejection. However, since there remain 

considerable myofilament interactions and active tension during relaxation, it 

has been proposed extending systole until the onset of diastasis (Brutsaert, 

1989). This distinction is important in terms of cardiac muscle mechanics 

because the myocardium is still active for much of diastole and may never 

be fully relaxed at high heart rates. The EDPVR has been approximated by 

an exponential function of volume and its determinants are the material 

properties of resting myocardium, the chamber dimensions and wall 

thickness (Gilbert and Glantz, 1989). Therefore, the passive chamber 

stiffness (Ὠὖ ὠ ϳὨὠ) is approximately proportional to the filling pressure. 

The extent of relaxation, ventricular interactions and pericardial constraints 

play also a role on the EDPVR. In fact, the EDPVR of the left ventricle may 

be directly affected by changes in the loading conditions of the right ventricle 

through septal interactions (Glantz and Parmley, 1978).  

The ventricles also interact indirectly since the output of the right ventricle is 

returned as the input to the left ventricle via the pulmonary circulation. A 

transversely isotropic computational model of the canine left ventricle with 

bi-axial active stress gives a realistic representation with experimental 

agreement (Usik, 2000). During isovolumic contraction and relaxation, the 

model requires volumetric constraint equations to calculate the pressure 

boundary condition at each time step to keep left and right ventricular cavity 

volume constant.  

To simulate the interaction between the left (right) ventricle and the aortic 

(pulmonary) system, the model of the left (right) ventricle can be coupled to 
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a two-element windkessel model (Westerhof, 2010) to simulate aortic 

(pulmonary) input impedances so that ventricular pressures can be 

calculated during ejection. The equation of this model is: 

 

dV dP P
C +

dt dt R
= Ö               (2.6) 

 

The parameters ὅ and Ὑ are chosen for the aortic and pulmonary 

circulations to obtain physiological systolic pressures; ὖ and ὠ are pressure 

and volume. 

 

2.3  Time-Varying Elastance Theory 

 

The time-varying elastance theory is based on the instantaneous 

relationship between ventricular pressure and volume. The pressure to 

volume ratio at any time in one cardiac cycle can be defined as follows 

(Suga and Sagawa, 1974): 
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where Ὁὸ  is the time-varying elastance, ὖὸ  is the instantaneous 

intraventricular pressure, ὠὸ is the instantaneous intraventricular volume 

and ὠ is the fixed correction volume. 

From an experimental point of view, the instantaneous intraventricular 

pressure to volume ratio during systole is a unique feature of the ventricular 

contractile state which appears to be independent of mechanical loading 

conditions but varies significantly with changes in the contractile state of the 

ventricle. Simulations of cardiac responses to different haemodynamic 

conditions based on a mathematical model derived from the above findings 

(Suga, 1971) suggest that the pressure to volume ratio is a link between the 

ventricle as a hydraulic element defined in terms of input-output 

relationships and the ventricle as an active chamber whose contraction is 

described in terms of intraventricular pressure and volume. The peak value 

(Ὁ ) of Ὁὸ and the time to Ὁ  from the onset of systole (Ὕ ) are the 

characteristic parameters of the instantaneous pressure to volume ratio 

curve: they are independent of wide variations in preload and afterload 

conditions under a given contractile state but they are sensitive to changes 

in the contractile state of the ventricle (Suga and Sagawa, 1974). All the 
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Ὁὸ curves, normalised with respect to Ὁ , (Ὁ = ὉὉϳ ), against ὸ 

normalised with respect to Ὕ , (ὸ = ὸὝϳ ), have a common shape and 

reduce to a single curve Ὁ ὸ  regardless of loading conditions, contractile 

state or heart rate. As a result, the instantaneous pressure to volume ratio 

curve Ὁὸ can be described in terms of Ὁ  and Ὕ  where changes in 

these parameters reflect the variations in the contractile state of the 

ventricle. Figure 2.2 shows a schematic representation of the time-varying 

ventricular pressure-volume relationship as a three-dimensional surface in 

the pressure-volume-time space.  

 

 

 

Figure 2.2 Ὁὸ surface or pressure-volume-time surface of the left ventricle. 

Given a constant contractile state, the instantaneous pressure-volume 

relationship of the ventricle travels on this surface along a path determined 

by preload and afterload conditions. The three dotted lines are the ejecting 

contractions against three values of afterload. From: Capoccia M, De 

Lazzari C. Concepts, Mathematical Modelling and Applications in Heart 

Failure, 2019, Nova Science Publishers.  

 

If ‌ is the ratio of Ὁ  under a given contractile state over that under an 

arbitrarily defined control contractile state and ‍ is the ratio of Ὕ  under the 

control contractile state over that under a given contractile state, both 

parameters can be used empirically as measures of a change in contractile 

state from a control contractile state (Suga, 1972). In mathematical terms, 

the Ὁὸ curve under a given contractile state can be described as: 
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where Ὁ ὸ represents Ὁὸ under an arbitrarily defined control contractile 

state and heart rate with ‌ and ‍ being magnitude and duration parameters 

of the given Ὁὸ with respect to Ὁ ὸ (Suga, 1972). 

The mathematical analysis of the mechanical relationship between 

ventricular performance represented by Ὁὸ and myocardial contraction 

shows that ‌ and ‍ are related to myocardial force (Ὂ) and shortening 

velocity of the contractile element (ὺ  (Suga, 1972), suggesting a link 

between the ventricle as an active chamber and the ventricle as an 

assemblage of myocardial fibres whose shortening is described in terms of 

force-velocity relation (Sonnenblick, 1962). 

Using a two element model of the myocardium and a thick-wall sphere or 

cylinder model of the ventricle we observe that: 
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where Ὄ and ὑ are functions of the ventricular volume and are specific to 

the geometric model used. ὑ is affected by the afterload mode (Ὦ (isobaric, 

isotonic and isovolumetric contraction). The mathematically derived Ὂ-ὺ  

curves and their shifts following variations of ‌, ‍, Ὄ and ὑ under isotonic, 

isobaric and isovolumetric conditions reflect the experimentally derived Ὂ-ὺ  

curves suggesting that Ὁὸ is an expression of the dynamic characteristics 

of myocardial contraction and can be used as a useful index of the 

ventricular contractile state (Suga, 1972). 

Given the small difference in ESPVR between isovolumic and ejecting 

contractions (Suga and Yamakoshi, 1977), the following equation is 

appropriate: 

 

                                          ( )es es es dP E V V= Ö -                                   (2.11) 

 

The end-diastolic volume ὠ  does not appear in the equation because 

ESPVR is insensitive to preload. According to Eq. (2.11), the greater the ὖ  

the larger ὠ  is going to be with smaller stroke volume from a given 

ὠ . Stroke volume (Ὓὠ) is formulated as: 
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ed esSV V V= -                                                 (2.12) 

 

Ὁ  is a very versatile parameter in describing ventricular pumping 

performance under different loads. In fact, stroke volume changes with end-

systolic pressure can be predicted by Eq. (2.11). 

Rearranging Eq. (2.11), we obtain: 
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Substituting Eq. (2.13) in Eq. (2.12), we obtain: 
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According to Eq. (2.14), Ὓὠ from a given end-diastolic volume decreases 

linearly with end-systolic pressure in a ventricle with a constant contractile 

state (Weber, 1974; Elzinga, 1976). 

An increase or decrease in end-diastolic volume should also cause a 

parallel shift of the ὖ -Ὓὠ line upward or downward without a significant 

change in its slope although this is not always the case (Weber, 1974; 

Elzinga, 1976). 

Ὁ  allows a quantitative estimation of the variation in ventricular contractility 

by physiological mechanisms (Suga, 1973; Suga and Sagawa, 1974; Suga, 

1976). Unlike ejection fraction, Ὁ  is preload independent and, like end-

systolic volume, it is not affected by changes in systolic arterial pressure 

because it is a ratio of end-systolic pressure to end-systolic ventricular 

volume: 
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which also appears to be significantly insensitive to end-diastolic volume 

and to the mode of contraction as long as the ventricular contractile state 

remains constant (Suga and Sagawa, 1974). 

Therefore, in more general terms the ratio of ventricular pressure to 

ventricular volume can be considered a reasonable approximation of the 

systolic phase as follows: 
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If the PV data specified at a particular time after the onset of contraction is 

represented by a line, the slope Ὁὸ increases with time until it reaches the 

highest value Ὁ  at the end of systole. Ὁ  is therefore exactly the same 

as Ὁ . The value of ὠ  decreases in the early systolic phase but 

subsequently it becomes virtually time-invariant. Therefore, the end-systolic 

value of ὠ may be considered a constant given its little change following 

inotropic intervention. Although the time  Ὕ  to Ὁ  is significantly 

insensitive to end-diastolic volume, the average Ὕ  for isovolumic 

contractions is slightly shorter than that for ejecting contractions (Suga and 

Sagawa, 1974). 

As far as clinical application is concerned, the estimation of ὠ  in each 

patient and how to normalise the calculated Ὁ  value to allow comparison 

between patients remain key issues. If a large ὠ were to be neglected, Ὁὸ 

would be significantly underestimated particularly in the presence of a small 

end-systolic volume. Besides, a significant decrease in Ὁ  with or without 

an increase in ὠ is observed in patients with low ejection fraction. Finally, 

Ὁ  remains load-insensitive provided that the contractile state is not 

affected by neuro-humoral control mechanisms (Sagawa, 1978). 

Ὁ  and Ὕ  are determined almost completely by the ventricular 

contractile state. Preload and afterload cause minimal difference unless they 

are excessively unphysiological (Sagawa, 1978). 

Ὁ ȟ or Ὁ , is a phenomenological parameter of ventricular contraction and 

not an entirely empirical index without physiological meaning. It gives 

information about ventricular wall stiffening and can be used to predict end-

systolic volume and stroke volume if end-systolic pressure and end-diastolic 

volume are known (Sagawa, 1978).  

Following its popularity, the original meaning of the end-systolic pressure-

volume relationship and its parameters (Ὁ , ὠ , ὠ ) have become 

ambiguous and misinterpreted. ὠ and ὠ have been used interchangeably 

but they are fundamentally different. ὠ is the volume axis intercept of Ὁὸ 

and varies from end diastole (unstressed volume) to end systole (Suga and 

Sagawa, 1974; Maughan, 1979). Given its little variation near end systole, it 

can be treated as a constant if the interest is confined to Ὁ  (Sagawa, 

1981). Instead, ὠ  originally appeared to represent a functionally dead 

volume at which the ventricle could not generate any supra-atmospheric 
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pressure. Measurements of the behaviour of the end-systolic and end-

diastolic pressure-volume relationship curves in the negative pressure 

region have shown convergence of the two curves at a point with a negative 

pressure coordinate of -15 to -20 mmHg and a volume coordinate only 

slightly less than ὠ (Fig. 2.3). This is the true ὠ  at which the ventricle 

cannot develop any systolic pressure (Sagawa, 1981). 

 

 

 

Figure 2.3 ὠ is the volume axis intercept, namely the maximal volume at 

zero pressure often referred to as the unstressed volume. ὠ is the volume 

where the left ventricle cannot generate any systolic pressure. The PV 

loops, ESPVR and EDPVR have been generated using CARDIOSIM
©
 

software simulator. From: Capoccia M, De Lazzari C. Concepts, 

Mathematical Modelling and Applications in Heart Failure, 2019, Nova 

Science Publishers.  

 

Therefore, the left ventricle has a time-varying elastance Ὁὸ according to 

the following more appropriate equation:  
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where at any instance during systole the ventricular volume ὠὸ in ml is 

simply proportional to the instantaneous pressure ὖὸ in mmHg through a 

time-varying elastance Ὁὸ in mmHg/ml and ὠ is the volume axis intercept 

of ESPVR. Therefore, the left ventricle is considered as a chamber with its 

stiffness changing over time and with its intracavitary pressure determined 
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by instantaneous left ventricular volume. In addition, end systole is defined 

as an instant of time during the ejection phase where Ὁὸ reaches its 

maximum value Ὁ . Finally, the elastance is a system property, not a 

material property (Sagawa, 1988).  

If the variation of ὠ is taken into account, a more accurate expression for 

the time-varying pressure-volume relationship is obtained as follows: 
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The validity of the approximated equation is subject to the time variation of 

ὠ. When preload is varied in the presence of nearly constant afterload 

arterial impedance, ὠ variation is small. If the preload is kept constant in the 

presence of greatly altered afterload impedance, then ὠ variation is large. 

From a theoretical point of view, Ὁὸ is an explicit expression of the 

dynamic characteristics of myocardial contraction (Suga, 1972) and 

supports the experimental evidence that Ὁ  can be considered as a 

reliable index of ventricular contractility in view of its independence of 

preload and afterload within physiological range but sensitivity to changes in 

myocardial contractile state (Suga, 1973; Suga and Sagawa, 1974; Sagawa, 

1977). 

ESPVR and EDPVR can be considered linear functions with a common 

volume axis intercept, ὠ, during most of the cardiac cycle (Suga, 1973; 

Suga and Sagawa, 1974). When different PV loops are obtained in the 

presence of preload and afterload changes, points of different cardiac cycles 

that occur at the same time can be joined to form isochrones. The slope of 

an isochrone is the elastance at that particular moment in time. This means 

that during each cardiac cycle the elastance increases from its diastolic 

value, Ὁ , to its systolic value, Ὁ , returning to its diastolic value again. 

Ὁ  is the slope of EDPVR while Ὁ  is the slope of ESPVR. The maximum 

elastance, Ὁ , becomes an index of cardiac contractility as previously 

mentioned. Ὁ  increases following an increased inotropic state of the 

myocardium such as with catecholamine infusion; Ὁ  decreases following 

a negative inotropic state of the myocardium such as a reduction in coronary 

artery pressure (Burkhoff, 2011). 

There is a fundamental difference between Ὁ  and Ὁ  which must be 

considered to avoid conceptual errors in measurements (Kass and 

Maughan, 1988). Ὁ  is the maximal single beat time-varying elastance 

while Ὁ  is the slope of the end-systolic pressure-volume relationship or 
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end-systolic elastance relationship (Sagawa, 1981). These two terms are 

not interchangeable. Ὁ  and Ὁ  are nearly identical in isolated hearts with 

isovolumic or ejecting beats measured over a range of preload. When the 

afterload is changed significantly during the cardiac cycles used for the 

measurements, Ὁ  and Ὁ  can be very different (Kass and Maughan, 

1988). In view of preload and afterload interrelation, Ὁ  and Ὁ  are 

frequently different in vivo because of likely resistive and inertial factors on 

end-systolic pressures (Hunter, 1983; Shroff, 1985; Campbell, 1986; Little 

and Freeman, 1987) as well as changes in the time to reach end systole as 

a function of load (Maughan, 1987).  

Therefore, Ὁ  is often significantly steeper than Ὁ  and does not fall at the 

corners of the pressure-volume loops. Ὁ  is a more useful measure of 

systolic properties in order to assess pump function. Estimation of  Ὁ  

remains a useful concept for ventricular modelling but with limited clinical 

application for the assessment of systolic function. 

The Ὁὸ surface or pressure-volume-time surface of the left ventricle is a 

three-dimensional representation of the concept that the time-varying 

elastance is independent of the loading conditions and Ὁ  is derived by 

the contractile state of the ventricle.   

  Experimental evidence has shown a curvilinear ESPVR when a wide range 

of loading conditions is considered (Mirsky, 1987; Su, 1989; Kass, 1989; 

Suga, 1986; van der Velde, 1991), where the degree of nonlinearity 

depends on the contractile state (Burkhoff, 1987; Sato, 1998). A time-

varying curvilinearity is observed during isovolumic contraction, ejection and 

isovolumic relaxation (Claessens, 2006).  

Experimental and clinical studies in vivo measure ESPVR over a limited 

range of variable loading with few individual pressure-volume loops. The 

frequent observation of negative values for ὠ could be explained by ESPVR 

nonlinearity (Kass and Maughan, 1988). The ESPVR has never been 

intended to define myocardial properties directly but rather to give a useful 

measure of chamber systolic properties. Given the complex ventricular 

geometry, ESPVR nonlinearity seems a logical consequence. Quadratic 

(Burkhoff, 1987, Kass, 1989), logarithmic (Mirsky, 1987; Claessens, 2006) 

and exponential (Suga, 1986) functions have been proposed. Their 

expressions are in Table 2.1. ‌ , ‌, ‍, ‍, ‍, ‎, ‏, ‒ and – are suitable 

coefficients. 

Quadratic and logarithmic functions with time-varying volume intercept seem 

to best describe the ESPVR while a logarithmic function seems superior in 

estimating the fixed volume intercept of the ESPVR. A linear approximation 

with fixed volume intercept gives a worse result particularly during 
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isovolumic relaxation and early filling (Claessens, 2006).   

   

Table 2.1 

ὖ ‌ὠ  ‌ Linear 

ὖ ‍ὠ  ‍ὠ  ‍ Quadratic 

ὖ ‎ ὠ‏  ϽÌÎὠ ὠϳ  Logarithmic 

ὖ ‒ρ  Ὡ   Exponential 

 

The curvilinear shape of the ESPVR may be related to the combination of a 

nonlinear active muscle function, the passive exponential stress-length 

relationship of myocardial tissue and the left ventricular geometry 

(Drzewiecki, 1989).  

The EDPVR of isolated canine hearts shows appropriate fitting to an 

exponential function (Diamond, 1971; Janz, 1973; Glantz and Kernoff, 1975; 

Ingels, 1996). In addition, increasingly negative pressure is required to 

reduce volume in sub-physiological range (Sagawa, 1988; Burkhoff, 2005). 

 Ὁ  can be normalised under controlled conditions (Suga, 1984; Belcher, 

1985) but it is unlikely that large ventricles will always have lower Ὁ  values 

in view of the wide clinical range of myocardial disease (Kass and Maughan, 

1988). Ὁ  is highly correlated with inotropic state in isolated hearts with 

homogeneous wall properties. Heterogeneity of mechanical properties or 

systolic timing in regionally ischaemic (Sunagawa, 1983) or locally paced 

ventricles (Park, 1985) can make the correlation between net chamber 

contractility and Ὁ  much less direct (Kass and Maughan, 1988). For 

example, a rightward ESPVR shift is related to a reduced mechanical 

performance because of lower end-systolic pressure and stroke work 

measurements for any given starting volume but end-systolic elastance can 

be unchanged. 

Another measure of systolic chamber function is the slope of the relationship 

between the highest value of the first derivative of left ventricular pressure, 

ὨὖὨὸϳ , and end-diastolic volume (Little, 1985). A correlation between 

this slope and Ὁ  can be predicted because interventions that shift ESPVR 

without affecting Ὁ  do the same with the ὨὖȾὨὸ -end-diastolic volume 

relation without affecting its slope (Little, 1987). Therefore, the preload 

recruitable stroke work (ὖὙὛὡ or the slope of the stroke work-end-diastolic 

volume relationship (SWEDVR), is another measure of chamber contractility 

state (Sarnoff, 1961; Glower, 1985). The SWEDVR is quite linear over a 

wide range of physiological conditions where the dependent variable (stroke 

work) varies more with changes in end-diastolic volume than end-systolic 
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pressure does with end-systolic volume. ὖὙὛὡ remains stable over a range 

of physiological afterloads despite the potential of afterload sensitivity: 

stroke work is zero at both no load and infinite load (Kass and Maughan, 

1988). The SWEDVR integrates systolic and diastolic properties. In animal 

studies, EDPVR is usually flat and this interdependence is not significant. 

In patients with chronic hypertrophy where diastolic function may be 

significantly impaired, the relation between systolic and diastolic properties 

may make ὖὙὛὡ difficult to interpret as a pure systolic index. Finally, stroke 

work becomes ejection-history dependent at some stage and care must be 

taken when ὖὙὛὡ is obtained from cardiac cycles under different preloads 

but with relatively stable ejection patterns (Kass and Maughan, 1988). 

A broader view of the pressure-volume diagram has been advocated where 

the steepness of the ESPVR combined with the EDPVR allows the clinician 

to appreciate the effect of afterload changes on systolic pressure and stroke 

volume, or the dependence of both variables on changes in ventricular filling 

(Kass and Maughan, 1988). Shifting the focus from a single value, Ὁ , as a 

contractility index to the whole pressure-volume description with particular 

reference to the inter-relation between diastolic and systolic properties is 

much more likely to give the clinician useful information about the cardiac 

function and the outcome following therapeutic intervention. 

 

2.4 Modifications to the Time-Varying Elastance Model 

 

The load independence of the time-varying elastance theory has been 

challenged by further experimental evidence (Suga, 1979; Suga, 1980a; 

Sunagawa, 1982; Hunter, 1983; Maughan, 1984). Volume is not the only 

determinant of instantaneous pressure in the left ventricle. A key role is 

played experimentally by the measurement of the instantaneous pressure 

deficit, which is the difference between isovolumic pressure and ejecting 

pressure at a specific time in systole and at a specific volume of the isolated 

left ventricle. The pressure deficit is correlated with contributing factors such 

as the instantaneous ventricular ejection rate, the peak of the previous 

ejection rate within the given contraction and the amount of blood ejected up 

to the specified time (Suga, 1977; Sagawa, 1988). Normalized pressure 

(%P) at any specified time and volume decreases with increases in the 

instantaneous velocity of ejection ( ὨὠὨὸϳ , the peak velocity of ejection 

ὨὠὨὸϳ  and the volume ejected up to the specified time ( Ὠ᷿ὠ).  

Multiple regression analysis of data (Suga, 1980a) gives the following 

equation: 
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where A0=100, A1=0.14 s/m
3
, A2=0.07 s/m

3 
and A3=0.54 m

-3
. Therefore, the 

original time-varying elastance (Eq. (2.17)) can be rearranged as follows 

(Sagawa, 1988): 
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where Ὁ ὸ is the time-varying elastance measured from isovolumic beats; 

k1=A1/100; k2=A2/100 and k3=A3/100. 

Considering that the instantaneous isovolumic pressure ὖ ὸ  that would 

be measured in the presence of a fixed ventricular volume ὠὸ is 
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we can write the above expression in a more generic form as follows: 
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The ejection-dependent factors of the pressure deficit increase with 

isovolumic pressure ὖ ὸ and vary indirectly with time (Sagawa, 1988). 

Dividing both sides of Eq. (2.22) by ὠὸ  ὠ , we obtain: 

 

         () ()iv 1 2 3

peak

dV dV
E t E t 1 k k k dV

dt dt

è øå õ
= Ö + + +é ùæ ö

ç ÷é ùê ú
ñ                  (2.23) 

 

Equation (2.23) states that the instantaneous volume elastance of ejecting 

beats is reduced from the isovolumic elastance in the same contractile state 

by three key factors of which the instantaneous ejection rate (ὨὠὨὸϳ ) gives 

the major contribution, the peak velocity ὨὠὨὸϳ  is the next 

contributing factor while the ejected volume ( Ὠ᷿ὠ) pays the least 

contribution to the pressure deficit.  

The time-varying elastance model gives accurate predictions of the events 

occurring during isovolumic contraction and at the end of systole but it 
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underestimates isovolumic left ventricular pressure in mid systole (Little, 

1987). An initial attempt to overcome this issue is the use of an alternative 

formulation (Little, 1987) with the introduction of a source resistance (Ὑ) as 

follows: 

 

() () () ()0

dV
P t E t V t V t R

dt
= Ö - +è øê ú                                            (2.24) 

 

The source resistance reduces the pressure generated at any left ventricular 

(LV) volume in proportion to the ejection rate. Therefore, the pressure 

generated by an isovolumic beat during mid-systole would be greater than 

the pressure generated by an ejecting beat with similar LV volume (Little, 

1987). If the resistance is assumed to be proportional to the isovolumic 

pressure with proportionality constant ὑ according to the following equation 

(Shroff, 1983; Shroff, 1985): 

 

() () ()0R K E t V t V t= Ö -è øê ú                                                     (2.25) 

 

Then, substituting in Eq. (2.24), we obtain: 

 

() () () ()0

dV
P t E t V t V t 1 K

dt

è ø
= Ö - Ö +è øê úé ù

ê ú
                             (2.26) 

 

The time-varying elastance theory describes the intact left ventricle during 

early systole and at end systole but not during mid-systole when LV 

contraction occurs. The introduction of a pressure-dependent resistance 

allows a consistent description of the left ventricle throughout systole despite 

changes in loading conditions and inotropic state. This formulation does not 

predict the timing of peak isovolumic pressure accurately suggesting that 

other factors may play a role during left ventricular contraction (Little, 1987).  

The interactions between the left ventricle and the peripheral arterial 

circulation (SA) are described in terms of a feedback system connecting left 

ventricular outflow, peripheral arterial input-impedance, left ventricular 

pressure and pump properties (Campbell, 1984). An elastance-resistance 

left ventricular model (Campbell, 1982) coupled with a simple second-order 

peripheral arterial load model (Burattini and Gnudi, 1982) accounts for most 

of the observed interactions although a left ventricular pump component 

coupling ejection with relaxation and filling events may need to be 

considered for completion (Campbell, 1984). The in series LV component of 
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the LV-SA model relates the left ventricular pressure (ὖ) to left ventricular 

volume (ὠ) and left ventricular outflow (ὗ) according to the following 

equation: 

 

() () () () ()dP t E t V t V t R Q t= Ö - - Öè øê ú                                               (2.27) 

 

where ὠ ὸ is the time-varying dead volume and Ὑ is the internal LV 

resistance. Equation (2.27) can be rewritten as follows: 

 

         () () () () () ()
t

ed d
0

P t E t V V t E t Q t dt R Q t= Ö - - - Öè øê ú ñ             (2.28) 

 

or 

 

                          () () () () ()
t

iso
0

P t P t E t Q t dt R Q t= - - Öñ                 (2.29) 

 

where ὖ  is the LV isovolumic pressure, defined as: 

 

                                      () () ()iso ed dP t E t V V t= Ö -è øê ú                      (2.30) 

 

Rearranging Eq. (2.29), we obtain: 

 

                 () () () () () ()
t

D iso
0

P t P t P t E t Q t dt R Q t= - = + Öñ             (2.31) 

 

The difference between LV isovolumic pressure (ὖ ) and the left ventricular 

pressure (ὖ) generates a driving pressure (ὖ) which is related to LV outflow 

(ὗ) according to the internal LV loading properties (Campbell, 1984). These 

properties consist of active functions, responsible for the development of 

ὖ , and loading functions, responsible for the relation between ὖ and ὗ. 

Despite an apparent good predictive performance, the elastance-resistance 

LV model cannot explain a single-beat response to sudden or gradual 

changes in arterial loading resistance suggesting the existence of a LV 

pump element that couples ejection events with relaxation and filling events 

(Campbell, 1984). 

 

2.5 Deviation from Elastance-Resistance Behaviour  
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Although elastance-resistance (Ὁὸ-Ὑ) models of the left ventricle are 

attractive because they allow identification of instantaneous left ventricular 

pump properties from data recorded from only one or two heart beats 

(Campbell, 1990), they fail to predict instantaneous left ventricular pressure 

ὖὸ during late ejection, which is quantitatively important for left ventricular 

pumping. This is most likely due to inadequate representation of end-systolic 

events (Campbell, 1986) without taking the deactivation component into 

account (Hunter, 1983).  

The basic elastance-resistance model considers LV pressure as the sum of 

an elastance and a resistance component according to the following 

equation: 

 

                     ὖὸ ὉὸϽὠ ὠ ὸ ὠ ὸ ὙϽὠ ὸ          (2.32) 

 

where the first term on the right-hand side is the elastance component, the 

second term is the resistance component, Ὁὸ  is the time-varying 

elastance, ὠ ὸ is the dead volume, ὠ ὸ is the instantaneous ejected 

volume, Ὑ is the internal LV resistance and ὠ ὸ  is the LV outflow 

(Campbell, 1986). 

Competing forms of the basic model have been evaluated using two 

different parameterisation approaches for Ὁὸ.  

The first parameterisation approach is based on the assumption that under 

isovolumic conditions resistance plays no role in the relationship between 

pressure and volume, where the time course of Ὁὸ is set by the isovolumic 

pressure ὖ ὸ as follows: 

 

                                                  ()
()

()
iso

ed d

P t
E t

V V t
=

-
             (2.33) 

 

If ὠ ὸ remains constant, then: 

 

                                           
()

()

()iso iso

*

ed d 1

P t P t

V V t a
=

-
         (2.34) 

 

If ὠ ὸ is a function of time, then: 

 

                                               
()
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ed d 1 2

P t P t
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=

- +
           (2.35) 
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The parameters ‌ᶻ, ‌ and ‌ are constants determined from the parameter 

estimation procedure (Campbell, 1986). They represent the stretched LV 

volume during an isovolumic beat. 

Substituting Eq. (2.35) in Eq. (2.32), we obtain: 

 

                  ὖὸ ὉὸϽ‌ ‌ὸ ὠ ὸ ὙϽὠ ὸ                   (2.36) 

 

Rearranging Eq. (2.36), it yields: 

 

         Ὁὸ
Ͻ

                                                                (2.37) 

 

The use of the above parameterisation is subject to ὖ ὸ measurements 

following total aortic occlusion in an experimental set up (Campbell, 1986). 

The second form of parameterisation for Ὁὸ consists of a third-order 

polynomial with suitable coefficients ‌, ‌, ‌, ‌: 

 

                                        () 2 3

0 1 2 3E t t t ta a a a= + + +                       (2.38) 

 

The first type of parameterisation has fewer parameters with physical 

meaning and the optimisation procedure is more likely to give better results. 

This approach can be used only when measurements give two sets of 

pressure and flow waveforms from beats with different afterload but equal 

preload and inotropic state. The second parameterisation has many 

parameters but it does not require two sets of measurements for its 

implementation.  

The Ὁὸ-Ὑ models have been tested by specifying ὠ as a constant or as a 

function of time and Ὑ as a constant or as a linear function of ὖ or ὖ  as 

follows: 

 

                                                            R k=                      (2.39) 

 

                                        () 1 2R P b b P= +                               (2.40)  

 

                                                  ( )iso 2 isoR P b' P=                               (2.41)  
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where Ὧ, ὦ , ὦ  and ὦǋ are suitable parameters, although nonlinear 

representations of Ὑ can be considered as well. 

A descriptive validation test favours a model with ὠ as a function of time 

and Ὑ Ὧ as the most suitable formulation to describe LV pumping. 

Although there is strong evidence that Ὑ depends either on ὖὸ or ὖ ὸ 

(Shroff, 1983; Shroff, 1985; Hunter, 1979; Hunter, 1983), the validation test 

outcome suggests that other factors may be relevant and responsible for the 

failure of Ὁὸ-Ὑ models to describe and predict LV behaviour appropriately 

(Campbell, 1986).  

Events during late systole are not accounted for by Ὁὸ-Ὑ models due to 

their inability to generate the biphasic ὖ ὸ  waveform, which is the 

instantaneous difference between ὖ ὸ and ὖὸ of a normal ejecting beat. 

Ὁὸ-Ὑ models also fail to predict the response to afterload increase by 

giving a shortened duration of ὠ ὸ rather than a prolongation of ὠ ὸ as a 

result of lack of features to maintain or terminate systole (Campbell, 1986). 

The discrepancies of the Ὁὸ-Ὑ models can be addressed by adding a third 

element. In fact, three components are observed in the LV response to a 

flow pulse: elastance, resistance and deactivation (Suga, 1980a; Hunter, 

1983; Shroff, 1985). The deactivation component is absent during early 

systole, becomes evident during mid-systole and is most pronounced during 

late systole. 

The late systole prominence of a deactivation event can partially explain the 

poor behaviour of Ὁὸ-Ὑ models at end-systole. The missing third element 

should account for the active effect related to the paradoxically high ὖὸ at 

the notch in the ὖ ὸ waveform and account for the deactivation effect 

related to the fall in ὖὸ at the second hump in the ὖ ὸ waveform. 

Further evaluation of Ὁὸ-Ὑ models has been considered in relation to their 

ability to reproduce instantaneous pressure ὖὸ  and outflow ὗὸ 

(Campbell, 1990). Measurements of ὖὸ and ὗὸ are obtained during 

steady-state ejecting beats and during a beat following partial or total aortic 

occlusion. The total occlusion beat is considered the isovolumic one that 

generates an isovolumic pressure ὖ ὸ with a characteristic time  Ὕ  

to maximal ὖ ὸ.  

The extra-pressure ὖ ὸ and the extra-outflow ὗ ὸ are the components 

of ὖὸ and ὗὸ not accounted for by Ὁὸ-Ὑ models (Campbell, 1990). 

If we consider the pressure ὖὸ generated by the Ὁὸ-Ὑ model, we have: 

 

                      () () ()E R
ĔP t P t P t= -                                                       (2.42) 
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where ὖ ὸ is the pressure component due to Ὁὸ (Sagawa, 1978): 

 

               () () ()E 0P t E t V t V= Ö -è øê ú                                         (2.43) 

 

and ὖ ὸ is the pressure component due to Ὑ (Shroff, 1985): 

 

                   () () ()R EP t P t Q tr= Ö Ö                                                      (2.44) 

 

” is the coefficient that determines the resistance effect and 

 

                  () ()ed ejV t V V t= -                                                               (2.45) 

 

Substituting Eq. (2.45) in Eq. (2.43), we obtain: 

 

 () () () ()[ ] () ()E ed ej 0 ed 0 ejP t E t V V t V E t V V E t V tè ø= Ö - - = Ö - - Öê ú   (2.46) 

 

But 

 

  () ()[ ]iso ed 0P t E t V V= Ö -                                                                    (2.47) 

 

and ‌ = ὠ ὠ is a constant volume. Then 

 

() () () ()iso iso

1
P t E t E t P ta

a
= Ö Ý = Ö                                      (2.48) 

 

Substituting Eq. (2.47) and Eq. (2.48) into Eq. (2.46), it yields: 

 

() () () () ()
()ej

E iso iso ej iso

V t1
P t P t P t V t P t 1

a a

è ø
= - Ö = Ö -é ù

ê ú
                    (2.49) 

 

Substituting Eq. (2.49) into Eq. (2.44), it yields: 

 

                      () ()
()

()ej

R iso

V t
P t P t 1 Q tr

a

è ø
= Ö Ö - Öé ù

ê ú
                           (2.50) 

 

Then, substituting Eq. (2.50) and Eq. (2.49) in Eq. (2.42), we obtain: 
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     (2.51) 

 

ὖὸ is calculated by using measured values of ὖ ὸ, ὠ ὸ and ὗὸ and 

given values of ‌ and ”. An inverse formulation of Eq. (2.51) gives the 

following equation:  
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()
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()ej

iso

P t1ĔQ t 1
ĔV t

P t 1
r

a

ë û
î î
î î
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                                             (2.52) 

where ὖὸ is the input, while ὗὸ and ὠ ὸ are the output of the model. 

Considering that 

 

   ()
()ej
ĔdV t

ĔQ t
dt

=                                                                                   (2.53) 

 

substituting Eq. (2.53) in Eq. (2.52), we obtain: 

 

   
() ()
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Ĕdt V t
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                                          (2.54) 

 

The solution of Eq. (2.52) and Eq. (2.54) relies on measured values of ὖὸ 

and ὖ ὸ and estimated values of ‌ and ”. If ‌ and ” correspond to a best 

fit to ὖὸ or ὗὸ over the interval π ὸ Ὕ , ὖ ὸ and ὗ ὸ can 

be calculated as: 

 

                                () () ()ext
ĔP t P t P t= -                                             (2.55) 
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         () () ()ext
ĔQ t Q t Q t= -                                     (2.56) 

 

over the interval π ὸ Ὕ , where Ὕ  is the end ejection time. Data 

obtained following partial aortic occlusion are used to calculate changes in 

ὖ ὸ and ὗ ὸ and check their trend (Campbell, 1990). 

The addition of extra elements to the Ὁὸ-Ὑ model is an attempt to account 

for ὖ ὸ and ὗ ὸ: an active function ὃὸ that gives additional energy 

and a deactive function Ὀὸ that dissipates energy (Campbell, 1990). 

Then the extra function Ὂ ὸ accounting for ὖ ὸ or ὗ ὸ is as follows: 

 

                                      () () ()extF t A t D t= -                          (2.57) 

 

Further analysis confirms the inadequate representation of instantaneous LV 

pumping pressure by Ὁὸ-Ὑ models during late systole (Campbell, 1986) 

but also throughout the whole ejection period. The addition of active and 

deactive components to the basic Ὁὸ-Ὑ model allows a better data fitting 

but fails to improve their predicting ability (Campbell, 1990).  

Kinetic models seem a valid alternative (Hunter, 1989) due to their intrinsic 

mechanism to express late-systolic flow-dependent positive functional 

potential and their relation to kinetic processes occurring within the myocyte. 

 

2.6 Ventricular-Arterial Coupling 

 

Ventricular-arterial coupling can be described by overlooking the pulsatile 

nature of pressure and flow (Van den Horn, 1984; Van den Horn, 1985; Van 

den Horn, 1986) with the introduction of a mean total resistance Ὑ  coupled 

to a ventricular ñsource resistanceò Ὑ  derived from a mean ventricular 

pressure-flow function curve. Although the advantage of this approach is the 

use of measurable parameters such as pressure and flow, the mean 

pressure-flow relation is affected by preload and characteristic impedance 

(Elzinga, 1978; Maughan, 1984); it is nonlinear and it does not consider 

diastolic function and energetics into the overall coupling analysis. 

Alternatively, ventricular-arterial coupling is usually measured in the 

pressure-volume plane from the ratio of effective arterial elastance Ὁ to left 

ventricular end-systolic elastance Ὁ  to obtain information on mechanical 

efficiency and performance of the ventricular-arterial system. The left 

ventricle is considered an elastic chamber that periodically increases its 

volume to Ὁ , which is the slope of the end-systolic pressure-volume 

relationship. The arterial load property is described by an effective elastance 
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Ὁ , which is the slope of the arterial end-systolic pressure-stroke volume 

relationship (Sunagawa, 1983; Sunagawa, 1985). The mean and the end-

ejection arterial pressures are approximated by the ventricular end-systolic 

pressure. The use of a 3-element windkessel model predicts that the ratio of 

end-systolic pressure ὖ  to stroke volume Ὓὠ is constant under a given 

steady state vascular impedance load (Kass, 1992). 

An analytical quantification of ventricular-arterial interaction is obtained 

using the ὖ -Ὓὠ relationship of the ventricle and the arterial system. This 

approach can be extended to the analysis of cardiac output with a set of 

equations to understand the role of the different parameters and 

components of the circulation including coupling of ventricular diastolic 

behaviour with total vascular properties and total blood volume (Sunagawa, 

1984). Given ESPVR linearity within physiological range and its relative 

insensitivity to changes in loading conditions, the relation between left 

ventricular end-systolic pressure ὖ  and stroke volume Ὓὠ can be written as 

follows: 

 

( )es es ed 0P E V SV V= Ö - -                                        (2.58) 

 

ὖ  varies inversely with Ὓὠ in a linear way at a given ὠ . If the arterial 

system properties are also described by a ὖ -Ὓὠ relationship, the balancing 

stroke volume is obtained when the ventricle is coupled with the arterial 

system as the intersection between the two ὖ -Ὓὠ relationship lines. The 

ὖ -Ὓὠ relationship of the arterial system can be derived considering a three-

element windkessel model (Fig. 2.4), which consists of characteristic 

resistance Ὑ, peripheral resistance Ὑ and arterial compliance ὅ (Sunagawa, 

1983).  

The average arterial flow ὗ over the duration Ὕ of one cardiac cycle is: 

 

      a
a

c

P
Q

R R
=
+

                                                                                    (2.59) 

 

where ὖ  is the average arterial pressure over one cardiac cycle. But ὗ  = 

ὛὠὝϳ  and ὖ= ὃ Ὕϳ , where ὃ  is the total area under the arterial pressure 

curve over one cardiac cycle. 



42 
 

 
 

Figure 2.4 The electrical analogue circuit for the three-element windkessel 

model. Ὑ is the characteristic resistance, Ὑ is the peripheral resistance and 

ὅ is the arterial compliance. From: Capoccia M, De Lazzari C. Concepts, 

Mathematical Modelling and Applications in Heart Failure, 2019, Nova 

Science Publishers.  

 

Therefore, Eq. (2.59) can be rewritten as follows: 

 

       

1

T T

c c

A T ASV
SV

T R R R R

-Ö
= Ý =

+ +
                (2.60) 

 

If the difference between end-systolic pressure and end-ejection pressure is 

neglected by approximating mean and end-ejection arterial pressure with 

the end-systolic ventricular pressure ὖ , the diastolic pressure area ὃ  can 

be written as follows (Sagawa, 1981): 

 

dt

d esA P 1 e tt

-å õ
æ ö
ç ÷

è ø
= Ö Ö -é ù

é ùê ú

                                                 (2.61) 

 

where ὸ is the duration of ñarterial diastoleò and † = Ὑὅ is the time constant 

of diastolic arterial pressure decay. The systolic pressure area ὃ can also 

be approximated as ὃ = ὖ Ͻὸ, where ὸ is the duration of ñarterial systoleò. 

Therefore, the total area ὃ  under the arterial pressure curve becomes: 

 

dt

T s d es sA A A P t 1 e tt

-å õ
æ ö
ç ÷

ë ûè øî î
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                                   (2.62) 

 

Substituting Eq. (2.62) in Eq. (2.60), we obtain the following approximated 

ὖ -Ὓὠ relationship of the arterial system: 

 

Rc R

C
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                                       (2.63) 

        

According to Eq. (2.63), ὖ  is a linear function of Ὓὠ provided that all the 

other parameters remain constant.  

Therefore, if Ὁ = Ὑ Ὑ ὸ  †ρ Ὡ ϳϳ  is the slope of the ὖ -Ὓὠ 

relationship, Eq. (2.63) becomes: 

 

es aP E SV= Ö                                                                            (2.64) 

 

where Ὁ is the effective arterial elastance. 

Coupling between ventricular and arterial systems is achieved when the 

balancing stroke volume is obtained by solving Eq. (2.58) and Eq. (2.64) 

simultaneously as follows: 

 

          ( ) ed 0
a es ed 0

a

es

V V
E SV E V SV V SV

E
1

E

-
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+

           (2.65) 

 

Ventricular-arterial coupling using the ὖ -Ὓὠ relationship of both ventricular 

and arterial systems has been found to be an effective approach to quantify 

the interaction between the ventricle and the arterial circulations with further 

extension to the analysis of cardiac output (Sunagawa, 1983; Sunagawa, 

1984). 

If we consider the external work (Ὁὡ) as the approximated product of stroke 

volume Ὓὠ and end-systolic pressure ὖ  (Fig. 4.5), we have: 

 

                   esEW P SV= Ö                                                                      (2.66) 

  

Substituting Eq. (2.64) and Eq. (2.65) in Eq. (2.66), it yields: 
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Considering that the maximal transfer of energy from one elastic chamber to 

another occurs when they have equal elastance, the left ventricle will do 

maximal external work if Ὁ  =  Ὁ  (Sunagawa, 1985). This can be 

demonstrated by rearranging Eq. (2.67) as follows: 

 

   

( )

2 2

a es

2

es a

E E a
EW

E E

Ö Ö
=

+
           (2.68) 

 

 
 

Figure 2.5 Approximated external work (Ὁὡ), end-systolic potential energy 

(ὖὉ) and pressure-volume area (ὖὠὃ). From: Capoccia M, De Lazzari C. 

Concepts, Mathematical Modelling and Applications in Heart Failure, 2019, 

Nova Science Publishers.  

 

where a = ὠ ὠ.  

Differentiating Eq. (2.68) with respect to Ὁ, we obtain: 
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Setting the result equal to zero and solving, we obtain the maximum and 

minimum of the function as follows: 
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with the following solutions: 

 

                             anda es a esE E E E=- =            (2.72) 

 

where only the positive value can be accepted. 

If the ESPVR is nonlinear and can be approximated by the following 

parabolic expression with suitable constants ὥ and ὦ (Burkhoff, 1987; Kass, 

1989): 

 

                                ( ) ( )
2

es es 0 es 0P a V V b V V= Ö - + Ö -          (2.73) 

 

maximal stroke work will still occur when Ὁ equals the instantaneous slope 

of the nonlinear ESPVR (Kass, 1992). In fact, if the ESPVR is defined as 

follows:  

 

                                                           ( )es esP f V=                             (2.74) 

 

where Ὢ is a monotonically increasing function of ὠ , Ὁ = Ὢ ὠ  is the 

local slope of the ESPVR at a given ὠ . Considering that Ὁ is given by the 

ὖ Ὓὠϳ  ratio, then we obtain: 

 

                                      
( )eses es
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f VP P
E
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                      (2.75) 

 

and 

 

                                 ( )( )es es ed esEW P SV f V V V= Ö = Ö -         (2.76) 

 

Differentiating Eq. (2.76) with respect to ὠ  at a given end-diastolic volume 

ὠ , we obtain: 
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d EW
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Setting the result equal to zero and solving, we obtain: 
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but Ὢǋὠ  = Ὁ  and Ὢὠ ὠ ὠϳ  = Ὁ , then optimal stroke work is 

obtained when Ὁ = Ὁ (Kass, 1992). 

An important clinical application of ventricular-vascular coupling analysis is 

the ability to predict integrated cardiovascular performance according to 

separate changes in ventricular or vascular properties in terms of stroke 

volume, stroke work, ejection fraction, mean pressure and flow. For this 

purpose, Eq. (2.65) can be rearranged as follows: 
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           (2.79) 

 

Starting values for Ὁ , Ὁ, ὠ and ὠ  are entered; then, percent changes in 

Ὁ  and Ὁ  obtained following intervention are used to predict net ejection 

fraction changes. The ventricular-vascular coupling approach can be applied 

to analyse data obtained in vivo under certain operating conditions and can 

be used to predict the response under new operating conditions (Kass, 

1992). 

The ventricular-arterial elastance model predicts that optimal stroke work 

occurs when Ὁ  = Ὁ (Sunagawa, 1985). Considering that: 
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substituting Eq. (2.65) in Eq. (2.80), we obtain: 

 

                                         ed 0
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                                      (2.81) 

 

Starting from Eq. (2.81) we obtain the results in Table 2.2.  

Considering that ὠ has a small volume rather than zero, each of the above 

operating states would correspond to slightly different ejection fraction with 

particular reference to Ὁ Ὁϳ  = 1 whose ejection fraction would be slightly 

less than 50%, which is not the norm in healthy humans. 
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Table 2.2 

If ὠᴼπ and Ὁ =Ὁ EF=1/2 EF=50% 

If ὠᴼπ and Ὁ =ςὉ EF=2/3 EF=66% 

If ὠᴼπ and Ὁ  = Ὁ EF=1/3 EF=33% 

 

Using a linear ESPVR, Ὁ  and the linear relationship between myocardial 

oxygen consumption (ὓὠὕ ) and pressure-volume area (ὖὠὃ), we can 

generate equations that predict coupling ratios at optimal work and 

efficiency (Burkhoff, 1986). 

Ventricular pump efficiency (ὉὪὪ) is defined as the ratio between the 

external mechanical work done by the heart (Ὁὡ) and the total energy 

supplied to it, which is equivalent to cardiac ὕ  consumption:  
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The amount of Ὁὡ performed by the ventricle and the amount of consumed 

ὕ  vary with the loading conditions imposed on the ventricle and with the 

contractile state of the heart (Burkhoff, 1986).  

We already know from Eq. (2.67) that Ὁὡ can be expressed by the following 

equation: 
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                 (2.83) 

 

assuming that ventricular end-diastolic pressure is negligible compared with 

the pressure during ejection, which is reasonable in the normal heart but it 

may be invalid in a diseased status where end-diastolic compliance is often 

decreased. The small inertia-related work performed by the heart is also not 

taken into account (Burkhoff, 1986). 

As far as myocardial oxygen consumption is concerned, there is a known 

linear relationship between left ventricular ὓὠὕ  and ὖὠὃ (Suga, 1979; 

Suga, 1980b; Suga, 1983): 

 

                                                    
2MVO A PVA B= Ö +                           (2.84) 
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with suitable constants ὃ and ὄ. ὖὠὃ is a measure of the total mechanical 

energy generated by ventricular contraction and it can be considered as the 

sum of Ὁὡ and the end-systolic potential energy (ὖὉ) (Fig. 2.5): 

 

                                             PVA EW PE= +                                (2.85) 

 

ὖὉ can be expressed as follows: 
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Substituting Eq. (2.64) and exploiting Eq. (2.67), we obtain: 
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Consequently, ὖὠὃ becomes: 
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From the previous equations we obtain: 
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        (2.89) 

 

Ὁ  must always be smaller than Ὁ  to obtain physiological conditions 

(Burkhoff, 1986). Further analysis of the dependence of Ὁὡ and efficiency 

on the Ὁ Ὁϳ  ratio over a broad range of Ὁ  values shows that Ὁὡ is 

maximal when Ὁ Ὁϳ  = 0.8 whereas efficiency is maximal when Ὁ Ὁϳ  = 

0.7 (De Tombe, 1993). The Ὁ Ὁϳ  range observed in large groups of normal 

humans is 0.62÷0.82 (Redfield, 2005; Chirinos, 2009). Ὁὡ and efficiency 

are more than 90% of their optimal value over a broad Ὁ Ὁϳ  range 

(0.3÷1.3) corresponding to a wide ejection fraction range (40%÷80%). 

Therefore, optimisation of either Ὁὡ or efficiency does not play a major role 

in the absence of abnormal Ὁ or Ὁ  and other regulatory mechanisms such 

as blood pressure control, circulating volume and oxygenation are more 
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likely to intervene (De Tombe, 1993). Ventricular Ὁὡ is relatively insensitive 

to afterload over a wide range of Ὁ values, whereas ventricular efficiency is 

significantly more affected by afterload. Understanding the behaviour of the 

performance index for optimal control of ventricular-arterial coupling under 

physiological conditions may well give an idea about changes of ventricular 

and arterial properties during stress or a diseased status (Burkhoff, 1986). 

Despite its limitations and criticism, pressure-volume analysis remains an 

effective way to assess the influence of ventricular and vascular stiffness on 

net cardiovascular function from non-invasive single-beat measurements 

without the need for preload alterations (Takeuchi, 1991; Senzaki, 1996; 

Chen, 2001). The effective arterial elastance Ὁ and the end-systolic 

elastance Ὁ  share the same units in the time domain and are a suitable 

match to study ventricular-arterial interaction (Sunagawa, 1983; Sunagawa, 

1985). Ὁ is a lumped parameter that reflects the net impact of mean and 

pulsatile loading on the heart (Borlaug, 2008). The ratio of end-systolic 

pressure to stroke volume ὖ Ὓὠϳ  gives an accurate estimation of Ὁ  in 

normal subjects and hypertensive patients (Kass, 1992). The Ὁ Ὁϳ  ratio is 

an expression of effective ventricular-arterial coupling (Asanoi, 1989; De 

Tombe, 1993), which can be defined as the optimal blood transfer from the 

heart to the periphery with limited changes in blood pressure or, in other 

words, as the provision of optimal cardiovascular flow reserve without 

compromising arterial pressure (Borlaug, 2008). The Ὁ Ὁϳ  ratio is 

preserved in normal subjects to maintain optimal efficiency in men but 

declines in women because of significant increase in Ὁ  compared to Ὁ 

(Redfield, 2005).  

From a theoretical and experimental point of view, a Ὁ Ὁϳ  ratio within the 

range 0.6÷1.2 achieves near optimal external work and efficiency 

(Sunagawa, 1983; De Tombe, 1993). The Ὁ Ὁϳ  ratio normally drops during 

exercise because the increased contractility Ὁ  exceeds the increased 

afterload Ὁ but it can become significantly high when systolic heart failure 

occurs, where a reduced Ὁ  following impaired systolic function is coupled 

to a high Ὁ as a reflection of significantly increased arterial impedance (Fig. 

2.6a and Fig 2.6b) (Borlaug, 2008). 

Although the Ὁ Ὁϳ  ratio remains a useful measurement of ventricular-

arterial coupling in terms of operating mechanical efficiency and 

performance, it is argued that Ὁ  poorly characterises pulsatile left 

ventricular load and does not depend exclusively on arterial properties. In 

addition, the systolic loading sequence which is an important aspect of 

ventricular-arterial coupling is neglected by pressure-volume analysis and it 

may significantly impact left ventricular function, remodelling and 
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progression to heart failure (Chirinos, 2013). Pulsatile arterial load 

measurement has been proposed as a more suitable approach to assess 

ventricular-arterial coupling in heart failure with preserved ejection fraction 

and other diseased states (Chirinos, 2017). Ventricular-arterial coupling in 

terms of pulsatile pressure-flow relationship gives incremental information 

about the physiological status of the cardiovascular system.  

 

 
Figure 2.6a Potential effects on ventricular-arterial coupling following Ὁ  

reduction.  
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Figure 2.6b Potential effects on ventricular-arterial coupling following Ὁ 

reduction.  

 

2.7 Pressure-Volume Loop Analysis during Mechanical Circulatory 

Support 

 

The effect of different working conditions on the left ventricle or the 

assessment of myocardial recovery during mechanical circulatory support 

remains a challenging subject.  

Pressure-volume loop analysis is a traditional and effective technique for the 

evaluation of cardiovascular dynamics. 

Different methods have been proposed to assess myocardial recovery 

(Mancini, 1998; Slaughter, 2001; Farrar, 2002) including the attempt to 

address intrinsic contractility or the so-called ñload-independentò cardiac 

function using ESPVR at the time of LVAD implantation and explantation 

(Ferrari, 2005). Although convenient, the assumption of ESPVR as a load-

independent index of cardiac function is valid within certain limits because 

extremes of loading conditions can change both the maximun time-varing 

systolic elastance (Ὁ ) and the slope of ESPVR (Ὁ ) (Burkhoff, 1987; 

Kass, 1987; Kass, 1989). Ὁ  and Ὁ  give load-independent indexes of 

cardiac contractility based on acutely increased left ventricular afterload or 

decreased preload (Burkhoff, 1987; Kass, 1987; Kass, 1989). When left 

Volume [cc]

Volume [cc]

P
re

s
s
u
re

 [m
m

H
g
]

Volume [cc]

P
re

s
s
u
re

 [m
m

H
g
]

Ees =  1 AU

Ea =  1 AU

Ea/Ees =  1

EW/PVA  å  2/3

EF =  50%

Ees =  1 AU

Ea =  2 AU

Ea/Ees =  2

EW/PVA å  1/2

EF =  33%

Ees =  2 AU

Ea =  2 AU

Ea/Ees =  1

EW/PVA å  2/3

EF =  50%Ees

PE

Ea

P
re

s
s
u
re

 [m
m

H
g
]

Ea

Ees

EW

PVA=PE+EW

Ees Ea



52 
 

ventricular preload is reduced by occlusion of the inferior vena cava, mean 

arterial pressure drops with an instantaneous change in left ventricular end-

systolic pressure, ὖ . Progressive left ventricular unloading with an axial 

flow pump is different because the device supports the systemic circulation. 

Therefore, mean arterial pressure should remain unchanged with only minor 

changes in left ventricular systolic pressure until the left ventricle is deprived 

of a sufficient volume of blood to allow ejection. As a result, left ventricular 

unloading is not related to an instantaneous drop of ὖ  that may affect Ὁ  or 

Ὁ . Also, the ESPVR  is nonlinear in extreme unloading conditions of the 

left ventricle, for example when left ventricular systolic pressure (ὖȟ ) is 

lower then mean arterial pressure (ὓὃὖ) during LVAD support. Although 

ὓὃὖ is maintained during LVAD support, a significant reduction in left 

ventricular volume and myocardial oxygen consumption occurs before ὖȟ  

< ὓὃὖ, which may affect left ventricular contractility. Therefore, the 

assumption of a linear ESPVR during this level of unloading may not be 

correct (McConnell, 2006). 

The slope of the relationship between stroke work and end-diastolic volume 

(SWEDVR) is known as preload recruitable stroke work (ὖὙὛὡ). SWEDVR 

shows the linearity of Frank-Starling curve in the intact heart (Glower, 1985). 

It is sensitive to changes in contractility like Ὁ  and Ὁ  (Kass, 1987; 

Glower, 1985; Little, 1988; Krukenkamp, 1987) but remains linear over the 

complete physiological range because it takes into account changes in 

systolic and diastolic function unlike Ὁ , which only considers changes in 

systolic function (Kass, 1987). During unloading with an axial flow pump, 

SWEDVR remains linear not just after ὖȟ  < ὓὃὖ but over the complete 

range of device support (McConnell, 2007). In contrast, Ὁ  and Ὁ  appear 

more significantly affected by the left ventricular unloading strategy. 

Left ventricular volume analysis during mechanical circulatory support in an 

experimental setting shows a significant correlation between end-systolic 

volume index (ὉὛὠὍ) and end-diastolic volume index (ὉὈὠὍ) due to auto-

regulatory mechanisms, which should be considered in relation to driving 

strategies for a ventricular assist device (Moscato, 2007). 

The widespread use of rotary blood pumps has focused the attention on the 

remaining contractile function of the native heart, which is crucial both for 

myocardial recovery and long-term support. 

A reliable measurement parameter for cardiac contractility should be 

sensitive to changes in myocardial properties but insensitive to changes in 

ventricular preload and afterload. 

Clinically used indices such as ejection fraction (ὉὊ), maximal derivative of 

left ventricular pressure ( ὨὖȾὨὸ ) and maximal value of the hydraulic 
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power generated by the left ventricle (ὖὡὙ ) are sensitive to ventricular 

preload and afterload (Mason, 1969; Kass, 1991; Suga, 2003). Other indices 

derived from pressure-volume relationships such as Ὁ , ὖὡὙ  divided 

by end-diastolic volume (ὖὡὙ Ⱦὠ ), ὖὙὛὡ and ὨὖȾὨὸ  vs ὠ  are 

insensitive to changes in ventricular preload and afterload (Little, 1985; 

Glower, 1985; Kass, 1987; Burkhoff, 2005). The applicability of these indices 

is limited in patients with continuous flow pumps because of the need for 

invasive measurements and continuous unloading of the left ventricle by the 

device. More recently, a method requiring only pump flow and speed has 

been proposed to assess cardiac contractility (Naiyanetr, 2010). The new 

contractility index is based on the observation that ventricular pressure 

pulsatility affects the pulsatility in pump flow (ὗ ) and on the concept that 

ὨὖȾὨὸ  is an indicator of contractility. Therefore, the maximal 

derivative of pump flow ( Ὠὗ ȾὨὸ ) must include information about 

ventricular contractility. The flow generated by the interaction between axial 

flow pump and native ventricle depends on pump speed, pressure-flow 

features of the pump, inertia in the cannula and pressure difference between 

inlet and outlet. The difference between instantaneous aortic pressure 

ὖ ὸ and instantaneous left ventricular pressure ὖ ὸ modulates the flow 

pattern according to the following equation: 

     () () ()
()
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AO LV P P pump P

dQ t
P t P t B R Q t L

dt
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where ὗ   is the pump flow, is the pump speed, Ὑ ‫  and ὒ  are the 

hydraulic resistance and the fluid inertance of the pump and cannulae, and 

ὄ  is a pump specific factor. Ὑ , ὒ and ὄ  are considered constant. 

Time differentiation of Eq. (2.90) gives: 
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At constant speed and relatively low pulsatility of ὖ , ὨὖȾὨὸ π and the 

term ὒ Ὠὗ ȾὨὸ can be neglected. Therefore: 
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Considering maximum rise of ὖ  and ὗ , we obtain: 
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When the pump flow reaches its maximum and minimum values, a 

relationship between the peak-to-peak value of pump flow in eah cardiac 

cycle (ὗ ) from minimum (ὗ ) to maximum (ὗ ) values 

and the developed pressure from minimum diastolic (ὖȟ ) to maximum 

systolic (ὖȟ ) values, can be obtained as follows: 
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The conditions for Eq. (2.94) are again a constant speed and a relatively low 

pulsatility of ὖ  with a difference between systolic and diastolic aortic 

pressure close to zero. 

Considering that ὗ  is highly influenced by the actual speed, it may be 

appropriate to normalise the maximal derivative of pump flow Ὠὗ Ⱦ

Ὠὸ  by ὗ , which gives an index ὨὖȾὨὸ ȾὍὖ where Ὅὖ is the 

instantaneous developed pressure. At different pump speeds, the slope of 

the regression line between the various measurements points is the 

normalised flow derivative, Ὅ , which is the proposed contractility index 

(Naiyanetr, 2010): 
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where Ŭ0 is the intercept of the regression line. The expression for the slope 

of the straight line is: 
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There are similarities with two very well known contractility indices 

(Kass, 1987): 
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where ‍ and ‏ are constants and Ὓὡ is the ventricular stroke work. 

In an experimental setting (Glower, 1985; Little, 1985), the calculation of 

contractility indices in a non-assisted heart requires a change in preload 

which is obtained by partial occlusion of venous return. The same scenario 

can be achieved in an assisted heart by changes in pump speed. 

The contractility index Ὅ , which is obtained from pump flow data only, is 

sensitive to changes in cardiac contractility and insensitive to changes in 

ventricular preload, afterload and heart rate. Potentially, it may be a more 

useful and practical parameter to monitor residual cardiac function in 

patients on LVAD support. 

 

2.8 Ventricular Interdependence during Mechanical Circulatory 

Support 

 

VADs operate in parallel or in series with the native ventricles and affect 

both haemodynamic and mechanical interactions with changes in ventricular 

function (Farrar, 1985a; Farrar, 1994; Santamore, 1996). 

The presence of long-standing pulmonary vascular disease in heart failure 

patients suggests that the right ventricle is not just a simple conduit for the 

passage of systemic venous blood to the lungs. Following LVAD insertion, 

potential alterations of right ventricular blood flow, compliance and anatomy 

can unmask an otherwise occult degree of right ventricular dysfunction 

accounting for up to 30% incidence of right sided heart failure (McCarthy, 

1995; Dang, 2006). Right heart dysfunction has an impact on survival, 

length of stay in intensive care unit and hospital stay (Kavarana, 2002). 

Early identification of patients who are at risk for right heart dysfunction may 

lead to concomitant temporary or long-term biventricular support at the time 

of LVAD implantation as an attempt to reduce the negative impact on 

patientsô outcome. 

The significant alteration of right ventricular loading conditions induced by a 

well functioning LVAD in parallel with a weak left ventricle (Fig. 2.7) may 

have a potential beneficial but also detrimental effect on the overall right 

ventricular function (Farrar, 1985a). 

In view of the in-series nature of the right and left side of the heart, any 

increase in flow to the systemic circulation from the LVAD will result in an 

increased venous return to and an increased cardiac output from the right 
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ventricle. Therefore, the right ventricle must be capable of increasing its 

cardiac output to at least the same amount of volume being pumped by the 

LVAD in order to achieve successful return of flow to the left heart and to the 

LVAD itself. An approximate doubling of cardiac index (ὅὍ) is observed in 

adavanced heart failure patients following LVAD insertion compared to their 

preoperative status: from 1.6 ± 0.6 to 2.8 ± 0.5 L/min/m
2
 (Farrar, 1997). 

Therefore, the right ventricle must be capable of pumping at least 2.8 L/min 

in patients with isolated LVAD. In patients undergoing insertion of a 

biventricular assist device (BiVAD), the average LVAD flow increases from 

1.4 ± 0.8 to 3.0 ± 0.5 L/min (Farrar, 1997). Therefore, the sum of blood flow 

from the right ventricular assist device (RVAD) and the output from the 

native right ventricle must be at least 3.0 L/min in these patients (Fig. 2.8). 

  

 
 

Figure 2.7 Schematic representation of the circulatory network with LVAD. 

LV and RV is the left and right ventricle; LA and RA is the left and right 

atrium; ὛὠὙ and ὖὠὙ is the systemic and pulmonary vascular resistance; 

MV and AV is the mitral and aortic valve; TV and PV is the tricuspid and 

pulmonary valve. LVAD is connected in parallel with the left ventricle. LVAD 

draws blood from the left atrium (LA) and ejects it into the ascending aorta. 

LVAD support modifies RV preload and afterload by shifting blood volume 

from the pulmonary to the systemic circulation. LV unloading results in a 

leftward septal shift with reduction of the trans-septal pressure gradient. If 

pulmonary artery and RV pressures are also reduced during LV support, 

both ventricles can become dimensionally unloaded. From: Capoccia M, De 

Lazzari C. Concepts, Mathematical Modelling and Applications in Heart 

Failure, 2019, Nova Science Publishers. 

 

Right ventricular dysfunction may only become clinically evident after LVAD 

support. There is a consistent right ventricular response to left ventricular 

unloading by LVAD support in experimental settings: reduced right 
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ventricular afterload, increased compliance and reduced contractility. Right 

ventricular contractility is impaired with a leftward septal shift but output 

power and myocardial efficiency are maintained through a decrease in right 

ventricular afterload and an increase in right ventricular preload (Miyamoto, 

1983; Farrar, 1984; Fukamachi, 1990; Elbeery, 1990; Moon, 1993). In 

normal hearts, the overall effect is either no change or an increase in 

cardiac output. The response of the right ventricle is qualitatively the same 

in the presence of regional myocardial ischemia: reduced afterload, 

increased compliance and reduced contractility. 

 

 
 

Figure 2.8 Schematic representation of the circulatory network with a 

biventricular assist device consisting of LVAD and RVAD. The LVAD and 

RVAD are connected in parallel with the left and right ventricle. The RVAD 

draws blood from the right atrium (RA) and ejects it into the pulmonary 

artery. From: Capoccia M, De Lazzari C. Concepts, Mathematical Modelling 

and Applications in Heart Failure, 2019, Nova Science Publishers. 

 

Anatomical ventricular interaction is accentuated with a greater reduction in 

right ventricular contractility. The global effect is either no change or a 

reduced cardiac output, which may require inotropic or right ventricular 

mechanical support (Nishigaki, 1990; Farrar, 1991; Chow, 1992). The 

response in human hearts is similar to the experimental setting: reduced 

right ventricular afterload, increased right ventricular preload and increased 

cardiac output in the absence of regional ischemia (Farrar, 1985b). 

The in series connection and ventricular interdependence (Fig. 2.9) can 

explain the observed right ventricular response to LVAD support 

(Santamore, 1996). The in series connection decreases left ventricular 

preload, which decreases pulmonary artery pressure. Right ventricular 
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preload is increased by the increased left ventricular output during LVAD 

support and further assisted by the reduced left ventricular diastolic volume. 

The reduction in left ventricular diastolic volume increases right ventricular 

compliance leading to the observed changes in right ventricular shape and 

septal position with increased right ventricular volume and reduced right 

ventricular filling pressure. These effects have to compensate for the 

reduced left ventricular systolic assistance, which leads to a reduced right 

ventricular systolic function. Because of ventricular interdependence, the 

reduced left ventricular systolic function decreases left ventricular assistance 

to right ventricular function leading to a positive feedback mechanism: the 

reduced left ventricular assistance decreases right ventricular systolic 

pressure and stroke volume followed by reduced left ventricular filling. The 

impaired right ventricular function reflects the observed changes in right 

ventricular septal position during systole and the reduction in right 

ventricular elastance and maximal rate of change of right ventricular 

pressure. Finally, the role played by the residual left ventricular wall stress 

must be taken into account despite the absence of left ventricular pressure 

due to decompression following LVAD support.  

The possible mechanism for right ventricular failure during LVAD support 

can be compared to a bellows effect (Rushmer, 1953). The right ventricle 

ejects blood through a uniform reduction in its free wall area and a reduced 

septal-to-free wall distance. Because of its large surface area-to-volume 

ratio, small decreases in septal-to-free wall distance cause large volume 

displacements (Santamore, 1979). Based on ventricular interdependence, 

the hands holding the bellows are the right ventricular free wall and the 

whole left ventricle (Santamore, 1996). During normal contraction, both 

hands contribute to right ventricular ejection. Following LVAD support, right 

ventricular afterload is decreased in view of the increased motion of the right 

ventricular free wall while the left ventricular contribution is less because of 

decreased ventricular interdependence. In the presence of septal ischemia, 

the left ventricle moves away from the right ventricle. The right ventricular 

free wall cannot compensate leading to right ventricular impairment and 

reduced cardiac output. The key role is the change in the interventricular 

septum from its normal shape to a flattened or inverted shape in systole 

leading to a net motion of the septum away from the right ventricular cavity. 

Given the bellows-like contraction of the right ventricle, this septal motion 

significantly reduces right ventricular output and may explain the observed 

right ventricular impairment. The degree of right ventricular impairment is 

subject to the underlying right ventricular dysfunction, the degree of right 
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ventricular afterload reduction and the presence of regional ischemia, 

particularly in the septum (Santamore, 1996). 

In summary, increased venous return following LVAD support affects right 

ventricular function by increasing preload. At the same time, LVAD support 

improves right ventricular filling by unloading the left ventricle with reduction 

of its size and septal shift to the left. Right ventricular function is highly 

afterload dependent. LVAD support is beneficial for right ventricular function 

in relation to pulmonary vascular resistance (Farrar, 1985b). LVAD support 

improves right ventricular function by reducing the afterload in patients with 

high pulmonary pressure caused by left ventricular failure in the presence of 

a normal pulmonary vascular bed (Farrar, 1984). Complete decompression 

of the left ventricle leads to a significant reduction in left atrial pressure and 

concomitant decrease in pulmonary artery pressure followed by a decrease 

in right ventricular afterload. LVAD support will be detrimental in the 

presence of fixed high pulmonary pressure because of increased right 

ventricular afterload and volume due to high blood flow through an 

irreversible high pulmonary vascular resistance (Farrar, 1985a). 

 

 
 

Figure 2.9 Hemodynamic and mechanical interactions between right (RV) 

and left (LV) ventricles. LVAD support in parallel with the LV (B and C) 

modifies RV preload and afterload following shift of blood volume from the 

pulmonary to the systemic circulation. LVAD support results in LV unloading 

due to a leftward septal shift with reduction of the trans-septal pressure 

gradient (B). From: Circulation 1985; 72: 1279-1285. 

 

2.9 Coupling between VADs and the Cardiovascular System 

 

A pulsatile LVAD can operate ñin phaseò and ñout of phaseò with the native 

heart (Maybaum, 2002; Bolno, 2003). When LVAD-heart coupling is ñin-
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phaseò, ventricular systole occurs during LVAD diastole resulting in the 

highest filling of the device with decreased left ventricular pressure. When 

LVAD-heart coupling is ñout-of-phaseò, the two pumps are in competition 

resulting in decreased device filling and increased left ventricular pressure. 

The ñin-phaseò operation mode of the device achieves a more controlled 

ability to partially unload the native heart with potential for myocardial 

recovery (Emergy, 1991; Bolno, 2003; Maybaum, 1999; Lisy, 2000). In 

addition, coronary blood flow may be favourably influenced by ñin-phaseò 

operating mode of the device because LVAD systole occurs during left 

ventricular diastole (counterpulsation). Decreased coronary perfusion during 

LVAD support may be due to either ñout-of-phaseò operating mode or 

decreased myocardial oxygen consumption as a result of an impaired 

coronary circulation. Optimal loading conditions may change during LVAD 

support. Complete ventricular resting may be beneficial during the initial 

period of circulatory support but gradual reloading of the ventricle may well 

improve myocardial perfusion and metabolism (Maybaum, 1999). The 

degree of LVAD synchronisation with the native heart has important 

implications for myocardial recovery as well as myocardial perfusion. Also, 

LVAD timing can be optimised to increase the pressure difference between 

the left atrium and the left ventricle during diastole. As pump rate increases 

to match output demand, synchronisation plays a major role (Saito, 2001). 

During maximal LVAD decompression there is no antegrade flow through 

the aortic valve, which remains closed. Patients with a mechanical 

prosthesis in the aortic position are at risk for thrombus development and 

embolism when the native ventricle is able to eject. Replacement of the 

mechanical prosthesis with a bioprosthesis before LVAD implantation may 

reduce potential complications although additional bypass time would be 

required for an already demanding procedure and a bioprosthesis may still 

undergo leaflets fusion. Patch closure of the already in situ mechanical 

prosthesis has been advocated as a better option (John, 2010). Aortic valve 

stenosis is not going to adversely impact on the haemodynamic 

performance of the device but the risk of thrombosis remains. In the 

presence of normal or stenotic native aortic valve, the aim is to maintain a 

1:3 opening of the valve with continuous flow LVADs and replace the 

stenotic aortic valve if myocardial recovery is likely (John, 2010). The 

presence of mild aortic regurgitation may help wash out the cusps of the 

aortic valve and possibly prevent thrombus formation. Severe aortic 

regurgitation has a negative haemodynamic impact on the device because 

the retrograde flow will decrease the net forward flow from the pump. Mild to 

moderate aortic regurgitation may be exacerbated by the insertion of the 
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device; repair with a circular purse-string suture is recommended (John, 

2010). Mitral regurgitation is not a limiting factor for LVAD performance 

because the device fully unloads the left ventricle eliminating any degree of 

functional regurgitation. Mitral stenosis may limit device filling with significant 

decrease in net output. The native valve can be replaced with either a 

bioprosthesis or a mechanical prosthesis because transmitral flow is in 

continuity with LVAD function. In the presence of tricuspid regurgitation due 

to reversible pulmonary hypertension, LVAD implantation leads to gradual 

reduction of pulmonary artery pressure with normalisation of ventricular 

geometry and re-establishment of tricuspid function. Tricuspid regurgitation 

may persist in severe right heart failure causing elevated central venous 

pressure and hepatic congestion with ultimately end-organ dysfunction. In 

case of severe tricuspid regurgitation, replacement should be considered. 

Therefore, valvular pathology should be addressed before LVAD 

implantation (Kasirajan, 1997; John, 2010). 

 

2.10 Aortic Valve Physiology during Mechanical Circulatory Support 

 

The aortic valve consists of three semilunar leaflets contained within a 

connective tissue sleeve (Yoganathan, 2004). The valve leaflets are 

attached to a virtual fibrous ring enclosed partly in the fibrous skeleton and 

partly in the muscular outlet portion of the left ventricle. The aortic root is the 

portion of the left ventricular outflow tract supporting the leaflets of the aortic 

valve. The aortic region immediately above the fibrous ring is known as 

sinuses of Valsalva, which are the expanded portions of the aortic root 

confined proximally by the attachments of the valve leaflets and distally by 

the sinotubular junction. The aortic root is a dynamic structure with relations 

to the aorta and the left ventricle. Its configuration changes from a cone to a 

cylinder and then to an inverted cone when the ventricle fills and contracts 

(Sutton, 1995). The sinuses allow the formation of systolic vortexes, which 

likely aid valve closure due to the development of a transverse pressure 

difference (Yoganathan, 2004). Therefore, the fluid dynamics of the aortic 

root plays a key role for optimal valve function, which is significantly 

changed following LVAD insertion (John, 2010).  

LVAD support diverts blood from the left ventricle directly into the aorta 

leading to increased cardiac output and decreased LV pressure with 

reduced wall stress and potential for reverse remodelling. Consequently, the 

pressure difference between the aortic root and the left ventricle, namely the 

transvalvular pressure (Ὕὠὖ), is increased (Fig. 2.10). The aortic valve 

opens when the Ὕὠὖ is close to zero and closes under pressure. The 
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magnitude and duration of the Ὕὠὖ is increased with a prolonged diastolic 

period for the aortic valve in LVAD patients (John, 2010). During periods of 

high LVAD support, blood flow is completely through the LVAD which 

operates in series with the native LV in the presence of a continuously 

closed aortic valve. When sufficient intrinsic contraction occurs, the aortic 

valve partially opens and becomes overloaded by the LVAD operating in 

parallel with the native LV. The loss of cyclic relaxation causes permanent 

overstretching of the aortic valve tissue with likely deterioration and 

remodelling.  

 

 
 

Figure 2.10 Transvalvular pressure for three different blood flow patterns: 

normal (without LVAD), LVAD in series and LVAD in parallel with the left 

ventricle. From: Capoccia M, De Lazzari C. Concepts, Mathematical 

Modelling and Applications in Heart Failure, 2019, Nova Science Publishers. 

 

If we consider the LVAD as a flow generator connected in parallel with the 

left ventricle, then we can analyse and quantify the effects of aortic 

regurgitation on the pumping efficacy of continuous and pulsatile pumps 

(Kim, 2016; Lim, 2009; Lim, 2012). A computational approach based on an 

eight compartment lumped parameter model and the time-varying elastance 

can give a quantitative assessment according to the following baseline 

equations (Fig. 2.11) (Kim, 2016): 
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where Ὥ is the compartment index, ὠ is the blood volume, ὗ  is the blood 

inflow rate, ὗ  is the blood outflow rate, ὖ is the internal blood vessel 
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pressure, ὖ  is the external blood vessel pressure, ὅ is the blood vessel or 

cardiac wall compliance and ὠ  is the volume when the blood vessel 

pressure is different from the outside. 

 

 
 

Figure 2.11 Electrical representation of aortic and mitral regurgitation. Ὑ  

and ὅ  is the pulmonary artery resistance and compliance; Ὑ  and ὅ  is 

the pulmonary vein resistance and compliance; Ὑ  and Ὑ ȟ  is the 

forward and leakage resistance of the mitral valve; ὅ  and ὅ  is the left 

and right atrial compliance; Ὑ  and Ὑ ȟ  is the forward and leakage 

resistance of the aortic valve; Ὑ  and ὅ  is the peripheral arterial 

resistance and compliance; Ὑ  and ὅ  is the peripheral venous resistance 

and compliance; Ὑ  and Ὑ  is the tricuspid and pulmonary valve 

resistance. From: Capoccia M, De Lazzari C. Concepts, Mathematical 

Modelling and Applications in Heart Failure, 2019, Nova Science Publishers. 

 

Aortic regurgitation is simulated as follows (Fig. 2.11) (Lim, 2015; Kim, 

2016): 
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where ὗ  is the forward flow through the aortic valve, ὖ  is the left 

ventricular pressure, ὖ  is the aortic blood pressure, Ὑ  is the forward flow 

resistance through the aortic valve, Ὑ ȟ  is the leakage flow resistance 

through the aortic valve and ὛὊ is a scale factor indicating the severity of 

aortic regurgitation. 
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Despite the limitations of this model, the simulations confirm the reduced 

ability of the LVAD to unload the left ventricle in the presence of aortic 

regurgitation (Fig. 2.12).  

Dynamic speed support based on a control algorithm able to time the peak 

flow of the device at mid-diastole may yield longer opening time of the aortic 

valve with potential for reduced aortic regurgitation in the long term (Bozkurt, 

2015). 

Pump speed modulation will be further discussed in Chapter 3. 

Aortic valve opening is currently monitored with echocardiographic 

assessment, intermittent pump speed reduction and pulse pressure 

measurement. Electrical current analysis as a mean to develop a 

physiological feedback algorithm for constant regulation and optimisation 

has been proposed (Bishop, 2010). 

    

 
 

Figure 2.12 Left ventricular and aortic pressure profiles in the presence of 

aortic valve regurgitation. (A) Without LVAD treatment. (B) With continuous 

LVAD (CLVAD) treatment. (C) With pulsatile LVAD (PLVAD) treatment. AR 

stands for aortic regurgitation. From: Capoccia M, De Lazzari C. Concepts, 
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Mathematical Modelling and Applications in Heart Failure, 2019, Nova 

Science Publishers. 

 

2.11 Mitral Valve Physiology during Mechanical Circulatory Support 

 

Mitral regurgitation is simulated as (Lim, 2015; Kim, 2016): 
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where ὗ  is the mitral valve inflow rate, ὖ  is the left atrial pressure, ὖ  is 

the left ventricular pressure, Ὑ  is the forward flow resistance through the 

mitral valve, Ὑ ȟ  is the leakage flow resistance through the mitral valve 

and ὛὊ is a scale factor indicating the severity of mitral regurgitation. 

Although the outcome of the simulations shows that LVAD performance is 

maintained in the presence of mitral regurgitation with better unloading for a 

pulsatile device (Fig. 2.13), significant residual mitral regurgitation is 

associated with persistent pulmonary hypertension, worse right ventricular 

function and death in patients supported with a continuous-flow LVAD 

(Kassis, 2017). 

 

2.12 Pulse Wave Analysis during LVAD Support 

 

Haemodynamic evaluation during LVAD support is critical to understand 

coupling between the device and the vascular system. The pressure 

waveform undergoes significant amplification with discrepancy between 

central aortic pressure and the peripheral circulation. Pulse wave analysis 

can provide helpful insights about the pattern of pump ejection and the 

properties of the arterial system. The pressure waveform recorded at any 

site in the arterial tree consists of a forward waveform generated by the 

pump source (LV or LVAD) and a backward waveform, which is the ñechoò 

of the incident wave reflected at peripheral sites. Analysis of the incident 

wave gives information about the pump source while analysis of the 

reflected wave gives information about the properties of the arterial system. 

Peripheral tonometry has been used as a simple, non-invasive method for 

the evaluation of central haemodynamics in patients with heart failure and 

LVAD support (Vlachopoulos, 2001). 
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Figure 2.13 Left ventricular and aortic pressure profiles in the presence of 

mitral valve regurgitation. (A) Without LVAD treatment. (B) With continuous 

LVAD (CLVAD) treatment. (C) With pulsatile LVAD (PLVAD) treatment. MR 

stands for mitral regurgitation. From: Capoccia M, De Lazzari C. Concepts, 

Mathematical Modelling and Applications in Heart Failure, 2019, Nova 

Science Publishers. 

 

Pulse pressure is inadequate for precise quantification of pulsatile and non 

pulsatile perfusion modes during chronic mechanical circulatory support 

because the generation of pulsatile flow depends on energy gradient rather 

than pressure gradient (Shepard, 1966; Wright, 1994; Wright, 1997; Ündar, 

2002). Both arterial pressure and pump flow waveforms should be used to 

quantify different perfusion modes because different pulsatile pumps with 

the same pulse pressure have significantly different haemodynamic energy 

levels (Ündar, 1999; Ündar, 2001; Ündar, 2003). If both pressure and pump 

flow waveforms are available, then the energy equivalent pressure formula 

should be used (Shepard, 1966), otherwise the use of pulse power index 

and/or pulsatility index is advisable (Kawahito, 2000a; Kawahito, 2000b). 

Non-invasive arterial blood pressure waveform measurement seems a 
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reliable and accurate method for the assessment of patients supported by a 

continuous flow LVAD (Martina, 2014).  

 

2.13 Energy Equivalent Pressure 

 

The energy equivalent pressure (ὉὉὖ [mmHg]) is the ratio between the area 

under the haemodynamic power curve and the area under the pump flow 

curve during each pulse cycle: 
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where Ὢ is the pump flow rate, ὴ is the arterial pressure, ὸȟὸ  is the time 

interval and Ὠὸ is the increment in time. 

Under adequate pulsatility, ὉὉὖ is always higher than mean arterial 

pressure (ὓὃὖ). The difference between ὉὉὖ and ὓὃὖ is the extra energy 

generated by each pulsatile or non-pulsatile device. The difference between 

ὉὉὖ and ὓὃὖ in the normal human heart is approximately 10% (Wright, 

1994).  

In the presence of complete non-pulsatile flow, ὉὉὖ = ὓὃὖ and the extra 

energy is zero. 

The total haemodynamic energy (ὝὌὉ) is the energy equivalent pressure 

ὉὉὖ expressed in erg/cm
2
. Itôs obtained by multiplying ὉὉὖ by the converting 

factor (1.332) from mmHg to dyne per cm
2
 that is equivalent to erg/cm

3
: 
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The surplus haemodynamic energy (ὛὌὉ) is the extra energy generated by 

the device expressed in erg/cm
3
:  
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ὛὌὉ is the extra energy that is generated only in the presence of some 

degree of pulsatility in pressure or flow. It is zero under complete non-

pulsatile conditions. At equal ὓὃὖ and pump flow rate, adequate pulsatile 

flow always generates significantly more extra energy compared to non-
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pulsatile flow (Ündar, 1999; Ündar, 2005a; Ündar, 2005b). This is a 

disadvantage when non pulsatile devices are used for either acute or 

chronic circulatory support. 

If we consider a 70 ml Pierce-Donachy pneumatic pulsatile LVAD in a mock 

loop system, the ὉὉὖ formula can be used to quantify the pressure-flow 

waveforms. At a constant pump flow rate of 5 L/min, aortic pressure of 80 

mmHg, 90 mmHg and 100 mmHg, and pump rates of 65 bpm, 70 bpm and 

80 bpm, the difference between ὉὉὖ and aortic pressure is 9-11% (Ündar, 

2004). The extra haemodynamic energy generated by this device achieves 

the physiological level of 10%, which is equivalent to a normal heart. When 

axial flow or centrifugal pumps are used and the native heart is not ejecting, 

ὉὉὖ becomes ὓὃὖ and no extra energy is generated by these devices. As a 

matter of fact, most of the time in a clinical setting there is still some residual 

function of the native heart leading to some difference between ὉὉὖ and 

ὓὃὖ. In the presence of some myocardial recovery, near physiological 

pulsatility can be achieved using a rotary blood pump (Potapov, 2000). The 

Jarvik 2000 is the only continuous flow device which generates complete 

non-pulsatile flow under any condition (Saito, 2002), the remaining rotary 

blood pumps show some degree of pulsatility (Potapov, 2000). 

 

2.14 Pulse Power Index 

 

The pulse power index (ὖὖὍ) overcomes the limitations of the ὉὉὖ formula, 

which requires both instantaneous arterial pressure and pump flow to be 

recorded: if one of the parameters is not available, the formula is not 

applicable. ὖὖὍ is defined as: 
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where ὲ is the number of flow harmonics, ὃ is the amplitude of the Ὥ-th 

harmonic of flow, ὃ  is the amplitude of mean flow and ύ is the frequency of 

flow (cycle/s). The pulse power index formula is useful to determine whether 

a continuous flow LVAD achieves physiological support (Grossi, 1985; 

Kawahito, 2000a; Kawahito, 2000b). 

 

2.15 Pulsatility Index 

 

Continuous blood flow generated in a non-physiological manner by rotary 

pumps avoids the need for valves and compliance chambers. Continuous 
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flow VADs have a mode of operation (pulsatility index) that allows aortic 

valve opening during systole by adjusting the speed of the device in order to 

mimic physiological flow (Wilson, 2009). Therefore, the pulsatility index is a 

measure of the size of flow pulse generated by the pump during a cardiac 

cycle. Maximum flow (ὗ ) will occur during ventricular systole when the 

inlet-to-outlet pressure difference is the least, and minimum flow (ὗ ) will 

occur during left ventricular diastolic filling when the inlet pressures are 

lower and the PI is greater. In mathematical terms, we have: 
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where ὗ  is the average flow during the cardiac cycle. 

Patients with very poor left ventricles have minimal pulsatility with (ὗ

ὗ π). The same low ὖὍ would be possible for a more functional left 

ventricle if the pump speed were excessive and the ventricle driven to 

collapse (speed excessive for preload). The pulsatility index is the balance 

of native ventricular function and unloading by a continuous flow VAD. It is 

routinely monitored and adjusted to ensure safe automatic flow control and 

may be helpful when assessing a change in clinical status. 

The ὖὍ index generally is set between 0.3 and 1.0 to ensure safe but 

responsive auto control (Griffith, 2001). 

In the case of the HeartMate II, the ὖὍ is the amount of pulsatility seen by 

the pump over a fifteen-second interval. This value is related to the amount 

of native heart function. ὖὍ is calculated from pump power normalised by 

mean power (Arnold, 2013). 

 

2.16 Chapter Summary 

 

An overview of pressure-volume analysis of cardiac mechanics and 

dynamics is given. The concept of time-varying elastance with its 

modifications and ventricular-arterial coupling are presented in details. 

Pressure-volume loop analysis based on the time-varying elastance theory 

is an established approach to study and understand the interactions 

between rotary blood pumps and the cardiovascular system. Despite the 

successful application of the time-varying elastance, its role has been 

questioned in the context of LVAD support. The assumption of ESPVR as a 

load-independent index of cardiac function holds within certain limits 

because extreme loading conditions can affect both Ὁ  and Ὁ . A reliable 

method to assess cardiac contractility on LVAD support should be sensitive 



70 
 

to changes in myocardial properties but not affected by preload and 

afterload. Alternatives have been proposed but invasive measurements are 

required. The normalised flow derivative , Ὅ , is an attractive contractility 

index based on pump flow and speed without the need of invasive 

measurement and is not affected by preload, afterload and heart rate. 

LVADs are connected either in series or parallel to the left ventricle. The 

interventricular septum plays a key role during LVAD support and balance 

must be maintained to avoid right sided failure requiring RVAD. Coupling 

between LVAD and native heart needs synchronisation, timing and 

appropriate decompression for the purposes of myocardial recovery 

although suction must be avoided. Aortic and mitral valve physiology is 

important: aortic regurgitation affects the LVAD ability to unload the left 

ventricle; mitral regurgitation is associated with persistent pulmonary 

hypertension and worse right ventricular function. Haemodynamic evaluation 

during LVAD support is essential to understand coupling between the device 

and the vascular system. The energy equivalent pressure (ὉὉὖ), the total 

haemodynamic energy (ὝὌὉ) and the surplus haemodynamic energy (ὛὌὉ) 

are useful haemodynamic parameters. The pulsatility index (ὖὍ) is a 

measure of the size of flow pulse generated by the pump during a cardiac 

cycle. In other words, it is a balance of native ventricular function and 

unloading by a continuous flow LVAD: a lower ὖὍ reflects higher amount of 

pump support; a higher ὖὍ means more native heart ejection.  
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Chapter 3 

Mathematical Modelling 

of Mechanical 

Circulatory Support 
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3 Mathematical Modelling of Mechanical Circulatory 

Support 
 

3.1 Introduction 

 

Numerical modelling of the interactions between VADs and the 

cardiovascular system is a challenging subject. Nevertheless, this issue has 

been increasingly addressed over the past years. Further progress in this 

direction would lead to more accurate predictions of the performance of the 

device in vivo and of its effect on the human body. 

Computational fluid dynamics (CFD) simulations and experimental validation 

with particle image velocimetry (PIV) for rotary blood pumps are usually 

performed under steady flow conditions. Optimisation of the device is based 

on these results. Although computationally and experimentally less 

demanding, this approach may not adequately represent the significant flow 

modulation and therefore the unsteady flow field caused by the native 

ventricular contractility during LVAD support (Shu, 2009). The flow field 

within the pump at a given impeller rotational speed is determined by the ‫ 

flow rate ὗ and its time derivative ὨὗὨὸϳ . Comparison between unsteady 

flow fields and steady conditions at the same flow rates shows significant 

differences where flow deceleration promotes separation within the outlet 

diffuser whereas acceleration stabilises the velocity field. This difference 

supports the role played by inertial fluid forces and the importance of ὨὗὨὸϳ  

as an independent variable for detailed evaluation and validation of rotary 

blood pumps (Shu, 2009). 

The pressure head Ὄ for a device operating with a constant rotational speed 

can be assumed to follow a single speed line from the pressure head-flow ‫ 

rate (H-Q) curve, oscillating along the line as the flow rate ὗ changes during 

the cardiac cycle. Nevertheless, the inertia of the blood results in hysteresis 

with a closed loop in the H-Q curve (Song, 2004a; Song, 2004b; Shu, 2009). 

The effects of flow pulsatility are important but calculations are far more 

computationally expensive, with inlet and outlet boundary conditions being 

difficult to determine (Song, 2004a).  

In steady flow calculations, the inlet boundary is set to a specific steady 

velocity profile while the outlet boundary is fixed at a steady pressure. The 

actual unsteady boundary conditions will be dependent on the flow from the 

heart and the aortic pressure, which are the result of the interactions 

between the device and the cardiovascular system (Fraser, 2011). 

The study of the interaction between VADs and the whole cardiovascular 

system with a 3-D CFD software package is highly demanding although 

limited parts of the assisted circulation have been developed with this 
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method (Bazilevs, 2009). A more simplified approach is the use of 1-D or 0-

D models where space dependence is confined to the axial coordinate (1-D) 

or addressed by splitting the cardiovascular system in compartments (0-D) 

(Peiró, 2009).  

A ventricular assist device consists of a pump, an inflow cannula and an 

outflow cannula. Energy loss caused by the pressure drop in both cannulae 

as a result of viscosity is simulated by adding a resistive component to the 

model. An additional pressure drop is observed in a pulsatile flow device 

because of fluid acceleration and deceleration, requiring the inclusion of an 

inductance component in the model. This is also applicable to continuous-

flow devices where the interaction between the heart and the varying 

pressure head may generate pulsatile pump flow. 

A typical cannula model consists of a resistor and an inductor operating in 

series. A compliance component does not necessary consider that cannulae 

are made of synthetic material, which is very stiff compared with blood 

vessels. A compliance component may be useful when simulation of 

ventricular suction is required due to a rotary blood pump running at high 

speed (Vollkron, 2002). 

A rotary blood pump can be modelled either considering the hydraulic 

component only or including the motor component too. Modelling hydraulic 

and motor component together is a more useful approach because of the 

relation between the pump model and measurable parameters following 

device implantation such as power consumption and rotational speed. If a 

correlation between measurable pump and circulatory parameters is 

achievable by a mathematical model, then power and speed can be used to 

estimate the circulatory status of the patient without invasive measurement 

techniques. Finally, the simulation of the motor is required for the 

development and validation of physiological control algorithms in order to 

provide higher flows when the patient becomes more active and also to 

reduce the risk of ventricular suction. 

The flow generated by rotary blood pumps depends on the pressure head in 

contrast to displacement pumps where preload and afterload are 

independent factors. An equation for a rotary blood pump obtained fitting in 

vitro data is as follows (Zhou, 1999): 
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where ὗ  is the pump flow [L/min], is the impeller rotational speed ‫ 

[rpm], Ўὖ is the pump pressure head [mmHg], ὑ ȟ = 3.571×10
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the rotary pump is connected as LVAD, we have Ўὖ ὖ ὖ  where ὖ  

is the aortic pressure and ὖ  is the left ventricular pressure. The fitting is 

performed for different curves presenting the generated flow as a function of 

the pressure head, obtained from in vitro data, with pump rotational speed at 

2500, 3000, 3500 and 4000 rpm. 

Preload and afterload have an inverse effect on a rotary blood pump 

performance, with flow sensitivity to either variable being equal for a certain 

rotational speed. An increase in preload causes a decrease in the pressure 

head; the same effect can be achieved by a decrease in afterload. 

 

3.2 Rotary Blood Pumps Models 

 

Mathematical modelling and computer simulation are invaluable tools to 

investigate the interactions between rotary blood pumps and the 

cardiovascular system for the development of a reliable automated control 

algorithm. The traditional modelling approach for rotary blood pumps is the 

use of static performance curves, which relate flow rate and pressure head 

at different constant speed under steady conditions.  

A general equation used to describe the behaviour of a rotary blood pump 

(RBP) and effectively estimate the pump pressure head Ὄ using measured 

flow, the time derivative of flow Ὠὗ ȾὨὸ and pump speed is the ‫ 

following: 
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where ὖ  is the pressure at the pump inlet, ὖ  is the pressure at the pump 

outlet, ὧ is a constant, ὗ  is the pump flow, ὸ is the time and Ὠ‫ȾὨὸ is the 

angular acceleration. 

With Eulerôs method, the pump pressure head can be simply estimated by a 

linear relationship with the flow rate and a quadratic relationship with the 

rotational speed as follows: 

 

                                  () () ()2

1 pump 1H t a Q t c tw= Ö + Ö                          (3.3) 

 

where ὥ  and ὧ are coefficients derived from simple curve fitting of the 

pressure head-flow rate relationships at different constant speeds under 

steady conditions.  
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In order to improve the accuracy of pressure head estimation, additional 

parameters have been added such as a quadratic function of the flow to 

account for viscous loss across the pump, the time derivative of flow for 

energy loss due to fluid inertia and the angular acceleration for pulsating 

operation mode (Vandenberghe, 2002; Vandenberghe, 2003; Gwak, 2005; 

Moscato, 2009; Shu, 2009). The outcome is consistent with improved 

accuracy as shown by curve fitting and statistical analysis (Pirbodaghi, 

2011) although complexity is increased. 

The above parameters can be combined as follows (Pirbodaghi, 2011): 
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where ὥ, ὦ, ὧ, Ὠ, and Ὡ (Ὥ ςȟσȟτȟυ) are coefficients derived from simple 

curve fitting of the H-Q relationships at different constant speeds under 

steady conditions. Different mathematical models of the CentriMag RBP 

(Levitronix GmbH, Zürich, Switzerland) can be described (Pirbodaghi, 2011) 

setting the coefficients ὥ, ὦ, ὧ, Ὠ, and Ὡ as listed in Table 3.1. In order to 

identify the model parameters of Eqs. (3.3), (3.4), (3.5), (3.6) and (3.7), a 

chirp signal (Fig 3.1) is applied to the CentriMag speed command while 

implanted in a live animal. Subsequently the least square curve fitting 

method, which minimizes the sum of squared residuals between the 

measured and estimated pressure head, is used to obtain the model 

parameters. 

Table 3.1  

 ai bi ci di ei 

Eq. (3.3) -3.630 - 20.71 - - 

Eq. (3.4) -1.377 -0642 21.50 - - 

Eq. (3.5) -1.140 -0.681 21.41 - 0.109 

Eq. (3.6) -1.815 -0.684 22.11 -0.112 - 

Eq. (3.7) -1.384 -0.771 21.99 -0.121 0.233 
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Figure 3.1 Chirp signal applied to RBPs. The frequency increases (up-chirp) 

with time. From: Capoccia M, De Lazzari C. Concepts, Mathematical 

Modelling and Applications in Heart Failure, 2019, Nova Science Publishers. 

 

A more suitable model is required for a rotary blood pump inserted in a 

pulsatile environment such as the cardiovascular system where the time-

derivative of pump flow and inertia effect play a significant role (Pirbodaghi, 

2017). 

 

3.2.1 Brushless DC Axial Flow LVAD 

 

A model of a continuous-flow pump driven by a brushless DC motor is 

presented (Choi, 1997; Giridharan, 2002). A typical brushless DC motor can 

be described by the following equation: 

 

                                     e p

d
J T B T

dt

w
wÖ = - Ö -                                      (3.8) 

 

where ὐ represents the rotor inertia, is the rotor speed, Ὕ is the motor ‫ 

torque, Ὕ is the load torque and ὄ is the damping coefficient. If the motor 

has a sinusoidal back electromotive force ὉάὊ, the phase current has a 

sinusoidal waveform. Therefore, the relationship between the motor torque 

and the amplitude of the phase current is as follows: 

 

                                                     e b

3
T K I

2
= Ö Ö                                      (3.9) 

 

where Ὅ is the amplitude of the phase current and ὑ  is the constant of the 

back ὉάὊ. The relationship between pump rotational speed, flow and load 

torque is: 
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3 2

p 0 1 pumpT a a Qw w= Ö + Ö Ö                      (3.10) 

 

where ὥ and ὥ are constants. Combining Eqs. (6.8), (6.9) and (6.10) the 

resulting motor model is: 

 

         ὐϽ  = Ͻὑ ϽὍ ὄϽ‫ ὥϽ‫ ὥϽὗ Ͻ‫       (3.11) 

 

The axial pump is characterized by the relation between pressure difference, 

flow and speed. Under steady state conditions, a linear relationship with the 

flow and a quadratic relationship with the pump speed are observed. In 

mathematical terms, we have: 

 

     
pump 2

OUT IN 0 pump 1 2

dQ
H P P b Q b b

dt
w¹ - = Ö + Ö + Ö                          (3.12) 

 

where ὦ , ὦ  and ὦ  are coefficients. In addition, pressure difference is 

linearly dependent on flow derivative. Table 3.2 shows the estimated values 

for the motor model and for the pump model parameters (Choi, 1997). The 

model identifies the features of the pump and the state variables related to 

its operation and provides estimates of flow and pressure difference of the 

axial pump without the need of flow and pressure sensors, which may 

jeopardise long-term reliability (Schima, 1992). This is an example of LVAD 

controller using a sensor-less approach to regulate pump speed without 

causing suction in the left ventricle (Choi, 2005). 

 

Table 3.2  

Motor 

ὐ ὄ ὥ ὥ 

0.916×10
-6

 0.66×10
-6

 0.738×10
-12

 0.198×10
-10

 

Pump 

- ὦ ὦ ὦ 

- -0.296 -0.027 0.0000933 

 

 

3.2.2 Diagonal Flow Rotary Blood Pump 

 

A mathematical model for a micro-diagonal rotary pump is discussed 

(Vandenberghe, 2002; Vandenberghe, 2003). The pump and the cannulae 

are modelled separately. Only the hydraulic component of the pump is 

modelled and the rotational speed of the impeller is the only pump 

parameter that can be set by the user. The model is based on apical to 
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ascending aorta cannulation where the cannulae are assumed to have a 

cylindrical shape. A rotary pump can be considered as a series combination 

of an ideal pressure source and a resistive component that models energy 

loss. Therefore, the pump is modelled as the sum of two terms: one as a 

function of the rotational speed (generated energy) and the other as a 

function of the flow (energy loss). The pump flow pattern is expected to be 

turbulent. Therefore, the pump pressure loss is related to the square of the 

flow.  

The pump equation is as follows (Vandenberghe, 2007): 

 

                            
2 2

H pump pumpH P A R QD w¹ = Ö + Ö                             (3.13) 

 

where ὃ [mmHg·rpm
-2

] is a pump constant, Ὑ  [mmHgĀsĀml
-1

] is the pump 

resistance and ὗ  [ml/s] is the pump flow and is the rotational speed ‫ 

[rpm]. 

Each cannula is modelled as a series combination of an inductor and a 

resistor (Fig. 3.3). Therefore, the additional pressure drop generated by 

each cannula is as follows: 

 

   ( ) ( )pump 2

C L R IN OUT IN OUT pump

dQ
P P P L L R R Q

dt
D D D= + = + Ö + + Ö    (3.14) 

 

where ῳὖ is the pressure drop in the cannula, ῳὖ is the pressure drop due 

to inertance effect, ῳὖ is the pressure drop due to viscous effect, ὒ  and 

Ὑ  is the inertance and resistance of the inlet cannula, ὒ  and Ὑ  is the 

inertance and resistance of the outlet cannula. 

Combining Eqs. (3.13) and (3.14), we obtain the total pressure drop across 

the pump (Ўὖ ): 

 

          

( ) ( )

2 2

TOT H L R pump pump

pump 2

IN OUT IN OUT pump

P P P P A R Q

dQ
L L R R Q

dt

D D D D w= + + = Ö + Ö +

+ + Ö + + Ö
               (3.15) 

 

Rearranging we have: 

 

( ) ( ) pump2 2

TOT pump IN OUT pump IN OUT

dQ
P A R R R Q L L

dt
D w= Ö + + + Ö + + Ö (3.16) 
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Figure 3.2 Electrical analogue of a diagonal pump coupled to the left 

ventricle and the arterial circulation consisting of a four-element windkessel 

model. Ὁὸ is the time-varying elastance, ὒ  and Ὑ  is the inertance and 

resistance of the inlet cannula, ὒ  and Ὑ  is the inertance and resistance 

of the outlet cannula. From: Capoccia M, De Lazzari C. Concepts, 

Mathematical Modelling and Applications in Heart Failure, 2019, Nova 

Science Publishers. 

 

Considering that Ўὖ ὖ ὖ , the final equation becomes: 

 

         
pump2 2

AO LV TOT pump TOT

dQ
P P A R Q L

dt
w- = Ö + Ö + Ö                      (3.17) 

 

where ὒ ὒ ὒ  is the cannula inertance [mmHg·s
2
·ml

-1
] and 

Ὑ Ὑ Ὑ Ὑ  is the flow-dependent resistance [mmHg·s·ml
-1

]. 

In Fig. 3.2, the cardiac model includes the left ventricular function based on 

the time-varying elastance theory (Suga, 1974) as follows: 

 

                                               ()
()

()
LV

LV 0

P t
E t

V t V
=

-
                                (3.18) 

 

where Ὁὸ is the left ventricular elastance, ὠ  represents the left ventricular 

volume and ὠ is the volume intercept of the end-systolic pressure-volume 

relationship. 

The pressure drop across the mitral valve is derived from the electric 

analogue described in Fig. 3.3 as follows:  

 

                           
MV

LV LA MV MV MV

dQ
P P L R Q

dt
- = Ö + Ö                         (3.19) 
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where ὗ  is the flow through the mitral valve, ὒ  and Ὑ  is the inertance 

and resistance of the valve. The pressure drop across the aortic valve is: 

 

                                
AV

AO LV AV AV AV

dQ
P P L R Q

dt
- = Ö + Ö                     (3.20) 

 

where ὗ  is the flow through the aortic valve, ὒ  and Ὑ  is the inertance 

and resistance of the valve. 

 

 
 

Figure 3.3 Electrical analogue of the mathematical model for a diagonal 

rotary blood pump and the cardiovascular network. ὗ  and ὗ  is the flow 

through the characteristic resistance and the pump; ὗ  is the venous flow 

from the lungs; ὗ  and ὗ  is the flow through the mitral and aortic valve; 

ὖ is the pressure drop across the characteristic resistor; ὖ is the venous 

pressure. From: Capoccia M, De Lazzari C. Concepts, Mathematical 

Modelling and Applications in Heart Failure, 2019, Nova Science Publishers. 

 

According to Kirchhoff's laws, the total flow going to node ὖ must equal the 

sum of the flows through ὅ and Ὑ : 

 

                                C C
AV pump A

P

dP P
Q Q C

dt R
+ = Ö +                               (3.21) 

 

The volume change in the left atrium is the difference between the flow into 

the left atrium (venous flow ὗ ) and the flow out of the left atrium (mitral flow 

ὗ ): 

 

                        V LALA
V MV MV

V

P PdV
Q Q Q

dt R

-
= - = -                             (3.22) 
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The volume change in the left ventricle is the difference between the flow 

into the left ventricle (mitral flow) and the flow out of the left ventricle (aortic 

flow ὗ  and pump flow): 

 

                                  
LV

MV AV pump

dV
Q Q Q

dt
= - -                                  (3.23) 

 

Finally, the pressure drop across the afterload inductor (inertance ὒ) equals 

the pressure drop across the characteristic resistor because they are placed 

in parallel: 

 

                             
AL

A AO C C Rc

dQ
L P P R Q

dt
Ö = - = Ö                               (3.24) 

 

The described model allows the implementation of continuous and pulsatile 

mode simulations according to the type of modulation and the phase shift 

between the pump and the cardiac cycles as a percentage of the total cycle 

(Fig 3.4). 

Figure 3.5 shows the effects induced by different pump speeds on the left 

ventricular pressure-volume loop. LVAD support with different rotational 

speeds is considered in the context of a diseased state. The LVAD 

generates continuous blood flow. The continuous line represents a left 

ventricular PV loop when the speed of the pump is 2000 rpm; the dashed 

line relates to a pump speed of 10000 rpm. When the pump rotational speed 

is set at 2000 rpm, the PV loop keeps an isovolumetric contraction and 

relaxation phase. When the pump speed is set at 10000 rpm, the 

isovolumetric contraction and relaxation phases are no longer present in the 

PV loop (dashed line). 

According to the above model, a rotary blood pump running at constant 

speed can unload the left ventricle completely only at high rotational speeds. 

A more efficient unloading is obtained when the pump runs in a pulsatile 

manner with a counterpulsation pattern, which decreases left ventricular 

external work, wall stress and oxygen consumption without affecting the 

flow. Therefore, it may be beneficial to run a low pump speed during systole 

and high pump speed during diastole. 
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Figure 3.4 Example of pulsatile pump speed pattern with a time shift of 30% 

of the full cycle. The onset of systole is the landmark assessed by the time-

varying elastance curve.  From: Capoccia M, De Lazzari C. Concepts, 

Mathematical Modelling and Applications in Heart Failure, 2019, Nova 

Science Publishers. 

 

 
 

Figure 3.5 Continuous mode simulation with pump speed at 2000 rpm 

(continuous line) and 10000 rpm (dashed line). ὖ  and ὠ  is the left 

ventricular pressure and volume. From: Capoccia M, De Lazzari C. 

Concepts, Mathematical Modelling and Applications in Heart Failure, 2019, 

Nova Science Publishers. 

 

3.2.3 HeartWare HVAD 

 

Continuous-flow blood pumps operate at constant speed with a flow 

waveform related to the waveform of the pressure difference between the 

pump inlet (left ventricular pressure) and outlet (aortic pressure) (Moscato, 

2009; Granegger, 2012). Therefore, a centrifugal-flow pump like the 
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HeartWare HVAD (HeartWare, Miami Lakes, FL, USA) is affected by the 

pulsatility of the left ventricular pressure and its intrinsic features. 

 

 
Figure 3.6 The centrifugal ventricular assist device HeartWare HVAD 

connected as LVAD draws blood from the left ventricle and ejects it into the 

ascending aorta. From: Capoccia M, De Lazzari C. Concepts, Mathematical 

Modelling and Applications in Heart Failure, 2019, Nova Science Publishers. 

 

An equation for the HeartWare HVAD is as follows (Granegger, 2012): 

 

            () () () pump2 2

AO LV pump

dQ
H t P P a t b Q t L

dt
w= - = Ö - Ö - Ö       (3.25) 

 

where is the rotational speed, ὥ (1.29×10 ‫
-3

 mmHg·s
2
) is a parameter 

related to the impeller speed, ὦ (3.94×10
-3

 mmHg·s
2
·ml

-2
) is a hydraulic 

resistance parameter and L (0.02 mmHg·s
2
·ml

-1
) is a fluid inertance 

parameter. Figure 6.6 shows a schematic cardiovascular network including 

left ventricular assist device support using the HeartWare HVAD. 

The features of the centrifugal pump motor yield a dependence between 

motor current (Ὅ) and pump flow (ὗ ) via the load torque (Ὕ) (Pillay 

1989): 

 

                                 ( )p pump

d
J K I B T Q ,

dt

w
w wÖ = Ö - Ö -                   (3.26) 

 

where the load torque Ὕ is a function of pump flow ὗ  and rotational 

speed ὑ is the back electromotive force constant (which is equal to the ;‫ 

motor torque constant); ὄ is the damping coefficient, and ὐ is the rotor 
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moment of inertia, which mainly contributes to the energy losses caused by 

the inertial moment of the rotor under dynamic conditions. 

The static features of the pump motor can be derived from Eq. (3.26) when 

ὐὨ‫ȾὨὸ π. Considering measured parameters, static current-flow curves 

can be approximated using the following nonlinear relationship (Granegger, 

2012): 

 

2 3 2 2

pumpQ a I b I c I d e g I h I kw w w w= Ö + Ö + Ö + Ö + Ö + Ö Ö + Ö Ö +    (3.27) 

 

The variations of the parameters ὥ-Ὧ with fluid viscosity ‘ [mPaĀs] identified 

in the steady-state condition are listed in Table 3.3. 

 

 

Table 3.3 

ὥ ὦ ὧ Ὠ 

τȢσ‘ υτ ρρȢτ πȢςσ‘ ςȢψ ρȢυϽρπ‘ ρȢσϽρπ 

Ὡ Ὣ Ὤ Ὧ 

ρȢτϽρπ‘ σȢσϽρπ ψȢχϽρπ‘ πȢπςρ ρȢσϽρπ‘ ρȢωϽρπ πȢτω‘ σ‘ 

 

 

3.3 Modelling and Development of a Rotor Speed Controller 

 

The amount of blood pumped by a LVAD is closely related to the pump 

rotational speed, which is controlled directly by the pump motor current: a 

higher pump speed allows more blood into the circulation. The development 

of an appropriate rotor speed controller is currently one of the challenging 

aspects of the increasing use of VADs. A controller must be reliable, 

physiologically adaptable (Schima, 1992; Olsen, 2000; Boston, 2003) and 

avoid excessive suction that may cause potential myocardial damage 

(Yuhki, 1999; Vollkron, 2006; Ferreira, 2006). The development of such a 

controller requires a mathematical model that takes into account the 

interactions between the LVAD, the left ventricle and the circulation. The 

model should be easy enough to understand but comprehensive enough to 

capture the essential haemodynamic relationships without additional 

unnecessary variables (Simaan, 2009). The suction phenomenon is 

accounted for by adding a nonlinear resistance to the inflow cannula model, 

which becomes active when the left ventricular pressure falls below a certain 

level. A basic model assumes the right ventricle and the pulmonary 

circulation to be normal with negligible effect on the LVAD (Fig. 3.7).  
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Figure 3.7 Electrical analogue of the cardiovascular system. Ὑ  and Ὑ  is 

the mitral and aortic valve resistance; DMV and DAV is the mitral and aortic 

valve diode; Ὑ  and Ὑ  is the characteristic and systemic vascular 

resistance; ὅ  and ὅ  is the left atrial and aortic compliance; ὅ is the 

systemic compliance; ὖ  and ὖ  is the left atrial and ventricular pressure; 

ὖ  and ὖ  is the aortic and arterial pressure; ὒ is the inertance of blood in 

the aorta; ὗ  is the total flow. From: Capoccia M, De Lazzari C. Concepts, 

Mathematical Modelling and Applications in Heart Failure, 2019, Nova 

Science Publishers. 

 

The left ventricle is modelled with the ventricular elastance function Ὁὸ. In 

mathematical terms: 

 

                                    ()
()

()
LV

LV 0

P t
E t

V t V
=

-
                                           (3.28) 

 

where ὠ is the theoretical ventricular volume at zero pressure. 

The elastance function Ὁὸ can be approximated as follows: 

 

                      ()( ) ()H max min n n minE t E E E t E= - Ö +                       (3.29) 

 

where Ὁ ὸ is the elastance of a healthy heart, Ὁ ὸ  is the normalised 

elastance (ñdouble hillò function) represented by the expression 

(Stergiopoulos, 1996): 

 

                      ()
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where ὸ = ὸȾὝ  with Ὕ  = 0.2+0.15ὸ, where ὸ= 60/ὌὙ [s] is the cardiac 

cycle; ὌὙ is the heart rate. Ὁ  (Ὁ ) is related to the end-systolic (end-

diastolic) pressure volume relationship. Figure 3.8 shows a plot of Ὁ ὸ for 

a healthy heart with Ὁ  = 2 mmHg/ml, Ὁ  = 0.06 mmHg/ml and ὌὙ = 60 

bpm.  

The LVAD considered on this occasion is a rotary blood pump (Fig. 3.9) 

where the pressure difference between the left ventricle and the aorta is 

given by the following differential equation: 

 

() () vad
LV AS IN IN vad SU vad vad vad

vad vad
vad vad OUT vad OUT

dQ
P t P t L R Q R Q R Q

dt

dQ dQ
L H R Q L

dt dt

- = Ö + Ö + Ö + Ö +

+ Ö + + Ö + Ö

 (3.31) 

 

In Eq. (3.31), Ὑ  and Ὑ  is the flow resistance of the inlet and outlet 

cannula; ὒ  and ὒ  is the flow inertance of the inlet and outlet cannula; 

Ὑ  and ὒ  is the flow resistance and inertance of the pump; Ὄ  is the 

pressure (head) gain across the pump and ὗ  is the blood flow through the 

pump. The nonlinear time-varying resistance Ὑ  has the form: 

 

                
()

() ()

LV

SU

LV LV

0 P t x
R

P t x P t xa

ë >î
=ì

Öè - ø ¢î ê úí

                     (3.32) 

 

Ὑ  relates to the suction phenomenon, which is zero when the pump is 

operating normally and is activated when ὖ ὸ becomes less than a 

predetermined small threshold ὼ, a condition that represents suction. The 

parameter ‌ is a cannula dependent scaling factor. The values used for the 

suction parameters are ‌ = -3.5 s/ml and ὼ = 1 mmHg. In the model, Ὄ  is 

described as follows: 

 

()
()2

vad

vad

I t
H t

Q
l b w= Ö = Ö                          (3.33) 

 

with suitable parameters ‗ and ‍. Assuming a voltage supply ὠ = 12 V to the 

pump motor, the constant ‗ = 89,944 mmHg·ml/(s·A) for the LVAD. The 

expression for the pump speed ‫ὸ in terms of the pump motor current Ὅὸ 

is the following: 
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()
()

vad

I t
t

Q

l
w

b

Ö
=

Ö
                                                  (3.34) 

where ‍ = 9.9025×10
-7

 mmHg/rpm
2
 (Stergiopoulos, 1996). 

  

 
Figure 3.8 Elastance function Ὁ ὸ of a healthy heart. From: Capoccia M, 

De Lazzari C. Concepts, Mathematical Modelling and Applications in Heart 

Failure, 2019, Nova Science Publishers. 

 
 

Figure 3.9 Electrical analogue of the cardiovascular system with LVAD 

support. The LVAD pumps blood continuously from the left ventricle into the 

aorta. From: Capoccia M, De Lazzari C. Concepts, Mathematical Modelling 

and Applications in Heart Failure, 2019, Nova Science Publishers. 

 

3.4 Control Strategies for Rotary Blood Pumps 

 

The feature of rotary blood pumps currently used in clinical practice is a 

constant speed operation mode, which reduces pulse pressure and the 

pulsatility index over a cardiac cycle. Although successful in unloading the 

heart, control on the cardiac workload is limited as shown by optimisation 

studies of the interaction between rotary blood pumps and the 
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cardiovascular system (Lim, 2010; Lim, 2012a; Lim, 2012b). There is 

perception that reduced arterial pulsatility may be responsible for 

complications including gastrointestinal bleeding, arterial-venous 

malformations, haemolysis, aortic regurgitation and pump thrombosis with 

reduced left ventricular recovery rate (Garcia, 2008; Cheng, 2014). Acquired 

von Willebrand disease may explain these findings (Geisen, 2008; Crow, 

2010a) considering that loss of von Willebrand factor is higher in patients 

supported by continuous-flow LVADs (Malehsa, 2009; Crow, 2010b). 

Therefore, the development of control algorithms to generate pulsatility may 

help decrease the observed adverse events and increase the myocardial 

recovery rate through the delivery of a more physiological pattern.  

Speed modulation has been investigated as a potential solution to optimise 

pulsatility control and cardiac workload (Pirbodaghi, 2012; Pirbodaghi, 

2013). In addition, a preload-based Starling-like controller is being 

developed and proposed as an alternative to pulsatility control (Mansouri, 

2015). Numerical simulations seem to show superiority of a Starling-like 

controller in comparison with pulsatility control and constant speed operation 

during transition from baseline to exercise, blood loss and reduced left 

ventricular function (Mansouri, 2015). The ability to estimate pump flow and 

differential pressure is critical for the development of an automatic, 

physiological control system whose aim is to adapt pump output according 

to the haemodynamic changes that occur in an ambulant patient. The aim of 

the following paragraphs is to give some insights of the mathematics behind 

some of the different physiological control strategies proposed for LVADs 

(AlOmari, 2013).  

 

3.5 Speed Modulation for Pulsatile Control of Rotary Blood Pumps 

 

The rotor speed controller described in the previous paragraph is based on 

the time-varying elastance concept, which may not be completely suitable to 

model the interactions between LVADs and the cardiovascular system 

(Vandenberghe, 2006) as discussed in Chapter 2. The one-fibre model is an 

alternative approach, which relates left ventricular cavity pressure and 

volume with systolic fibre stress and strain in the wall (Arts, 1991). The 

model considers global left ventricular pump function in terms of cavity 

pressure and volume, which are related to local wall tissue function in terms 

of myocardial fibre stress and strain. A fibrous shell model is introduced with 

rotational symmetry of the ventricular wall and homogeneous distribution of 

muscle fibre stress and strain. Based on these assumptions, the ratio of 

muscle fibre stress („  to left ventricular pressure (ὖ  is dependent on the 

ratio of cavity volume (ὠ  to wall volume (ὠ  and is independent of other 
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geometric parameters. In mathematical terms, we obtain the following 

relationship: 

 

                                               
LV W

f LV

P V1
ln 1

3 Vs

å õ
= +æ ö

ç ÷
                             (3.35) 

                                 

A baroreflex component can be added to the one-fibre model in order to 

obtain more accurate simulations of the interaction between LVADs and the 

cardiovascular system taking into account changes in heart rate (Cox, 

2009). This integrated model describes left and right ventricular contraction 

according to the one-fibre model; systemic, pulmonary and coronary 

circulation according to a previously developed and validated lumped-

parameter haemodynamic model (Bovendeerd, 2006); heart rate variability 

according to the baroreflex model (Van Roon, 2004). An overview of the 

main features of this integrated model is given. 

Ventricular pressures are calculated according to Eq. (3.35). The 

intramyocardial pressure ὖ  is calculated in order to model the coronary 

circulation. ὖ  is linearly dependent on the transmural position in the wall: 

ὖ = ὖ  at the endocardial surface and ὖ  = 0 at the epicardial surface. 

Cardiac valves are considered ideal diodes and vessels are modelled with 

constant resistance Ὑ, inertance ὒ and compliance ὅ. Pressure drops are as 

follows: 

 

          
0

R L C

V VdQ
P R Q P L P

dt C
D D D

-
= Ö = Ö =       (3.36) 

 

where ὗ is the flow, ὠ the volume and ὠ is the volume at zero pressure. 

The baroreflex heart rate is modulated by the cardiopulmonary reflex and 

controlled by the vagal and sympathetic system. The baroreceptor activity 

ὄ is transformed into vagal (Ὂ ) and sympathetic (Ὂ ) frequencies as 

follows (Cox, 2009): 

 

                                                       

vag vag b vag

sym sym b sym

F K B D

F K B D

= Ö +

=- Ö +

                 (3.37) 

 

ὑ  and ὑ  convert activity values to frequency values; Ὀ  and Ὀ  

are the vagal and sympathetic outputs when there is no feedback from the 
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baroreceptors. The baroreflex heart rate (Ὢȟ) is a nonlinear combination of 

Ὂ  and Ὂ  as follows: 
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          (3.38) 

 

where  Ὢȟ is the heart rate of a denervated heart, ὧȟ  and ὧȟ  are 

constants. 

The purpose is to evaluate whether pulsatile operation of a rotary blood 

pump is more beneficial than standard fixed pump speed currently used. 

Simulations of pulsatile operation of a continuous-flow LVAD have been 

made for the HeartMate II using the following equation (Cox, 2009): 

 

                                          ( ) ( )pump H pump HQ a P v b PD D= +                 (3.39) 

 

where ὗ  is the pump flow in L/min, ὺ  is the pump speed in 

rpm/1000, Ўὖ  is the pressure head across the pump in mmHg, ὥ and ὦ are 

fitting parameters dependent on Ўὖ  (ὥ = 0.0091Ўὖ   1.4; ὦ = 0.19Ўὖ   

1.9). 

To obtain pulsatile support, a pulsatile speed component ὺ is added to the 

constant pump speed according to the following expression: 
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where ὃ  is the amplitude of the pulsatile speed component, ὸ  is the 

starting time at the end of ventricular contraction and ὸ is the relative time 

within the cardiac cycle, starting at the onset of ventricular contraction. By 

choosing ὸ  equal to the end of ventricular contraction, the pulsatile pump 

speed is highest during ventricular relaxation and lowest during ventricular 

contraction. 

Simulations results show greater increase in cardiac index and coronary 

blood flow during varying speed support compared with constant speed 

support confirming better perfusion. Stroke work and heart rate are 

significantly lower with varying speed support confirming better left 

ventricular unloading in the presence of pulsatile mode (Cox, 2009). 

Although numerical simulations based on the one-fibre model with 

baroreflex component and sinusoidal pump speed variation is a significant 
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improvement compared to the time-varying elastance and confirm the 

beneficial haemodynamic effects of a pulsatile mode, it does not necessarily 

show an improvement in arterial pulsatility. If the pump flow rate is the 

controlled variable with direct dynamic control of the pump output over a 

cardiac cycle, then true pulsatility improvement is observed during varying 

pump speed support (Bozkurt, 2014). Numerical simulations with this 

approach require a baroreflex heart rate control model (Ursino, 1998), 

dynamic modelling of a continuous-flow LVAD (Moscato, 2009) and a 

proportional-integral (PI) flow rate controller for the device (Bozkurt, 2014).  

The baroreflex is modelled with a sigmoidal function and first order linear 

differential equations as follows (Bozkurt, 2014; Ursino, 1998): 
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where „ȟ and „ȟ are the sympathetic and vagal activities with strength 

Ὃȟ and Ὃȟ, time delays Ὀȟ and Ὀȟ and time constants †ȟ and †ȟ; Ὢ  

and Ὢ  are the sympathetic and vagal efferent pathway frequencies; ЎὝ and 

ЎὝ are the sympathetic and vagal stimulations; Ὕ is the heart period in the 

absence of cardiac innervations and ὸ is the instantaneous time. 

The equations for the continuous-flow LVAD (Micromed VAD) are (Bozkurt, 

2014; Moscato, 2009): 

 

pump2

pump 1 pump 2
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dt
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where Ўὖ and ὗ are the pump pressure difference and flow rate; ὒ and Ὑ are 

the pump inertance and resistance; ὑ, Ὧ  and Ὧ  are the estimated 

parameters (Moscato, 2009) and .is the pump rotational speed ‫ 

The proportional-integral (PI) control applied to the pump flow rate is defined 

as (Bozkurt, 2014): 

 

                                   () () ()
t
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where ὑ  is the proportional gain, ὑ is the integral gain, Ὡὸ is the error and 

όὸ is the output of the controller. 

The pulsatility index Ὅ is defined as follows: 
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where ὺ  (ὺ ) is the systolic (diastolic) velocity and ὺ  is the 

mean velocity. 

This type of control strategy leads to increased pump flow during systole 

and reduced flow during diastole with increased arterial pulsatility index 

following adjustment of the pump operational speed without reducing the 

level of support. Suction is unlikely to occur because the left ventricle is 

unloaded in systole with reduced blood flow through the pump in diastole. 

Therefore, the left ventricle is filled in diastole without blood being ejected 

through the pump (Bozkurt, 2014). 

 

3.6 LVAD Modelling with Korakianitis-Shi Model 

 

The Korakianitis-Shi cardiovascular model (Korakianitis, 2006a; Korakianitis, 

2006b) has been successfully applied to study the interactions between the 

cardiovascular system and LVAD support with displacement and rotary 

blood pumps (Shi, 2006; Shi, 2007; Shi, 2011). This is quite an interesting 

numerical model based on the concentrated parameter method where 

individual components are analysed according to flow resistance, vessel 

elasticity and blood inertial effects in each segment (Shi, 2007). Heart valve 

dynamics is a key feature of this model, which takes into account pressure 

difference, frictional force and vortex effect acting on valve leaflets resulting 

in a more accurate description of cardiac response. The LVAD is connected 

in parallel with the native left ventricle with the inlet in the left ventricular 

apex and the outlet to the ascending aorta. Dynamic modelling of the pump 
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is based on flow changes at the inlet and outlet of the device (Shi, 2007). 

Three LVAD support modes are considered for a rotary blood pump 

connected in parallel with the left ventricle: constant flow, counterpulsation 

and copulsation. A rotary pump has no variable chamber volume; therefore, 

LVAD inflow (ὗ ȟ) and outflow (ὗ ȟ) are the same. 

A constant rotational speed generates a constant LVAD flow: 

 

                                           LVAD,i LVAD,o 0Q Q Q= =                                 (3.45) 

 

where ὗ  is the initial value. 

 A lower rotational speed in systole and a higher speed in diastole generate 

a counterpulsation mode as follows: 
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where ὗ  is the pulse value, Ὕ is the heart cycle, Ὕ  is the end of the T 

wave and Ὕ  is the end of the U wave in the ECG signal. 

An offset value where ὗ  = ςὗ  is added to the sine curve to maintain the 

impeller with the same rotational direction during the cardiac cycle and avoid 

regurgitant pump flow, which is likely to occur in the presence of low 

rotational speed (Shi, 2007; Vandenberghe, 2003).  

A higher rotational speed in systole and a lower rotational speed in diastole 

generate a copulsation mode leading to a competitive set up between the 

native left ventricle and the LVAD as follows: 
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where Ὕ  is the onset of the T wave in the ECG signal. 

Again, an offset value is added to maintain the same rotational direction and 

avoid regurgitant pump flow during the cardiac cycle. 
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Two LVAD support modes are considered for a displacement pump where 

inflow and outflow are different during the cardiac cycle due to a variable 

chamber volume. When the pump empties into the aorta during diastole and 

fills during systole, a counterpulsation mode is generated. Therefore, the 

LVAD inlet becomes: 
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and the LVAD outlet becomes: 
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In copulsation mode, the LVAD inlet becomes: 
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and the LVAD outlet becomes: 
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where ὗȟ and ὗȟ is the inlet and outlet flow pulse.  

An alternative option is the reciprocating-valve pump, which is a pulsatile-

type assist device connected in series with the native heart. The flow 

through the device is modelled as follows (Shi, 2007): 
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The pumping motion profile ὼὸ consists of a sinusoidal wave in a cardiac 

cycle as follows (Shi, 2007): 
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          (3.53) 

 

ὃ  is the LVAD sectional area, ὅὗ  is a coefficient, Ὑ  is the LVAD 

resistance, ὢ  is the LVAD displacement. 

Numerical simulations show that rotary blood pumps generate some degree 

of pulsatility, which is significantly lower compared to volume displacement 

pumps although they require the least power input. Rotary and displacement 

pumps connected in parallel (Fig.6.10) need to unload the left ventricle 

completely in order to maintain arterial pressure and cardiac output within 

normal range with potential for aortic leaflets fusion, which can be avoided 

using a reciprocating pump connected in series (Shi, 2007). A feedback 

control can accommodate pump performance according to changes in 

physiological conditions (Shi, 2011b). 

 

 

 

Figure 3.10 Case1 rotary pump, constant flow, in parallel connection; Case 

2 rotary pump, counterpulsation, in parallel connection; Case 3 rotary pump, 

copulsation, in parallel connection; Case 4 displacement pump, 

counterpulsation, in parallel connection; Case 5 displacement pump, 

copulsation, in parallel connection; Case 6 reciprocating-valve pump, 

copulsation, in series connection. From: Capoccia M, De Lazzari C. 

Concepts, Mathematical Modelling and Applications in Heart Failure, 2019, 

Nova Science Publishers. 
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physiological conditions remains a limiting factor. Speed modulation may be 

desirable to achieve pulsatility but optimisation is required to avoid pump 

regurgitant flow, which may decrease pump efficiency significantly (Shi, 

2011a; Shi, 2018). Energy equivalent pressure and pulse pressure are 

useful parameters for the evaluation of blood flow pulsatility (Shepard, 1966; 

Ündar, 2003; Vandenberghe, 2005). Cardiac output and energy equivalent 

pressure decrease with increasing levels of pulsatility ratio leading to the 

development of pump regurgitant flow or inlet suction. Synchronisation 

between LVAD and cardiac cycle shows that a 75% phase shift and a 0.5 

pulsatility ratio or a 42% phase shift and a 0.55 pulsatility ratio generate 

arterial pulse pressure with a magnitude up to 28 mmHg at the expense of 

reduced cardiac output and pump efficiency (Shi, 2010). Optimisation is 

therefore required although difficult to achieve due to vascular impedance 

changes in advanced heart failure (Shi, 2011a). 

Numerical and in vitro simulations comparing in parallel and in series LVAD 

connection with the circulation show superiority of in parallel connection 

between LVAD and ascending aorta (Fig. 3.11) in terms of mechanical 

support; in parallel connection between LVAD and descending thoracic 

aorta (Fig. 3.12) is not optimal due to retrograde flow in the aortic arch 

during high level of support; in series connection between the pump and the 

descending thoracic aorta (Fig. 3.13) shows improved pulsatility and may be 

considered an alternative for long-term support (Rezaienia, 2014; Rezaienia, 

2015; Rezaienia, 2016; Rezaienia, 2017). 

 

 
 

Figure 3.11 In parallel LVAD connection between left ventricle and 

ascending aorta (LV-AA). From: Capoccia M, De Lazzari C. Concepts, 

Mathematical Modelling and Applications in Heart Failure, 2019, Nova 

Science Publishers. 
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Figure 3.12 In parallel LVAD connection between left ventricle and 

descending thoracic aorta (LV-DA). From: Capoccia M, De Lazzari C. 

Concepts, Mathematical Modelling and Applications in Heart Failure, 2019, 

Nova Science Publishers. 

 

  
  

Figure 3.13 In series LVAD connection with the descending thoracic aorta. 

From: Capoccia M, De Lazzari C. Concepts, Mathematical Modelling and 

Applications in Heart Failure, 2019, Nova Science Publishers. 

 

3.7 Starling-like Controller 

 

The response of rotary blood pumps to preload and afterload changes at 

constant rotational speed is unphysiological when compared with the left 

ventricle. Centrifugal pumps like HeartWare and Duraheart show high 

preload sensitivity in the presence of high afterload whereas their high 

afterload sensitivity is equally distributed across a preload range. Axial flow 

pumps have a less uniform behaviour. The HeartMate II shows increased 

preload sensititvity in the presence of low afterload whereas the Incor has a 

more uniform preload and afterload sensitivity across the range used in 

clinical practice (Salamonsen, 2011). 
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Maximum preload sensitivity and minimum afterload sensitivity allow right 

and left ventricular output synchronisation without humoral or neural 

intervention according to the Frank-Starling mechanism. A preload sensitive 

control system would allow the combined LVAD and left ventricle to adapt to 

changes in right ventricular output according to different physiological 

conditions eliminating under- or over-pumping (Salamonsen, 2011; 

Salamonsen, 2012). 

A linear Starling-like controller based on pump flow pulsatility as the 

feedback variable (Salamonsen, 2012) is justified by a linear relationship 

between pump flow pulsatility and left ventricular stroke work (ὒὠὛὡ) as 

long as the aortic valve remains closed (Salamonsen, 2009; Salamonsen, 

2012). Diversion from linearity occurs due to preferential blood ejection 

through the low resistance pathway following opening of the aortic valve. 

The performance of other pulsatility indices such as pressure head, pump 

speed and pump current are significantly worse (Salamonsen, 2012). Flow 

pulsatility is defined as the amplitude of the flow profile through a rotary 

pump whose operating point is on a ñcontrol straight lineò at an angle — with 

the horizontal flow pulsatility axis. According to physiological demand, the 

operation point may divert from the control line requiring modulation of the 

pump rotational speed by the controller to restore the operating point back 

on the control line in a new position (Gaddum, 2014) along a circular path 

defined by the following relationship (Mansouri, 2015): 
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where ὗ  is the desired average pump flow, ὗ  is the mean pump flow 

provided by the model and ὖὍὗ  is the pump flow pulsatility. 

Pump pulsatility is related to left ventricular contraction. In the presence of 

severe left ventricular dysfunction, there are no major changes in pulsatility 

with small dynamic range of the pulsatility index and limited ability as a 

control input. 

A preload-based Starling-like controller using left ventricular end diastolic 

pressure (ὖ ȟ ) as the feedback variable is safer and more effective (Fig. 

6.14) (Mansouri, 2015). The control line is generated by a cubic function 

relating ὗ  and ὖ ȟ  as follows (Gaddum, 2014; Mansouri, 2015): 
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where ὑ is a scaling factor reflecting the ability of the controller to adapt to 

changes in ὖ ȟ  and the circulation and ὖ ȟ  is the left ventricular end 

diastolic pressure provided by the model. 

Mean pump flow is regulated according to the measured ὖ ȟ  using a 

predefined control line reflecting the status of the circulation at each instant. 

Preload sensitivity for individual patients is modified by changing the scaling 

factor ὑ as a means of altering pump sensitivity to changes in ὖ ȟ . Due to 

its shape, a single preload control line enables a major decrease in flow at 

low left ventricular preload to avoid suction and limit increases at high 

preload to avoid overpumping (Mansouri, 2015). The in vitro evaluation of a 

preload-based Starling-like controller confirms its superiority compared to 

constant speed control (Mansouri, 2017; Stephens, 2017) as shown by 

numerical simulation (Mansouri, 2015; Salamonsen, 2012). 

 

 
 

Figure 3.14 Schematic representation of the Frank-Starling controller. CL1 

and CL2 are control lines. SR1 is the initial system response; SR2 and SR3 

are the diverted system responses. A circle at the intersection between the 

control line and the initial system line is the original position of the operating 

point (OP). A circle on the SR2 or SR3 line joined by an arrow is the diverted 

position of OP. A circle at the intersection between the SR2 or SR3 line and a 

control line is the position of OP when returned to the control line. From: 

Capoccia M, De Lazzari C. Concepts, Mathematical Modelling and 

Applications in Heart Failure, 2019, Nova Science Publishers. 
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may lead to underpumping or overpumping (suction) with potentially harmful 

consequences on the long-term such as right ventricular dysfunction, 

arrhythmias and organ hypoperfusion (Tchantchaleishvili, 2017). There is no 

doubt that active control strategies would improve synchronisation between 

LVAD and the cardiovascular system and would allow rotary blood pumps 

achieve their full potential. Although still at a developing stage, significant 

progress is being made towards their clinical application (Kishimoto, 2013; 

Arakawa, 2014; Ochsner, 2017; Petrou, 2017; Grinstein, 2018).  

A control strategy should be considered according to patientôs need. 

Modulation by preload achieves superior volume unloading and it may be 

the ideal approach for myocardial recovery whereas asynchronous 

modulation achieves superior pulsatility and it may be more suitable in an 

acute setting such as cardiogenic shock where pulsatility and sensorless 

pump speed modulation would be beneficial. Direct measurement of preload 

with left ventricular end-diastolic pressure seems to offer greatest potential 

compared to estimates through surrogates such as central venous pressure, 

right atrial pressure, pulmonary artery pressure, pulmonary capillary wedge 

pressure and left atrial pressure. Therefore, the use of passive or battery-

operated implantable sensors may well be the way forward 

(Tchantchaleishvili, 2017).  

 

3.9 Chapter Summary 

 

Device optimisation is usually based on CFD simulation and experimental 

validation under steady conditions for convenience. Nevertheless, the role 

played by fluid forces and the importance of the flow derivative has been 

acknowledged. Modelling requires assumptions to reduce complexity and 

computational effort. This aspect needs to be taken into account following 

the interpretation of results. The hydraulic component plays a significant role 

in the whole context. The time-varying elastance and the electric circuit 

theory have been applied successfully. Criticism related to the suitability of 

the time-varying elastance during LVAD support has seen the application of 

alternative approaches such as the one-fibre model and the Korakianitis-Shi 

model. The right heart and the pulmonary circulation are assumed to be 

normal with negligible effect on the LVAD. A constant rotational speed is the 

current setting in clinical practice with appropriate unloading achieved at 

high speed with potential for myocardial damage due to suction. A pulsatile 

mode with low pump speed in systole and high pump speed in diastole 

(counterpulsation pattern) would be more appropriate. Speed modulation to 

optimise pulsatility control and cardiac workload requires a modelling 
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approach that takes into account the LVAD interaction with the left ventricle 

and the circulation. Suction is accounted for by adding a nonlinear 

resistance. A preload-based Starling-like controller which emulates the 

natural physiological mechanism has been proposed as an alternative. 

Significant modelling effort is being pursued to develop active control 

strategies to improve synchronisation between LVAD and the cardiovascular 

system and allow rotary blood pumps achieve their full potential. 
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4 Computational Fluid Dynamics Analysis of Rotary Blood 

Pumps 

 

4.1 Introduction 

 

Computational fluid dynamics (CFD) is widely used in the design and 

development of ventricular assist devices. CFD is a convenient and efficient 

method for the analysis of pressure-flow performance of the device, 

hydraulic efficiency, flow profile through the pump and fluid stress levels 

(Wood, 2005). Significant progress in blood modelling has made CFD a 

powerful approach for the estimation of flow-induced blood damage. 

Information such as location and extent of stagnation zones, local shear 

stress and exposure time of red blood cells can be correlated to the degree 

of haemolysis and thrombus formation. Pump optimisation can be achieved 

according to blood-specific requirements. Although computational resources 

for CFD studies can be very demanding, this technique is time-saving and 

cost-effective because significantly reduces experiments and prototype 

building. In addition, it can address the exact flow features inside the device 

with a view to design and performance enhancement (Behbahani, 2009). 

CFD is a very attractive tool in VADs development because it allows the 

virtual analysis of functional performance of different designs for a wide 

range of operating conditions. Different approaches have been used but 

controversy still remains (Fraser, 2011; Lopes, 2017). VADs operate in the 

transitional region at the boundary of laminar and turbulent flow (low 

Reynolds number). Blood behaviour during this transition remains not 

completely understood and difficult to simulate. Assuming a Newtonian 

behaviour for the blood and neglecting the influence of red blood cells 

(RBCs) is convenient for the purposes of simulations but it may lead to 

incorrect predictions during the transition phase. This is a key aspect for the 

design of blood recirculation devices with the aim to minimise blood damage 

and reduce potential for thrombosis enhanced by blood recirculation 

regions. Shear-thinning rheology may have to be taken into account to 

accurately model transitional blood flow in recirculation devices (Kelly, 

2020). This aspect will be further discussed later in this chapter. Simulations 

for continuous flow VADs are usually performed under steady flow 

conditions where the inlet boundary is set to a specific steady velocity profile 

while the outlet boundary is fixed at a steady pressure. The actual unsteady 

boundary conditions will be dependent on the flow from the heart and the 

aortic pressure, which are the result of the interactions between the device 

and the cardiovascular system (Fraser, 2011). The study of the interactions 

between LVADs and the whole cardiovascular system with a 3D CFD model 
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is highly demanding although limited parts of the assisted circulation have 

been developed with this method (Bazilevs, 2009; Marsden, 2014; Morris, 

2016). The flow pattern in most regions of rotary blood pumps is turbulent 

because of the disturbance caused by the rotating impeller. The choice of a 

turbulence model is important for the outcome of the simulation but remains 

a controversial issue when applied to rotary blood pumps (Song, 2003a). 

None of the available turbulence models is universally recognised as being 

superior for all classes of problems. The choice depends on the physics of 

the flow, the established practice for a specific type of problem, the level of 

accuracy required, the available computational resources and the amount of 

time required for the simulation.  

 

4.2 Turbulence Models for CFD Analysis of Rotary Blood Pumps 

 

The Reynolds number (ὙὩ) is the criterion used to determine whether flow is 

laminar (low ὙὩ), transitional (increasing ὙὩ) or turbulent (higher ὙὩ). In 

mathematical terms, it is defined as: 

 

ὙὩ =                (4.1) 

 

where ” is the fluid density, ὺ is the fluid velocity, ὰ is the length of the 

system and ‘ is the fluid viscosity.   

Turbulence is the three-dimensional unsteady random motion observed in 

fluids at moderate to high Reynolds numbers (ANSYS Fluent Userôs Guide, 

2016). Instantaneous fluctuations of mass, momentum and scalar quantities 

are unpredictable and irregular in time and space. Turbulence is a classical 

multi-scale problem and the most challenging area in fluid dynamics 

(Menter, 2011). Although it remains a limiting factor for the resolution 

capabilities of even the most powerful parallel computers, an approximate 

solution of the Navier-Stokes equations is usually sufficient for most 

applications. Turbulence modelling is an attempt to develop general 

methods to achieve this outcome. Different methods are available to make 

turbulence computationally more approachable. 

Direct numerical simulation (DNS) of the full unsteady Navier-Stokes 

equations resolves the whole spectrum of scales and no modelling is 

required. The disadvantage of this method is related to the prohibitive high 

computational cost and can be applied only to very low ὙὩ numbers with 

simple and limited geometries (Moser, 1999; Rudman, 2006; Vreman, 

2014). Therefore, an averaging procedure has to be applied to the Navier-

Stokes equations to reduce complexity. Reynolds-averaged Navier-Stokes 
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equations (RANS) are formulated in terms of time-averaged flow field 

(velocity, pressure, density and temperature) and all turbulent length scales 

are modelled. The elimination of turbulence fluctuations makes the 

equations amenable to CFD analysis on a desktop computer. Nevertheless, 

the averaging process introduces additional unknown terms into the 

transport equations (Reynolds stresses and fluxes) requiring turbulence 

closure by a suitable model able to provide a link between the mean velocity 

field and Reynolds stresses. The RANS concept addresses turbulence as a 

whole focusing on mean flow only without attempting to resolve turbulent 

structures in time and space (Menter, 2011). RANS models achieve high 

accuracy in computation of wall-bounded flows. Increased accuracy 

requirements and more shape complexity need turbulence models able to 

predict flow separation from smooth surfaces under adverse pressure 

gradients and allow for integration to the wall. Low-Reynolds numbers or 

viscous sublayer models (VSM) are suitable for this purpose (Kalitzin, 2005; 

Popovac, 2007). Besides, the impact of the scale equation is also important 

with particular reference to wall boundary layers. More specifically, the ‐- 

equation has been successfully applied to CFD simulations, often in 

combinations with wall functions, but shows a weak response to adverse 

pressure gradients with a strong tendency to miss or under-predict 

separation. Instead, the equation offers a more accurate and robust -‫ 

modelling framework for boundary layers (Menter, 2011). This is related to 

the built-in elliptic relaxation of the k-model. Near the wall, for constant ‫ 

viscosity ‘, the :equation becomes -‫ 

 

‘  = ‍”‫                (4.2) 

 

Equation (4.2), combined with the values specified for ,at the wall ‫ 

efficiently communicates the wall presence to the flow in the near-wall 

region without the need for additional transport equations or damping 

functions (Menter, 2011). Despite its strength, the equation has shown a -‫ 

disturbing sensitivity to free-stream values imposed for at the boundary ‫ 

layer edge through the inlet values (Menter, 1992; Menter, 2009). This has 

been overcome by combining the advantages of the ‐- and equation -‫ 

(Menter, 1994) leading to the baseline (BSL) model formulation, which is 

closely related to the shear stress transport (SST) model. The SST model 

provides the best agreement against experimental data in view of its ability 

to accurately predict flow separation under pressure gradients present in 

many technical devices (Menter, 2011). In addition, the equation is -‫ 
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appropriate when combined with laminar-turbulent transition modelling 

(Menter, 2006; Menter, 2009). Reynolds stress models (RSM) solve an 

individual equation for each of the six independent Reynolds stresses 

directly and a scale equation (‐- or equation). Although RANS remains the-‫ 

most widely used modelling approach because of steady state simulations 

and computationally not expensive, scale-resolving simulation (SRS) models 

are being increasingly considered for certain flows where all or part of the 

turbulence spectrum is resolved in at least a portion of the numerical domain 

(Menter, 2011; Menter, 2015). Their use is justified by the potential for 

improved accuracy when the resolution of the largest eddies is important or 

when unsteady data is needed. Nevertheless, they are computationally 

expensive and a higher grid resolution is required. In addition, unsteady 

simulations with small time steps generate long run times (days instead of 

hours or minutes). Large Eddy Simulation (LES) is the most widely used 

SRS model. This method resolves only the large scales of turbulence 

(problem-dependent and difficult to model) and models the small scales 

(more universal and isotropic and easier to model). LES filters the Navier-

Stokes equations over a finite spatial region (the grid volume) and aims at 

resolving the portions of turbulence larger than the filter width. Turbulence 

structures smaller than the filter are then modelled according to a simple 

eddy viscosity approach. It is easier to resolve the largest turbulence scales 

for free shear flows as they are of the order of the shear layer thickness. In 

contrast, in wall boundary layers the turbulence length scale near the wall 

becomes very small relative to the boundary layer thickness. This is a 

severe limitation for the use of LES. Therefore, hybrid models would be an 

appropriate choice where large eddies are resolved only away from walls 

and the wall boundary layers are addressed with a RANS model. Examples 

are Detached Eddy Simulation (DES) (Spalart, 2000) or Scale-Adaptive 

Simulation (SAS) (Menter and Egorov, 2010). More recent developments 

consist of the Shielded Detached Eddy Simulation (SDES) and the Stress-

Blended Eddy Simulation (SBES) proposed by ANSYS turbulence team 

(Menter, 2015). 

RANS two-equation models (Ὧ-‐ and Ὧ-have been extensively used to (‫ 

model the haemodynamic behaviour in rotary blood pumps. A more detailed 

description of these models and their different forms is given in order to 

better understand their application to the study of the interaction between 

rotary blood pumps and the cardiovascular system. 

 

4.3 RANS Models 
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The focus will be on those models with specific application to blood 

recirculation devices. Turbulence models give more accurate results than 

the laminar model. The use of Ὧ-‐ and Reynolds stress models (RSM) have 

been considered suitable for the study of flow behaviour in circulatory assist 

devices (Zhang, 2013). More specifically, a Ὧ-model seems more ‫ 

appropriate for a centrifugal pump (Song, 2003a) and a Ὧ-‐ model for an 

axial flow pump (Throckmorton, 2008).  

These models are based on the Reynolds-averaged Navier-Stokes (RANS) 

equations as follows: 

 

”ό  = 0               (4.3) 

 

”ό ”όό  = ‘ ‏

”όό                 (4.4) 

 

The Reynolds stresses ”όό  are additional terms representing the 

effects of turbulence and must be modelled to close equation (4.4). The 

Boussinesq hypothesis allows this step by relating the Reynolds stresses to 

the mean velocity gradients as follows: 

 

 ”όό = ‘ ”Ὧ ‘ ‏            (4.5) 

 

The Ὧ-‐ and the Ὧ-models are based on the Boussinesq hypothesis. The ‫ 

advantage of this approach is the relatively low computational effort to 

address the turbulent viscosity ‘. Two additional transport equations are 

solved for the Ὧ-‐ and the Ὧ-,models (for the turbulence kinetic energy, Ὧ ‫ 

and either the turbulence dissipation rate, ‐, or the specific dissipation rate, 

‘ and (‫  is computed as a function of Ὧ and ‐ or Ὧ and The .‫ 

disadvantage of the Boussinesq hypothesis is the assumption that ‘ is an 

isotropic scalar quantity, which is not strictly true. Nevertheless, this works 

very well for shear flows dominated by only one of the turbulent shear 

stresses (ANSYS Fluent Theory Guide, 2016). 

 

4.4 The ▓-Ⱡ Model 

 

The standard Ὧ-‐ model has been widely used for practical engineering flow 

calculations since its introduction (Launder and Spalding, 1972; Launder 
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and Spalding, 1974). The standard Ὧ-‐ turbulence model has been widely 

used in CFD simulations of rotary blood pumps (Chua, 2005; Anderson, 

2000a; Anderson, 2000b; Song, 2004a; Miyazoe, 1999). The Ὧ-‐ model is a 

semi-empirical approach based on transport equations for the turbulence 

kinetic energy Ὧ and its dissipation rate ‐. The transport equation for Ὧ is 

derived from the exact equation, while the transport equation for ‐ is 

obtained by physical reasoning. It is a popular turbulence model in view of 

its robustness, computational economy and sufficient accuracy for a wide 

range of flows in industrial applications. In contrast, it is based on the 

assumption that the flow is fully turbulent and the effects of molecular 

viscosity are negligible. Therefore, the standard Ὧ-‐ model is valid only for 

high ὙὩ turbulent flows (ANSYS Fluent Theory Guide, 2016). In view of its 

weaknesses (Mizunuma, 2007), modifications have been introduced in order 

to improve its performance such as the renormalisation group (RNG) Ὧ-‐ 

model (Yakhot, 1986; Yakhot, 1992) and the realisable Ὧ-‐ model (Shih, 

1995). The turbulence kinetic energy Ὧ and its rate of dissipation ‐ are 

obtained from the following transport equations (Wilcox, 1998): 

 

”  + ”ό  = † ”‐ ‘                              (4.6)  

 

and 

 

”  + ”ό  = ὅ † ὅ ” ‘            (4.7)  

 

where ” is the fluid density; ‘ is the fluid viscosity.  

The turbulent (or eddy) viscosity ‘  is obtained combining Ὧ and ‐ as 

follows: 

 

‘ = ”ὅ                                                                                              (4.8)                            

 

The closure coefficients have the following values (Launder and Spalding, 

1972): 

 

ὅ  = ρȢττ; ὅ  = ρȢως; ὅ = πȢπω; „ = ρ; „ = ρȢσ                 (4.9) 

 

The known limitations of the standard Ὧ-‐ model are: (i) poor performance 

for flows with larger pressure gradient, strong separation, high swirling 
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component and large streamline curvature; (ii) inaccurate prediction of the 

spreading rate of round jets; (iii) excessive production of Ὧ in regions with 

large strain rate such as stagnation points, resulting in very inaccurate 

predictions. 

To overcome these limitations, the RNG k-‐ model has been developed by 

refining the initial renormalisation group (RNG) approach (Yakhot, 1986), 

based on the elimination of small scales which are assumed to be isotropic, 

with scale expansions for the Reynolds stress and production of dissipation 

terms (Yakhot, 1992). The additional expansion parameter (– ὛὑȾ‐Ӷ) is the 

ratio of the turbulent to mean strain time scale. The differential relation 

expressing total viscosity ’ in terms of the kinetic energy ὑ and the mean 

dissipation rate ‐Ӷ is (Yakhot, 1986): 

 

Ὠ Ⱦ = ρȢχςψψ’ Ⱦ Ὠ’Ƕ                            (4.10) 

 

where 

 

’Ƕ =                    (4.11) 

  

ὣ = ’Ƕ ὅ ρ Ⱦ               (4.12)   

 

When ’Ⱦ’ ḻ 1, the solution to Equation (4.10) is: 

 

 ’ = ὧὑȾ‐Ӷ                (4.13) 

 

with ὧ = 0.0837, which is quite close to the experimentally determined 

coefficient ὧ = 0.09.  

At high Reynolds number, the transport equation for the mean dissipation 

rate ‐Ӷ becomes (Yakhot, 1986): 

 

ό  = ὖ ρȢχςρυ ‌’                                   (4.14) 

 

with  

 

ὖ = ρȢπφσ†Ӷ               (4.15) 
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At low Reynolds number, the transport equation for the mean dissipation 

rate ‐Ӷ becomes (Yakhot, 1986): 

 

ό  = ὖ ὥ ὦ ‌’            (4.16) 

 

with  

 

ὖ = πȢπψψψω†Ӷ             (4.17) 

Ὠ Ⱦ = πȢψςφχȾ               (4.18) 

Ὠ
Ⱦ

 = πȢυχφτ
Ⱦ

                      (4.19) 

 

The main difference between the RNG and the standard Ὧ-‐ model is the 

additional dissipation term ד in the dissipation rate transport equation 

(Yakhot, 1992): 

 

 = ד
ϳ

                         (4.20) 

 

where  – = 4.38, ‍ = 0.012.              (4.21) 

 

The crucial constrain is satisfied when ‐ӶO π leading to דᴼπ. 

In the limit of weak strains where –O π (Yakhot, 1992): 

 

–ḗ ὅ ד ᴼπ                                                                  (4.22) 

 

In the limit of strong strains where –O Њ (Yakhot, 1992): 

 

 ḗ  , which becomes singular           (4.23) ד

 

The increased responsiveness to the effects of rapid strain and streamline 

curvature explains the superior performance of the RNG model compared to 

the standard Ὧ-‐ model.     

The realisable Ὧ-‐ model is an additional variant, which contains an 

alternative formulation for the turbulent viscosity and a modified equation for 

the dissipation rate ‐ derived from an exact equation for the transport of the 

mean square vorticity fluctuation (Shih, 1995). Combining the Boussinesq 
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relationship (equation 7.5) and the eddy viscosity definition (equation 7.8), 

the following expression for the normal Reynolds stress in an 

incompressible strained mean flow is obtained: 

 

ό = Ὧ ς’                  (4.24)   

 

The realisable Ὧ-‐ model adopts a new formulation for the eddy viscosity 

involving the original variable ὅ  (Reynolds, 1987) and a new model 

equation for the dissipation, ‐, based on the dynamic equation of the mean-

square vorticity fluctuation. One limitation of the realisable Ὧ-‐ model is the 

generation of non physical turbulent viscosities in settings when the 

computational domain contains both rotating and stationary fluid zones 

(multiple reference frames and rotating sliding meshes). This is related to 

the inclusion of the effects of mean rotation in the definition of the turbulent 

viscosity. 

The realisable Ὧ-‐ model has been extensively validated for a wide range of 

flows including rotating homogeneous shear flows, free flows and separated 

flows (Shih, 1995; Kim, 1997). Bearing in mind equation (7.8) for the eddy 

viscosity, the key difference between the realisable Ὧ-‐ model and the other 

two models is that ὅ is not a constant and its expression is (Shih, 1995): 

 

ὅ = ᶻ                       (4.25) 

 

where 

 

Ὗᶻḳ ὛὛ                         (4.26) 

 

with 

 

   =   ς‐ ‫                  (4.27) 

 

   =   ‐ ‫                        (4.28)      

 

where    is the mean rate-of-rotation tensor viewed in a moving reference 

frame with angular velocity ‫ . The value for the model constants is: 
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ὃ = τ  ὃ = ЍφÃÏÓ‰                     (4.29) 

 

where 

 

‰ = ÃÏÓЍφὡ                (4.30)  

 

ὡ =                   (4.31)   

 

Ὓ = ὛὛ                    (4.32)  

 

ὅ is a function of the mean strain and rotation rates, the angular velocity of 

the system rotation, and the turbulence fields Ὧ and ‐.  

 

4.5 The ▓-ⱷ Model 

 

The standard Ὧ-model is an empirical model (Wilcox, 1998), subsequently ‫ 

modified (Wilcox, 2008), which takes into account the effects of a low 

Reynolds number, compressibility and shear flow spreading. The 

disadvantage is its strong sensitivity to free-stream conditions (Menter, 

2009). The model is based on transport equations for the turbulence kinetic 

energy, Ὧ, and the specific dissipation rate, which can be considered as ,‫ 

the ratio of ‐ to Ὧ.  

The mathematical formulation of the model equations is as follows (Wilcox, 

1998): 

 

 ”
‬Ὧ

‬ὸ
”όὮ

‬Ὧ

‬ὼὮ
 = † ‍ᶻ”Ὧ‫ ‘ „ᶻ‘                 (4.33) 

 

and 

 

 ”
‬‫

‬ὸ
”όὮ

‬‫

‬ὼὮ
 = ‌ † ‍”‫ ‘ „‘             (4.34) 

 

The turbulent viscosity, ‘ , is derived by combining Ὧ and :as follows ‫ 

 

‘ =                          (4.35)   

 

The values for the closure coefficients are: 
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‌ = 5/9; ‍ = 3/40; ‍ᶻ = 9/100; „ = 1/2; „ᶻ = 1/2          (4.36) 

 

The baseline (BSL) Ὧ-model (Menter, 1994) is another variant, which ‫ 

combines the robust and accurate formulation of the Ὧ--model in the near ‫

wall region with the free-stream independence of the Ὧ-‐ model in the outer 

part of the boundary layer. Therefore, the Ὧ-‐ model is converted into a Ὧ-‫ 

formulation. Then, the standard Ὧ-model and the transformed Ὧ-‐ model ‫ 

are multiplied by a blending function and added together. The blending 

function equals one in the near-wall region, which activates the standard Ὧ-‫ 

model, and zero away from the surface, which activates the transformed Ὧ-‐ 

model. The BSL model also includes an additional cross-diffusion term in 

the ,equation. Finally, the modelling constants are different (Menter -‫ 

1994). The equations are as follows (Menter, 1994; Menter, 2009): 

 

” ”ό  = † ‍ᶻ”‫Ὧ ‘ „‘             (4.37) 

 

” ”ό  = † ‍”‫ ‘ „‘

ςρ Ὂ ”„                                 (4.38) 

 

The shear-stress transport (SST) Ὧ-model (Menter, 1994; Menter, 2009) ‫ 

accounts for the transport of the turbulence shear stress and therefore it is 

more accurate and reliable for a wider class of flows compared to the 

standard and baseline models. . A production limiter is used in the SST 

model to prevent the development of turbulence in stagnation regions 

(Menter, 2009). 

The (SST) Ὧ-model is based on the same equations but different constant ‫ 

coefficients. Additional modifications include the use of the strain rate Ὓ in 

the definition of eddy viscosity ’ and the use of a factor 10 in the production 

limiter as follows (Menter, 2009): 

 

’ = 
 ȟ

             (4.39) 

 

Ὓ = ςὛὛ                    (4.40) 

 

Ὂ = ÔÁÎÈÍÉÎÍÁØ
Ѝ
ᶻ ȟ ȟ          (4.41) 
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Ὂ = ÔÁÎÈÍÁØ
Ѝ
ᶻ
ȟ            (4.42) 

 

ὅὈ  = ÍÁØ ς”„ ȟρπ           (4.43) 

 

where Ὧ is the turbulence kinetic energy, is the turbulence frequency, ώ is ‫ 

the distance to the nearest wall, Ὓ is the invariant measure of the strain rate, 

” is the density and ό is the flow velocity. Ὂ and Ὂ are blending functions, 

which equal zero away from the surface and one inside the boundary layer. 

Another model enhancement is the inclusion of the effects of streamline 

curvature and system rotation (Smirnov and Menter, 2009). 

 

4.6 The Reynolds Stress (RSM) Model 

 

The RSM model is based on the transport equations for the individual 

Reynolds stress anisotropies in contrast to the Boussinesq hypothesis. It is 

also named as second-order closure model where the second order 

correlations for the fluctuating velocity components are computed whilst the 

higher correlations are modelled. Six additional partial differential equations 

are solved to describe Reynolds stresses and the flow properties. The extra 

transport equations include terms for production, dissipation, diffusion, 

turbulent pressure-strain interactions and rotations (Chipongo, 2020; Wallin 

and Johansson, 2000; Bosco, 2009). The transport equation for the 

Reynolds stresses Ὑ  can be written as follows (Bosco, 2009): 

 

”ӶὙ ”ӶὟὙ  = ”Ӷὖ ”ӶБ ”Ӷ‭ ”ӶὈ ”Ӷὓ     (4.44) 

 

where 

 

”Ӷὖ  = ”ӶὙ ”ӶὙ              (4.45) 

 

is the production term, which does not need modelling because it depends 

on quantities requiring an equation to be solved. The other terms require 

modelling and they are identified as follows: 

 

”ӶБ  = ὴ
ͼ ͼ

 is the redistribution term;           (4.46) 
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”Ӷ‭  = †
ͼ

†
ͼ

  is the destruction term           (4.47) 

 

”ӶὈ  = ”όͼόͼόͼ ὴόͼ‏ ὴόͼ‏ †όͼ ὸόͼ  is 

the diffusion term                          (4.48) 

 

”Ӷὓ  = όͼ
Ӷ
όͼ

Ӷ
 is the contribution of the turbulent mass 

flux due to the compressibility effects.            (4.49) 

 

Despite the additional complexity and increased computational power 

requirements, the RSM model does not show significant improvement or 

advantage in comparison to other RANS models (Chipongo, 2019). 

                                    

4.7 Laminar-Turbulent Transition Model  

 

The Transition SST model (also known as ‎-ὙὩ model) solves two 

additional transport equations and includes experimental correlations to 

trigger the onset of transition. This model has been validated against a wide 

range of experimental data and used successfully in many industrial CFD 

simulations (Menter, 2011). The transition SST model is only applicable to 

wall-bounded flows. 

 

4.8 Scale-Resolving Simulation (SRS) Models 

 

SRS models enable a portion of the turbulence spectrum to be resolved in at 

least a portion of the numerical domain. Some of these models are 

described below. 

 

4.8.1 Large Eddy Simulation (LES) 

 

LES resolve large turbulent structures in space and time down to the grid 

limit everywhere in the flow. LES modelling requires excessive high 

resolution for wall boundary layers. The largest scales in the turbulent 

spectrum are geometrically very small near the wall and require a very fine 

grid and a small time step. Unlike RANS, the grid cannot be refined only in 

the wall normal direction but must also resolve turbulence in the wall parallel 

plane. This can be achieved only for flows at very low Reynolds number and 

on very small geometric scales. Therefore, LES modelling is recommended 

for flows where boundary layers are not relevant without the need to be 

resolved or for flows where the boundary layers are laminar due to a low 

Reynolds number. LES falls between DNS and RANS in terms of the 
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fraction of the resolved scales. Resolving only the large eddies allows the 

use of much coarser mesh and larger time-step sizes in LES than in DNS. 

Nevertheless, LES still requires significantly finer meshes than those used 

for RANS calculations. Therefore, LES modelling is computationally far more 

expensive than steady RANS calculations and requires high-performance 

parallel computing (ANSYS Fluent Theory Guide, 2016).   

LES filters the Navier-Stokes equations over a finite spatial region (the grid 

volume) and aims at resolving the portions of turbulence larger than the filter 

width. Turbulence structures smaller than the filter are then modelled 

according to a simple eddy viscosity approach (Menter, 2015). 

The filtering operation is defined as: 

 

 l= ᷿ ˡὼᴆὋὼᴆ ὼᴆὨὼᴆ                    ᷿ Ὃὼᴆ ὼᴆὨὼᴆ = 1     (4.50) 

 

where Ὃ is the spatial filter. If density fluctuations are neglected, filtering the 

Navier-Stokes equations gives the following form: 

 

 = †Ӷ †                              (4.51) 

 

The equations have an additional stress term due to the filtering operation: 

 

†  = ”ὟὟ ”ὟὟ                                 (4.52)    

 

Although derived in a different way, the additional sub-grid stress tensor is 

modelled as in RANS using an eddy viscosity model: 

 

†  = ‘                 (4.53) 

 

The practical implication of this approach is that the modelled momentum 

equations for RANS and LES are identical if an eddy viscosity model is used 

in both cases. The only information obtained from the turbulence model is 

the level of the eddy viscosity (Menter, 2015). The aim of LES modelling is 

to provide sufficient damping for the smallest (unresolved) scales based on 

a simple algebraic formulation. The most widely used LES model is the 

following (Smagorinsky, 1963):  

 

‘ = ”ὅЎ Ὓ             (4.54) 
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where Ў is a measure of the grid spacing the numerical mesh, Ὓ is the strain 

rate scalar and ὅ is a constant. The disadvantage of the Smagorinsky 

model is that its eddy-viscosity is not zero for laminar shear flows (‬Ὗ‬ώϳ

π). Therefore, a near-wall damping function is required in the viscous 

sublayer. A LES formulation which gives zero eddy-viscosity for simple 

laminar shear flows is more appropriate, particularly in the context of flows 

with laminar turbulent transition where the Smagorinsky model negatively 

affects the laminar flow (Menter, 2015). The WALE (Wall-Adapting Local 

Eddy-viscosity) model and dynamic LES give this option. The simplicity of 

equation (7.54) suggests that LES models may not provide a highly accurate 

representation of the smallest scales. Modelling the dissipation of the 

smallest resolved scales is a more appropriate target for LES. If Ὁ  ̋is the 

turbulence energy as a function of wave number ,̋ small  ̋values represent 

large eddies and large  ̋values represent small eddies. Turbulence is 

dissipated into heat at the smallest scales by viscosity in in a fully resolved 

simulation (DNS) as follows: 

 

‐  = ’               (4.55) 

 

where ’ is a very small kinematic molecular viscosity. The dissipation ‐  

maintains a finite value as the velocity gradients of the smallest scales are 

very large. 

LES computations are usually performed on numerical grids that are too 

coarse to resolve the smallest scales. Therefore, the velocity gradients of 

the smallest resolved scales in LES are much smaller than those at the DNS 

limit. The molecular viscosity is not enough to provide the correct level of 

dissipation, which is achieved by increasing the viscosity using an eddy-

viscosity as follows: 

 

‐  = ’                        (4.56) 

 

LES does not model the influence of unresolved small scale turbulence on 

the larger resolved scale but the dissipation of turbulence into heat (Menter, 

2015). 

LES modelling may be suitable for low Reynolds numbers where wall 

boundary layers are likely laminar and turbulence occurs only in separated 

shear layers and detached flow regions. If the turbulence to molecular 
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viscosity ratio R (‘ ‘ϳ ) is low inside the boundary layers, then laminar flow is 

a reasonable assumption and no resolution of near-wall turbulence is 

required (Menter, 2015).   

 

4.8.2 Scale-Adaptive Simulation (SAS)  

 

SAS models behave like standard RANS models in steady flows but they 

allow formation of a broadband turbulence spectrum for certain types of 

unstable flows (Rotta, 1972; Menter and Egorov, 2010; Egorov, 2010). This 

method is based on the von Karman length scale ὒ , which allows 

adjustment to resolved structures in the simulation and reduction of the eddy 

viscosity. The SAS model relies on instability of the flow to generate 

resolved turbulence; in the absence of instability, the model remains in 

RANS mode (Menter, 2011; Menter, 2015). The original SAS model (Menter 

and Egorov, 2010) is based on a two-equation approach with the variable ʌ 

= ЍὯὒ for the scale equation (Menter, 2015): 

 

 = ὖ ὧ
ϳ
”
ˡ

            (4.57) 

 

ˡ
 + 

ˡ
 = 
ˡ
ὖ ‒ ‒ ‒”Ὧ

ˡ

ˡ
          (4.58) 

 

ὒ  = ə ;  Ὗ Ὓ ςὛὛ ;  Ὗ ;  Ὓ ;  

ὒ
ˡ

Ѝ
                (4.59) 

 

The ὒ  term can be transformed and implemented into any other scale-

defining equation resulting in SAS capabilities. The SAS model remains in 

steady RANS mode for wall bounded flows but switches to SRS mode in 

flows with large and unstable separation zones (Menter, 2015). 

 

4.8.3 Detached Eddy Simulations (DES) 

 

DES is a hybrid formulation that switches between RANS and LES based on 

the grid resolution provided. The wall boundary layers are completely 

addressed by the RANS model while the free shear flows away from the wall 

are computed in LES mode. 

The two-equation formulation is: 

 

+  = ὖ ”
ϳ

 ȟ Ў
‘           (4.60) 
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ὒ = 
ϳ

 = 
Ѝ
ᶻ

              (4.61) 

 

The model runs in RANS mode for attached flow regions but it switches to 

LES mode in detached regions away from the wall (Menter, 2015).  

 

4.8.4 Wall-Modelled LES (WMLES) 

 

WMLES addresses the limitations of LES for high Reynolds number 

boundary layers. A simple and promising approach is based on a 

reformulation of the length scale used in LES zone and by blending it with 

the mixing length (RANS) model in the inner part of the boundary layer. The 

log-layer mismatch can be reduced to a relatively small shift at the RANS-

LES interface leading to a high quality solution even at very high Reynolds 

numbers (Menter, 2011). 

 

4.8.5 Zonal RANS-LES Models 

 

When flow instabilities to generate turbulent structures in large separated 

regions are absent or not reliable, RANS and LES models are applied to 

predefined zones providing clearly defined interfaces between them. At the 

interface, the turbulent kinetic energy from the upstream RANS model is 

converted to resolved scales at an internal boundary to the LES zone. The 

LES zone will be limited to the region of interest for which unsteady results 

are required (Menter, 2011). 

 

4.9 Design Optimisation 

 

There is a clear difference between design improvement and optimisation. 

Design improvement is a manual process requiring heuristic knowledge and 

human interaction (Behbahani, 2009). This is often done using a 

sophisticated trial and error approach where CFD analysis is used over a 

range of designs to select the most appropriate for further development 

(Fraser, 2011). The impeller is an essential element but its optimum design 

is not necessarily intuitive because multiple parameters affect the overall 

pump performance such as pressure rise, efficiency, washout and leakage 

flow rates, torque and haemolysis. In magnetically levitated pumps, the 

impeller and the pump housing are separated by a clearance gap which is a 

secondary flow channel where high shear rates and potentially long 

residence time may occur (Fraser, 2011). Reducing the clearance gap is 

beneficial for pump efficiency although at the expense of increased shear 

rates (Miyazoe, 1999; Anderson, 2000a; Anderson, 2000b). Design 
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optimisation is an iterative and systematic approach where numerical 

simulation is coupled with parameter optimisation techniques. The flow field 

is solved for the initial design and subsequently the pump parameters are 

automatically adjusted according to values for efficiency, shear stress, 

recirculation and additional parameters considered important for the desired 

outcome (Antaki, 1995; Burgreen, 2001; Wu, 2005). This is a fully 

automated process where only limited human interaction is required. The 

aim is an optimal compromise between competing design criteria by defining 

objective functions and a corresponding performance index. The main 

challenges consist in finding enhanced models to describe blood flow and 

adequate automated algorithms for shape changes in response to computed 

flow features. Design optimisation can also be used successfully for the 

analysis of steady and unsteady blood flow in synthetic arterial grafts 

(Abraham, 2005a; Abraham, 2005b) with particular reference to the outflow 

graft of a left ventricular assist device (Bonnemain, 2013). 

 

4.10 VADs Performance Predictions 

 

CFD simulations are usually performed considering typical operating 

conditions: 5-6 L/min at 100 mmHg aortic pressure for a LVAD; 4 L/min at 40 

mmHg pulmonary artery pressure for a RVAD (Wood, 2005; Behbahani, 

2009). CFD analysis of steady state flow conditions is a convenient and 

widely used approach to assess pump performance although transient flow 

simulations allow more realistic calculations of the velocity and pressure 

fluctuations within the pump and may enhance the ability to predict device 

performance in a clinical setting (Wood, 2005). Two primary transient flow 

conditions can be used: time-varying boundary conditions, where the inlet 

boundary condition is specified as pulsed ventricular pressure to simulate 

varying pressure due to ventricular contraction, and transient rotational 

sliding interfaces, where the impeller interfaces rotate and slide to simulate 

virtual blade rotation and capture the blade frequency components (Song, 

2003b; Song, 2004b; Wood, 2005; Throckmorton, 2013). Simulations 

combining time-varying boundary conditions and transient rotational sliding 

interfaces give the most realistic transient conditions in VADs although 

significantly more computational power is required. The analysis of flow and 

velocity profile at different rotational speed gives information about potential 

areas of irregular flow patterns (Wood, 2005). Design parameters such as 

clearance gap size, blades number and shroud design have an impact on 

shear stress exposure and flow stagnation in terms of blood damage and 

thrombosis potential (Wiegmann, 2018; Kumar, 2016). 
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4.11 Results Validation 

 

Appropriate input for CFD calculations and analysis is of paramount 

importance to avoid unreliable and misleading results (Stewart, 2009). 

Validation is required to ascertain the accuracy of the model used and 

reduce uncertainty. A simulation is validated when a small difference is 

observed between its results and experimental data with low uncertainty 

(Versteeg, 2007). 

The significant amount of validation studies available for industrial type 

pumps are not necessarily suitable for CFD analysis used in blood pumps 

given the difference in size, speed, flow rates and working fluid conditions 

(Fraser, 2011). 

Validation is usually performed in vitro and based on non-invasive optical 

techniques of flow visualization for qualitative information and particle image 

velocimetry (Bearnson, 2006; Burgreen, 2004; Wu, 2001; Konig, 1999) or 

laser Doppler anemometry for quantitative measurements (Day, 2001; Day, 

2002; Nishida, 2002; Triep, 2006; Medvitz, 2007; Chua, 2008). Magnetic 

resonance imaging (MRI) has the potential to investigate VADs flow field in 

vivo (Markl, 2007; Lorenz, 2012) although the majority of current devices are 

not MRI compatible. 

A collaborative effort is currently in place to evaluate two benchmark models 

for the development of standardised methods aimed at validation of CFD 

simulations and damage predictions in blood recirculating devices. Models 

of blood flow through typical device components have been tested in 

multiple laboratories to provide robust experimental data on blood flow 

velocities, pressures and haemolysis. The results have shown some 

differences between simulated and measured blood flow values; specific 

regions of the device models where discrepancies tended to occur have 

been identified (Malinauskas, 2017; Hariharan, 2017). 

 

4.12 Chapter Summary 

 

VADs operate in the transitional region at the boundary of laminar and 

turbulent flow (low Reynolds number). Blood behaviour during this transition 

remains not completely understood and difficult to simulate. Assuming a 

Newtonian behaviour for the blood and neglecting the influence of red blood 

cells (RBCs) is convenient for the purposes of simulations but it may lead to 

incorrect predictions during the transition phase. CFD has played a key role 

in the advancement of our understanding of VADs rheology and 

haemodynamics. RANS models have been widely used for this purpose. 

More specifically, the k-SST model has attracted attention in view of its ‫ 
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low Reynolds number correction. LES modelling has shown potential for 

VADs application although more computational demanding than RANS 

approach. Validation of CFD simulations remains of paramount importance 

to avoid unreliable and misleading results. Benchmark models are under 

investigation for the development of standardised methods aimed at 

validation of CFD simulations and damage predictions in blood recirculating 

devices.  
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Chapter 5 

Haemodynamics and 

Rheology in Blood 

Recirculating Devices 
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5 Haemodynamics and Rheology in Blood 

Recirculating Devices 

 

5.1 Introduction 

 

Theoretical models of the coagulation system are usually based on systems 

of equations describing specific dynamic processes. Models based on 

ordinary differential equations (ODE) assume well-mixed quantities where 

changes occur as a function of time without spatial variations. Models based 

on partial differential equations (PDE) consider both time and space 

variations. Significant progress has been made in the identification of the 

players; less progress has been made in the understanding of how flow-

mediated transport and platelet deposition may affect thrombus formation. 

Theoretical models accounting for biochemical, biophysical and 

biomechanical factors give a more comprehensive view of thrombus 

formation. Theoretical predictions in the context of in vitro and in vivo 

experimental evaluation may well lead to a better understanding of the 

interactions involved in the coagulation system and their mechanism 

(Leiderman and Fogelson, 2014). An overview of key theoretical models is 

given as a prelude to thrombus formation in rotary blood pumps and its 

potential solution. 

 

5.2 Blood Rheology 

 

The complexity of blood rheology can usually be ignored during CFD 

simulations because VADs shear rates are considered high enough to fall in 

the shear independent range. Blood is usually considered a Newtonian fluid 

in VADs calculations because of the high shear rates, as its viscosity 

remains constant for shear rates above 100 s
-1

. The shear thinning property 

of blood becomes important at low rotational speeds and low flow rates 

where the pressure rise generated with a shear thinning fluid is lower than 

the one generated with a Newtonian fluid (Fraser, 2011). The use of 

generalised Newtonian models of blood rheology may lead to better 

predictions of the continuum properties of flow in VADs.  

The equations describing the isothermal flow of an incompressible viscous 

fluid in a domain  Ṓᴙ  are derived from the law of conservation of mass 

and linear momentum (Sequeira, 2007a; Sequeira, 2007b): 
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where ◊ is the flow velocity vector, ” is the constant fluid density and Ὢ are 

the external body forces per unit volume. The fluid Cauchy stress tensor ╣ 

is a combination of an isotropic pressure ὴ and the viscous contribution as 

follows: 

 

                                             
f p 2m=- +T I D                                            (5.2) 

 

where ‘ is the constant dynamic viscosity and ╓ is the rate of deformation 

tensor: 

 

                                         ( )( )D u u
T1

2
= Ð + Ð               (5.3) 

 

Assuming that the Cauchy stress tensor depends only on the fluid mass 

density and the velocity gradient with invariance under a superimposed rigid 

motion (Sequeira, 2007a), the most general form is given by the following 

expression: 

 

                                                  
2

f 0 1 2f f f= +T I D+ D                                (5.4) 

 

where ╓ is the symmetric part of the velocity gradient and ‰ , ‰ , ‰  depend 

on the density ” and on the three principal invariants of ╓: Ὅ = ὸὶ╓ , ὍὍ = 

ὸὶ╓ ὸὶ╓ Ⱦς and ὍὍὍ = ÄÅÔ ╓ .  

For an incompressible fluid where the stress tensor depends only on the 

velocity gradient, the generalised form becomes (Sequeira, 2007a): 

 

                                                  
2

f 1 2a f f= +T I D+ D                                (5.5) 

 

where ‌ is a Lagrange multiplier related to the incompressibility constraint 

with ‰  and ‰  only dependent on ὍὍ and ὍὍὍ. This is typical of Reiner-

Rivlin fluids. Instead, ‰  = π and ‰  constant is typical of Newtonian fluids, 

while a negligible dependence of ‰  on ὍὍὍ is typical of generalised 

Newtonian fluids. Their behaviour analysis under simple shear and 

thermodynamic considerations gives the following expression for ╣: 

 

                           ╣= ὴ╘ ς‘Ͻ‎╓              (5.6) 
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where ‎ = Ѝς╓ȡ╓ is the shear rate and ‘  is the prescribed viscosity law, 

intended to fit experimental data.  

The power-law model is a simple example of a generalised Newtonian fluid 

model based on the following expression: 

 

                                        ‘‎ = Ὧ‎                         (5.7) 

 

where Ὧ is the consistency coefficient or flow consistency index and ὲ is the 

flow behaviour index. When ὲ = 1 and ‘ = Ὧ, the fluid has a Newtonian 

behaviour. When ὲ  1, the fluid has a shear thinning behaviour. When ὲ  

1, the fluid has a shear thickening behaviour. The power-law model allows 

different solutions of the governing equations. The disadvantage is that the 

zero shear rate viscosity is unbounded for the shear thinning behaviour and 

the asymptotic limit is zero when ‎O Ð. This behaviour is unphysical and 

limits the application of the power-law model to blood flow (Robertson, 

2009). The parameters values obtained by fitting experimental data of the 

human blood are (Cho, 1991): ὲ = 0.61, Ὧ = 0.42. 

The Carreau model is an alternative option based on the following 

expression: 

 

           = ρ ‗‎               (5.8) 

 

where ‗ is the relaxation time and the constants ‘  and ‘Ð  are the 

asymptotic viscosities at zero and infinity shear rates (Sequeira, 2007a): 

 

                   ‘ = ÌÉÍO‘‎ ‘  = ÌÉÍO ‘‎                 (5.9) 

 

When ‎ Ḻ  (low shear rate), Carreau fluid behaves as a Newtonian fluid; 

when ‎ ḻ  (high shear rate), Carreau fluid behaves as a power-law fluid. 

The parameters for human blood are (Cho, 1991): ‗ = 3.313 s, ‘ = 0.056 

Pa·s, ‘  = 0.0035 Pa·s, ὲ = 0.3568.  

The Carreau-Yasuda model is a more realistic approach for a generalised 

Newtonian fluid where viscosity depends on the shear rate according to the 

following equation: 

 

                                             = ρ ‗‎            (5.10) 
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The parameter ὥ determines the transition between Newtonian and power-

law fluid. For human blood, the parameters are (Cho, 1991):  ‗ = 1.902 s, ‘ 

= 0.056 Pa·s, ‘  = 0.00345 Pa·s, ὲ = 0.22, ὥ = 1.25.  

The Casson model is another option described by the following equation: 

 

                            Ⱳ  = Ⱳ ίϽ‎              (5.11) 

 

where † is the shear stress magnitude, † is the yield stress (0.04 dyn·cm
-2

 

for normal blood at 37 ºC) and ί is a constant. The yield stress is the 

minimum force that must be applied to stagnant blood before it will flow. Its 

effect on blood flow is small. 

None of the above models can describe the viscoelastic response of blood. 

The elastic effects in non-Newtonian fluids can be accounted for by 

considering the constitutive equation for Maxwell fluid (Sequeira, 2007a): 

 

                        1 0 f2 pl m
Ð

+ = =- +S S D T I S            (5.12) 

 

where ╢ is the extra-stress tensor and  ɳis the upper convected derivative of 

a tensor field defined as follows: 
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S
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The constant ‗ π is the stress relaxation time: the larger ‗ is, the slower 

is the relaxation; the material constant ‘ is the zero shear rate viscosity 

coefficient. 

The Oldroyd-type models are frequently used with particular reference to 

Oldroyd-B type; their general formulation is as follows: 

 

                                                    S S D D1 0 22 +l m l
Ð Ðå õ

+ = æ ö
ç ÷

                   (5.14) 

 

where ɚ2 is the relaxation time, with 0 Ò ɚ2 < ɚ1. 

The total extra-stress tensor ╢ is decomposed into a non-Newtonian 

(polymeric) (╢) and a Newtonian (solvent) (╢) component: 

 

                 S = S S S S D S D1 1 1 1 1 2 22 2l m m
Ð

+ + = =         (5.15)  
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where ‘ is the elastic viscosity and ‘ is the Newtonian viscosity, related as 

follows: 

 

                              
2 1

0 1 2 2

0

= =
m l

m m m l
m

+                        (5.16) 

 

If ‗ = π the model reduces to a Maxwell fluid, while if ‗= ‗ = π we obtain a 

Newtonian fluid with viscosity ‘. 

Substituting Eq. (5.15) into the constitutive Eq. (5.14) and taking into 

account the conservation of linear momentum and mass, the equations of 

motion of an Oldroyd-B fluid can be written as: 
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in   Ṓᴙ , with ὸɴ ὸȟὝ.  

The governing equations of an Oldroyd-B type model have a mixed 

parabolic-hyperbolic nature. Usually, the constitutive equations of non-

Newtonian viscoelastic fluids lead to highly nonlinear systems of partial 

differential equations requiring specific solution techniques for their analysis 

in different geometries (Arada, 2003; Anand, 2013). 

 

5.3 Haemolysis 

 

Haemolysis occurs when a cell is exposed to an amount of shear stress 

above a critical threshold (Leverett, 1972). Flow-induced haemolysis is an 

important aspect in the design of blood recirculating devices. Different 

models are available, which are suitable for CFD analysis. If the local 

instantaneous haemolysis is a direct function of the local instantaneous 

shear stress, then the model is ñstress-basedò and relies on empirical 

relations. If local instantaneous haemolysis involves a combination of 

intermediate variables and parameters, then the model is ñstrain-basedò. 

These models rely either on a Lagrangian particle-tracking approach or on 

the Eulerian transport equations (Yu, 2017). 
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The power-law equation model directly relates haemolysis, magnitude of 

shear stress † and exposure time ὸ to the shear stress according to the 

following original formulation (Giersiepen, 1990): 

 

                                                       ( )H ,t =C ta bt tÖ Ö                            (5.18) 

 

where Ὄ is the ratio ЎὌὦὌὦϳ  of released haemoglobin (ЎὌὦ) to total 

haemoglobin (Ὄὦ) within the red blood cell. ὅ, ‌ and ‍ are constants to be 

determined from fitting of measurement data. A shear-stress threshold † 

below which haemolysis does not occur has been subsequently introduced 

to take into account experimental evidence as follows (Yu, 2017): 
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            (5.19) 

 

Considering that shear stress and exposure time ὸ are not independent 

quantities, the shear stress threshold is treated as a function of the exposure 

time. Possible relationships between † and ὸ are (Nerem, 1981): 

 

                                               0.3372

s 88.905 tt -= Ö                                      (5.20) 

or (Sharp, 1998):   
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All models assume that haemolysis starts with healthy red blood cells. 

Therefore, the relative haemolysis potential of red blood cells decreases 

with time when exposed to a constant shear stress above the threshold 

because of their highly interactive nature. A numerical haemolysis model 

should take this effect into account to obtain correct predictions (Yu, 2017). 

An Eulerian power-law model can be implemented into a CFD solver by 

rewriting the original Eq. (8.18) as follows (Yu, 2017): 
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The term in brackets can be expressed in differential form as: 
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1

LdH
= C

dt

a
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where Ὄ  = Ὄ . Finally, the above equation can be rewritten as a standard 

transport equation for the CFD solver as follows: 
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A Lagrangian formulation of the power-law model can be used based on a 

mechanical dose Ὀ  as follows (Yu, 2017): 

 

                                                    
bD = t

a
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Assuming a constant shear stress during an infinitesimal time step, we have: 
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a
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Integrating both sides: 
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Substituting Eq. (5.25) in Eq. (5.18), we have: 

 

                                                                bH = C DbÖ                                (5.28) 

                  

Differentiating, we obtain: 

                                                          
1

b bdH = C D dDbb -Ö                         (5.29) 

                   

Substituting Eq. (5.26) and Eq. (5.27) in Eq. (5.29), we have: 
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Finally, Eq. (5.30) can be reformulated as a transport equation: 
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Equation (5.31) takes into account the damage accumulated in previous 

steps in order to compute further evolution in later steps. Although more 

realistic, it is difficult to code into a CFD solver (Yu, 2017). 

An alternative formulation similar to the power-law model is an empirical 

equation based on regression analysis from experimental data and originally 

developed for blood pumps (Arvand, 2005): 

 

                             ( ) ( )
1.41.9 1.5 0.25H ,t 3.8 t V pt t-= Ö D                (5.32) 

 

where ὠ is the ratio of a pumpôs inner volume to the whole circulation 

volume of the experiment and ȹὴ is the pressure head of the pump. 

  

5.4 Mechanisms of Thrombus Formation 

 

The endothelium of the vessel wall contains nitric oxide, prostacycline and 

CD39, which act against thrombus formation and maintain lumen patency. 

Collagen in the sub-endothelial matrix and tissue factor in the media and 

adventitia layers of the vessel wall provide a haemostatic barrier to maintain 

the integrity of a closed, high-pressure circulatory system. When the vessel-

wall is injured, collagen and tissue factor become exposed to blood flow and 

initiate thrombus formation through two independent pathways although the 

outcome remains the same. In the first pathway, disruption of the 

endothelium facilitates collagen exposure which triggers the accumulation 

and activation of platelets. Platelet glycoprotein VI interacts with collagen 

and glycoprotein Ib-V-IX complex interacts with von Willebrand factor 

leading to platelet capture. Activation of the platelet integrin ŬIIbɓ3 mediates 

recruitment of platelets to the thrombus and platelet-platelet interaction. A 

conformational transition in  ŬIIbɓ3 increases the affinity for its ligands, 

fibrinogen and von Willebrand factor. Fibrinogen is the main ligand at low 

shear rates whereas von Willebrand factor plays a key role at higher shear 

rates (Furie, 2008). Platelet activation releases the content of its alpha and 

dense granules, which are critical for thrombus formation. The release of 

ADP from the dense granules further stimulates platelet activation through 

two ADP receptors, P2Y1 and P2Y12. Glycoprotein VI is the major agonist 

for initial platelet activation and granule release. The platelet integrin Ŭ2ɓ1 

plays a supportive but non essential role in the interaction between platelets 

and collagen. Platelet activation is independent of thrombin in this collagen-
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initiated pathway (Furie, 2008). Tissue factor initiates platelet activation 

through a second pathway, which does not require endothelium disruption 

and is independent of von Willebrand factor and glycoprotein VI. Tissue 

factor is a cytokine receptor analogue on the surface of cells or associated 

with micro-particles in the blood flow. It is found in a latent or ñencryptedò 

form without coagulant activity and in an active form. Activated endothelial 

cells and platelets at the site of injury release the protein disulfide isomerase 

(PDI), which converts inactive tissue factor on cells or micro-particles to its 

active form. In case of direct tissue damage, tissue factor in the vessel wall 

or on cell surfaces may already exist in its active form. During the initiation 

phase of the coagulation, tissue factor forms a complex with circulating 

factor VIIa. This complex plays a key role and consists of three substrates: 

factor VII, factor IX and factor X. Factor IXa binds to factor VIII and 

inefficiently activates factor X to Xa, which binds factor V on membrane 

surfaces. This complex converts prothrombin to thrombin. During the 

amplification phase, thrombin activates factor VIII and factor V leading to a 

burst of thrombin-generating potential. Thrombin cleavage of protease-

activated receptor 1 (Par1) leads to platelet activation with the release of 

ADP, serotonin and thromboxane A2 which stimulate platelet-platelet 

interaction and amplify the signals for thrombus formation. This second 

pathway does not completely explain how platelets are recruited to a site of 

vessel injury in the absence of collagen exposure to blood flow although 

adhesive molecules may be displayed by the endothelial cells to attract 

platelets. The exact contribution of the two pathways to platelet activation is 

unknown although their involvement may vary according to the underlying 

disease. Finally, platelet activation is monitored by calcium mobilisation in 

the common pathway. Platelets play a major role in thrombin generation 

(Monroe, 2002) with heterogeneity of response in thrombus formation 

(Munnix, 2009). The ability of activated platelets to support thrombin 

generation is defined by a subpopulation with increased adhesive receptor 

density (Fager, 2010). Thrombus formation is a dynamic process in which 

shear, flow, turbulence and the number of platelets in the circulation 

significantly affect the architecture of the clot (Furie, 2008). There is also 

increasing evidence of a more active role of red blood cells (RBCs) in 

thrombus formation (Du, 2014). Platelet adhesion in shear flow is 

significantly modulated by red blood cells. A quantitative description based 

on modelling and simulation of previous experiments in perfusion chambers 

suggest that the rate of platelet adhesion from the blood flow is mainly 

limited by the frequency of their near-wall rebounding collisions with RBCs 

under a wide range of shear rates and haematocrit values. These findings 
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explain the mechanism by which RBCs physically control platelet adhesion 

(Tokarev, 2011a). Further modelling aimed at prediction of platelet 

distribution profile across the flow in the presence of RBCs agrees with 

available experimental data for near-wall layer margination effect of 

platelets. The strong expulsion of platelets from the core to the periphery of 

the blood vessel may be related mainly to the finite platelet size, which 

prevents their mixing with the densely packed RBCs in the core (Tokarev, 

2011b). The degree of reduction of the advection and diffusion of the 

coagulation proteins in regions of the clot with high platelet density may 

have a significant impact. Hindered transport lead to smaller and denser clot 

formation compared to no protein hindrance. The limitation on protein 

transport confines the activating complexes to small regions inside the 

thrombus with significant reduction of their substrates supply. This 

decreases the rate and amount of thrombin production leading to slow 

growth with small thrombus size (Leiderman and Fogelson, 2013). 

Multiscale modelling is a necessary step for further progress in our 

understanding of the key aspects of thrombus formation (Flamm, 2012; Xu, 

2012).  

 

5.5 Thrombogenesis in Ventricular Assist Devices 

 

Although pump thrombosis remains multi-factorial in origin, an analogy with 

Virchowôs triad may be used to explain its development. Virchowôs triad 

describes the three key factors involved in the development of thrombosis: 

hypercoagulable status; haemodynamic changes (stasis, turbulence); vessel 

wall endothelial injury/dysfunction (Kumar, 2010). Similarly, three 

fundamental elements may be identified during LVAD support leading to 

pump thrombosis: bio-reactive material, activated platelets, aberrant flow (de 

Biasi, 2015). 

 

5.6 Computational Modelling of Thrombus Formation 

 

Blood coagulation is a complex and challenging phenomenon from a 

modelling point of view. The coagulation cascade involves multiple 

sequences of chemical reactions and feedback loops (Ataullakhanov and 

Panteleev, 2005; Spronk, 2003). This cascade consists of two major 

pathways: the extrinsic pathway (Ataullakhanov and Panteleev, 2005), 

related to vessel wall damage, and the intrinsic pathway (Jesty, 2003; 

Grigioni, 2004; Grigioni, 2005; Nobili, 2008), related to haemodynamically 

induced coagulation (Ataullakhanov and Panteleev, 2005; Alemu and 

Bluestein, 2007). Haemodynamically induced coagulation consists of three 

stages: initiation with platelet activation (Alemu and Bluestein, 2007), 
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aggregation with fibrinogen polymerisation into fibrin fibres (Longest and 

Kleinstreuer, 2003; Storm, 2005) and phase change of the coagulated 

material (Weisel, 2010; Noailly, 2008; Soares, 2010; Karġaj and Humphrey, 

2009). The intrinsic pathway is more suitable for the study of how a device 

design can affect blood flow and induce thrombosis, while the extrinsic 

pathway is more suitable for the modelling of thrombosis induced by vessel 

wall damage (Moiseyev and Bar-Yoseph, 2013). 

The computational approach plays a key role for the modelling of the 

coagulation cascade. Continuum (top-down) and multiscale (bottom-up) 

methods have been proposed, each with advantages and disadvantages. 

An integrated, computationally efficient, robust and simple enough 

coagulation model may well benefit from a combination of both methods and 

complemented with a mesoscopic-like approach for the modelling of particle 

interactions such as fibrin polymerisation and platelet activation (Moiseyev 

and Bar-Yoseph, 2013). 

System level methods are based on the Convection Diffusion Reaction 

(CDR) equations with empirical estimation of the relevant constants. They 

show a low level of complexity and good experimental agreement but they 

do not take into account the spatial-temporal information (Weisel, 1992; 

Marx, 2006). 

Continuum models can overcome this limitation by combining system level 

reaction kinetics with spatial information where the CDR equations are 

coupled to the Navier-Stokes (NS) equations to account for blood flow and 

achieve more realistic simulations (Anand, 2005; Anand, 2008). 

Continuum models are more suitable when blood coagulation is addressed 

in the context of complex geometries. Simulations are easy to set up and 

require less computational power. The level of complexity is related to the 

details required and the blood constituents considered. A basic continuum 

model consists of the NS equations for blood flow dynamics and CDR 

equations for the spatial-temporal evolution of the particles concentration. 

Most of the available continuum models assume a rigid blood vessel wall 

and blood constituents as mass-less particles (Fogelson, 1984; Sorensen, 

1999a; Sorensen, 1999b; Goodman, 2005; Leiderman, 2011; Fogelson, 

2012; Leiderman, 2013; Govindarajan, 2016).   

 

5.7 Models of the Coagulation System 

 

Although a qualitative description of the coagulation system is valuable for 

an initial understanding of the different events, a computational modelling 

approach may well provide more specific quantitative information about 

thrombus development. The integration of the different events leading to 
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thrombus formation and the ability to predict its occurrence are complex and 

challenging tasks in view of the different spatial and temporal scales 

involved. Nevertheless, a modelling and simulation approach for the 

prediction of a quantitative response of the coagulation system to 

physiological and adverse events may have an impact on clinical decision-

making and optimisation of therapeutic intervention (Xu, 2011). 

 

5.7.1 Coagulation Pathway Models 

 

First comprehensive system of ordinary differential equations (ODEs) to 

model the reactions of the TF pathway based on the assumption of a 

uniformly mixed and static blood environment with unlimited supply of 

phospholipids (Lawson, 1994; Jones and Mann, 1994). The ability of the 

model to simulate the whole procoagulant pathway using specific rate 

constants provides a quantitative description of the proteolytic and catalytic 

events leading to ‌ -thrombin generation in good agreement with 

experimental data.  

Further improvement of the TF-initiated coagulation model of the extrinsic 

coagulation system includes the TF pathway inhibitor and the antithrombin-

III (AT-III). The model accurately predicts the nonlinear dependence of 

thrombin generation on TF, AT-III and TF pathway inhibitor based on a TF 

concentration threshold: when the TF concentration is below the threshold, 

thrombin production is suppressed by the TF pathway inhibitor and AT-III 

(Hockin, 2002). The use of kinetic Monte Carlo simulations takes into 

account the stochastic effects of coagulation factors at low concentrations 

ignored by deterministic models (Lo, 2005). 

The integration of blood coagulation reactions with hydrodynamic factors 

and platelet interactions takes into account the role of surface binding sites 

(Kuharsky and Fogelson, 2001; Fogelson and Tania, 2005).  

The dynamics of thrombin formation in vascular and non vascular 

compartments has been addressed with a distinction between reactions on 

cell membranes and in the blood flow assuming a uniformly mixed and static 

fluid environment without taking into account the competing role of surface 

and fluid diffusion (Bungay, 2003). Sensitivity analysis of the coagulation 

system has identified those reactions where small changes in parameter 

values have significant effect on thrombin generation and platelet activation 

(Luan, 2007). 

 

5.7.2 Fibrin Network Models  

A kinetic model of fibrin polymerisation (Weisel and Nagaswami, 1992) and 

a fibrinogen assembly model (Yang, 2000) may have some potential 
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application. A fibrin thrombus formation model (Fogelson and Keener, 2010) 

with generalisation of the kinetic gelation equations (Ziff, 1980; Ziff and Stell, 

1980) may also have a role. Complexity may well be a limiting factor. 

 

5.7.3 Platelet Activation Models 

 

ADP-mediated activation (Purvis, 2008; Purvis, 2009) with steady-state 

kinetic modelling is another attempt to explain platelet activation. Platelets 

response to multiple activators (Chatterjee, 2010) has the potential for a 

patient-specific approach. 

 

5.7.4 Platelet-Platelet Adhesion and Platelet-Vessel Wall Interaction 
Models 

 

The Dependence of some receptor ligand interactions on shear rate (GPIb-

von Willebrand factor [vWF]) and modification of GPIIbIIIa integrin receptor 

during platelet activation lead to changes in affinity to fibrin, fibrinogen, vWF 

and vitronectin. Platelet receptor ï ligand interactions mediate platelet 

adhesion and initiate intracellular signalling pathways leading to changes in 

platelet shape and surface composition that affect adhesion (Gibbins, 2004; 

Nesbitt, 2009). 

Computational modelling of platelet-platelet binding mediated by vWF and 

fibrinogen interaction with platelet receptors has confirmed observational 

findings that thrombus development requires both vWF and fibrinogen (Mori, 

2008). 

Further modelling approaches have shown that platelets exhibit different 

dynamic characteristics related to their geometry and their relative position 

with the surface (Modi, 2005a; Modi, 2005b; Modi, 2008a; Modi, 2008b). 

 

5.7.5 Integrated Thrombogenesis Models 

 

Comprehensive computational modelling aiming at the integration of spatial 

and temporal events involved in thrombus growth (Laurenzi, 1999; Lobanov, 

2005; Anand, 2005; Wang, 2006). 

Modelling including single-platelet dynamics (Pivkin, 2006) shows 

dependence of thrombus growth rate on blood velocity as per experimental 

observation (Begent and Born, 1970). 

Microscale platelet aggregation modelling and continuum macroscale 

modelling seems another appropriate approach to the problem where 

platelets are considered as a single fluid-filled, closed elastic membrane 

immersed in a viscous fluid (Fogelson and Guy, 2008). 

 

5.7.6 Multiscale Models of Thrombus Formation 
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Multiscale modelling of thrombus formation consists of the integration of 

coagulation reaction, platelet behaviour and blood flow. The model tracks 

the behaviour of individual platelets and cells in space and time. Integration 

of events occurring at different scales such as the flow filed around the 

whole thrombus and the coagulation reactions on a platelet surface (Xu, 

2008; Xu, 2009; Xu, 2010). 

Spatial-temporal model based on coupled partial differential equations 

describing coagulation biochemistry, activation and aggregate formation of 

platelets, interaction between blood flow and growing thrombus have been 

proposed. Wall shear rate and near-wall enhanced platelet concentration 

affect the development of growing thrombi (Leiderman and Fogelson, 2011). 

Multiscale modelling has the potential to identify conditions where small 

changes in specific parameters have significant impact on thrombus 

formation compared to an experimental approach. The need of high 

computational power can be partly overcome by large computer clusters and 

parallel algorithms. 

Coupling between blood flow, transport of inert solutes and internal structure 

of the porous thrombus is obtained by implementing a combination of in vivo 

experiments, biomedical imaging and computer simulations to quantify the 

intrathrombotic microenvironment. An image-based modelling approach 

relies on the experiment and only two components are addressed: 

hydrodynamics and transport of platelet agonists. A mathematically 

generated thrombus structure relies on assumptions due to lack of 

experimental data. Therefore, multiscale computational modelling methods 

for the study of platelet adhesion and thrombus formation are based on the 

combination of four main components: fluid mechanics, coagulation 

cascade, cell mechanics and receptor-ligand binding (Wang, 2012). 

The intrathrombus fluid dynamics simulation results show that the shell 

experiences higher flows and stresses compared to the core and it is 

significantly more permeable. Brownian transport results suggest that in 

normal physiological conditions molecules from the damaged endothelium 

would not reach the shell before exiting the thrombus (Wu, 2011; Voronov, 

2013; Taylor, 2014; Bodnár, 2014; Topper, 2014; Babushkina, 2015). 

 

5.8 Some Mathematical Considerations 

 

Modelling of transport, activation and adhesion of platelets is critical for the 

prediction of thrombus formation. A shear-dependent platelet adhesive 

model calibrated according to in vivo and in vitro experimental data seems a 

suitable approach over a wide range of flow shear rates (ρππώ ςψπππ s
-
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1
). A Lagrangian description is used to model platelets as rigid spherical 

particles in the context of a Force Coupling Method (FCM) to address 

bidirectional platelets motion interaction with blood flow whereas the 

haemodynamics and chemical transport are obtained from the solution of 

NS and advection-diffusion-reaction (ADR) equations on a fixed Eulerian 

grid (Yazdani, 2017). To reduce computational time, blood is considered as 

a continuous medium where the effect of red blood cells on platelet 

margination is acknowledged assuming a fully developed blood flow at the 

inlet of the simulated vessel with platelets already marginated towards the 

vessel wall. Assuming blood as an incompressible Newtonian fluid, the 

governing equations are: 
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where ◊, ὴ, ” and ‘ are the blood velocity, pressure, density and viscosity. 

╕  is the force due to particle ὲ. The effect of platelets on the flow field is 

due to █●ȟὸ. The contribution of each platelet with centre of mass located 

at ╨  to the flow at position x is smoothed by a Gaussian distribution kernel 

Ўἦḳ ὀ ἧ  with: 
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where „ = ὥЍ“ϳ  is the standard deviation of the kernel with ὥ being the 

particle radius. 

The velocity of each platelet ἤ  is calculated by interpolation of the local flow 

velocity at the location of a platelet using the same Gaussian kernel: 
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where the platelets position vectors are updated at each time step using a 

second-order Euler forward scheme (Yazdani, 2017). 

The net force ╕  acting on each platelet is: 
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where the first term is the inertial force due to the density difference between 

platelets (” ) and blood (”). The second term (╕ ) accounts for 

platelet-platelet and platelet-wall interaction forces. 

The attractive and repulsive platelets interactions are based on the Morse 

potential (Ὗ ): 
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where Ὀ  is the energy depth, ‍ controls the width of the energy well, ὶ is 

the distance between the platelets centroids and Ὠ is the equilibrium 

distance between two platelets.  

The magnitude of the interaction forces derived from the Morse potential is: 
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The parameter Ὀ  mainly controls the magnitude of the platelets interaction 

forces and is obtained from experimentally measured thrombus formation 

under different haemodynamic conditions. Three different states are 

considered for platelets: passive, triggered and activated. Platelets are non-

adhesive in a passive or triggered state and only repulsive forces are 

applied to prevent cellular overlap. A passive platelet becomes triggered 

after a time delay †  from the interaction with an activated platelet. The 

interaction between two activated platelets generates a repulsive force when 

ὶ Ὠ and an attractive force when ὶ Ὠ. 

To take into account the correlation between adhesion force and local shear 

rate according to flow conditions, Ὀ  can be defined as follows (Yazdani, 

2017): 
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where ‗ ς╓ȡ╓  is the square root of the second invariant of the fluid 

strain-rate tensor ╓, Ὀ  and Ὀ  relate to the adhesive forces at low and high 

shear rates and ‗ is the shear rate threshold in transition from low to high 

shear rate. 

The coagulation cascade model consists of 20 ADR equations in the 

following form (Yazdani, 2017): 
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where ὧ and Ὀ  are the concentration and diffusion coefficient for each 

reactant (plasma-phase enzymes, zymogens or complexes) and Ὓ is the 

rate of production or destruction of the considered reactant. Initial 

concentrations are set to normal plasma values for zymogens and to very 

small non-zero values for enzymes and complexes. A zero-flux boundary 

condition is imposed, except for a few reactants to initiate the coagulation. 

The significant agreement between simulation and experimental results 

confirms the validity of this approach to model venous and arterial thrombus 

formation (Yazdani, 2017).  

A recently improved mathematical model has been successfully applied to 

the analysis of thrombus formation in the HeartMate II axial flow blood pump 

(Wu, 2016; Wu, 2017). Blood is considered as a multi-constituent mixture 

consisting of a linear fluid phase and a solid (thrombus) phase. The fluid 

phase consists of red blood cells (RBC) suspended in plasma and is 

governed by the equations of conservation of mass and linear momentum 

as follows (Wu, 2017): 
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where ○ is the velocity of the fluid phase, ○  is the velocity of the thrombus 

phase, ╫ is the body force. ╣ is the fluid stress tensor: 
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where ὴ is the pressure, ‘ is the dynamic viscosity and the scalar field ‰ is 

the volume fraction of deposited platelets leading to thrombus formation. 

The density of the fluid phase is a function of the volume fraction as follows: 

 

                                                  ( )f f 01r f r= -             (5.43) 

 

where ”  is the density of the pure fluid phase. The term ὅὪ‰ ○ ○  is 

the resistance force on the fluid phase from the thrombus; ὅ is a constant 

and Ὢ‰  is the hindrance force. 

The model includes ten chemical and biological entities among which 

platelets are considered in five different states: resting platelets in the flow 

field; activated platelets in the flow field; deposited resting platelets; 

deposited active platelets; deposited and stabilised platelets. The transport 

of these entities is described by a set of CDR equations of the form: 
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where [ὅ  is the concentration of entity Ὥ; Ὀ is the diffusivity of entity Ὥ in the 

blood; Ὓ is a reaction source term for entity Ὥ. Deposited platelets are 

governed by rate equations as follows: 
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Platelets adhesion to surfaces and the other entities reactions are modelled 

by surface-flux boundary conditions (Sorensen, 1999a; Sorensen, 1999b).   

Simulations performed under unsteady (transient) conditions with a Ὧ-‫ 

model to account for turbulence and rotational speed of 9000 rpm have 

shown interesting results. Regions of thrombus formation and accumulation 

included the majority of the upstream flow straightener hub, the rear of the 

straightener vanes and the upstream bearing region in agreement with 

clinical findings (Meyer, 2008; Mokadam, 2011; Capoccia, 2013). The 

simulations have also predicted regions free of thrombus such as the 

leading edge of the blades of the inlet straightener vane where higher shear 

stress enhances the erosion rate of deposited platelets (Wu, 2016). 

Currently, this is a comprehensive attempt to replicate patterns of platelet 

deposition and thrombus growth in a rotary blood pump. One unsolved 

challenge is the ability to assess the influence of flow pulsatility caused by 
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the cyclical contribution of the heart where the flow may be well behaved 

and attached or it may become chaotic during part of the diastolic phase 

(Yang, 2015). A key point is to determine how tolerable the degree of 

chaotic flow is and how long for. This model may contribute to address this 

challenge considering that the time-course of thrombus growth in the 

upstream region indicates that once a critical amount of deposition occurs, a 

positive-feedback effect causes platelet deposition at a greater rate (Wu, 

2016). Although the high computational power requirement remains the 

main limiting factor, this modelling approach has the potential to become a 

powerful design tool and personalise clinical treatment given its more recent 

experimental validation (Wu, 2017).   

Dissipative Particle Dynamics (DPD) has been recently gaining popularity for 

the simulation of the dynamics and rheological properties of simple and 

complex fluids (Groot, 1997; Moeendarbary, 2009) with particular reference 

to blood flow modelling and thrombus formation (Filipovic, 2008; 

Tosenberger, 2012; Tosenberger, 2013; Tosenberger, 2015; Tosenberger, 

2016). The DPD method is very attractive for blood flow modelling because 

it can handle the non-Newtonian properties although computationally 

expensive (Yamaguchi, 2010).  

DPD is a mesoscale particle method, which fills the gap between 

microscopic and macroscopic simulations. More specifically, it is a coarse-

grained molecular dynamics approach where particles are considered as 

clusters of molecules interacting through conservative (non-dissipative), 

dissipative and fluctuating forces (Liu, 2015). A fluid system is simulated 

using a set of interacting particles with equal mass. Applying Newtonôs 

second law, the equation of motion for particle Ὥ becomes: 
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where ► and ○ are the position and velocity vectors and █  is the external 

force including gravity. The inter-particle force █  is the resultant of 

conservative (╕ȟ), dissipative (╕ȟ) and random (╕ȟ) forces as follows: 
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╕ȟ ╕ȟ is the interactive force between particle Ὥ and Ὦ where the 

symmetry of interaction maintaines momentum conservation (Liu, 2015). 
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The conservative force ╕ȟ is a soft interaction of the form: 
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where ὥ  is the maximum repulsion between particles Ὥ and Ὦ; ►ȟ = ► ►; 

ὶȟ = ►ȟ ; ►ȟ = ►ȟ ὶȟϳ . The weight function ύ ὶȟ  allows larger length 

and time scales in DPD. 

The dissipative force ╕ȟ is related to viscosity and depends on the relative 

position and velocity of the particle. Its usual form is: 
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where ‎ is a coefficient, ○ȟ = ○ ○ and ύ ὶȟ  is a distance-dependent 

weight function. 

The random force ╕ȟ is related to thermal fluctuations and depends on the 

relative position of the particles. Its form is as follows: 
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where „ is a coefficient, ύ ὶȟ  is a distance-dependent weight function and 

‚ȟ is a random variable with Gaussian distribution (Liu, 2015). 

The DPD method has the ability to model problems with larger time and 

length scale in view of its association with bigger particle size and soft 

conservative interaction potential. It is arguably considered the most suitable 

mesoscale simulation technique to model complex fluid systems (Liu, 2015). 

The inclusion of the dissipative and random force maintains essentially a 

constant system temperature with small fluctuations. The DPD method is 

implemented in a non-dimensional form requiring appropriate coefficients 

selection to match the modelling parameters with the physical properties of 

the real fluid/material and maintain numerical accuracy. The calculation of 

interaction forces between particles requires significant computational 

power, which can be largely reduced using a special neighbour-list algorithm 

and parallel techniques (Liu, 2015).  

Multiscale modelling is also being considered more frequently where two or 

more computational methods are coupled at different length and time scale. 

This approach gives detailed and reliable information although 
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computationally expensive. Multiscale modelling of the coagulation system 

can give accurate simulations of its dynamics, biochemical reactions, 

diffusivity, viscosity, mechanical properties of thrombus formation under 

shear flow and red blood cells behaviour. 

A multiscale approach combines the simplicity and efficiency of macroscopic 

models with the accuracy of a microscopic approach such as cell-based 

discrete models. An example is the discrete Cellular Potts Model (CPM) of 

platelets and blood cells aggregation combined with continuous partial 

differential equations (PDE) describing the hydrodynamics of blood flow and 

the kinetics of coagulation reactions (Xu, 2008; Xu, 2009; Xu, 2010; Xu, 

2012). The CPM is a cell-level, energy-minimisation-based lattice model, 

which uses effective energy coupling to external fields such as local flow 

rate to describe cell motion, cell-cell interactions, cell adhesion and the 

dynamics of the inhomogeneous internal structure of thrombus formation. 

The effective energy (Ὁ) of the system consists of true energies, like cell-cell 

adhesion, and terms that mimic energy, like the response of a cell to blood 

flow and area constraint (Xu, 2008; Xu, 2009): 

 

                                               adhesion flow areaE E E E= + +                        (5.51) 

 

A computer simulation of the clotting system requires a multiscale and 

integrated description of platelet signalling and adhesion, coagulation 

kinetics and haemodynamics (Diamond, 2016). The wall shear rate and the 

wall shear stress play a key role in the events leading to thrombus 

formation. Phenomenological equations relating agonists and platelet 

activation have been used to simulate combined platelet deposition and 

autocrine activation by solving a pseudohomogeneous, single-phase 

continuum model of blood clotting over a reactive surface (Sorensen, 1999a; 

Sorensen, 1999b). Detailed continuum-based descriptions of clotting under 

flow conditions have been proposed (Kuharsky and Fogelson, 2001). An 

integrated, computationally efficient, robust and simple enough coagulation 

model may well benefit from a combination of continuum and multiscale 

methods complemented with a mesoscopic-like approach for the modelling 

of particle interactions such as fibrin polymerisation and platelet activation 

(Moiseyev and Bar-Yoseph, 2013). Dissipative particle dynamics is currently 

being used where the fluid flow is modelled as the motion of mesoscale 

particles subject to repulsive, dissipative and random forces (Filipovic, 2008; 

Li, 2015; Tosenberger, 2016). Significant efforts based on multiscale 

modelling and dissipative particle dynamics are addressing the coagulation 

cascade (Wu, 2014; Moreno, 2013; Fedosov, 2010; Fedosov, 2011; 
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Fedosov, 2014; Rukhlenko, 2015; Sequeira, 2011). Correlation with in vitro 

and in vivo results shows promising grounds for further progress (Zhang, 

2017). 

 

5.9 Thrombus Formation in Blood Recirculating Devices 

 

The development of high shear stress in the non-physiological geometries of 

blood-recirculating devices is closely related to thrombus formation by 

chronic platelets activation. This, rather than haemolysis, seems the key 

aspect of blood trauma in medical devices. Platelets exposed to constant 

shear stress for a period of time become activated. Their behaviour following 

activation is critical in order to understand the increased thrombotic risk in 

blood recirculating devices.  

Platelets exposed to an initial shear stress of 60 dyne/cm
2
 for 40 s show 

minimal activation but their post-exposure activation rate is significantly 

higher compared to platelets that have not experienced an initial high shear 

stress. This is a so called sensitisation response, which is observed for 

platelets exposed to 1000 dyne/cm
2
 for 25 ms as observed in blood 

recirculating devices (Sheriff, 2010). The activation and sensitisation 

response of platelets in blood recirculating devices is dependent on shear 

loading rate, shear stress magnitude and exposure time (Sheriff, 2013). The 

interaction between flow-induced stresses and blood components is related 

to the hypothesis that thromboembolism in blood recirculating devices is 

initiated and maintained by the non-physiological flow patterns and stresses, 

which activate and enhance platelet aggregation (Bluestein, 2010). 

 

5.10 Thromboresistance Optimisation 

 

Device thrombogenicity emulation (DTE) methodology is a recently 

developed optimisation strategy aimed at the reduction of the thrombogenic 

potential in blood recirculating devices with particular reference to ventricular 

assist devices (Girdhar, 2012). DTE combines in silico advanced numerical 

simulations with in vitro techniques by correlating device haemodynamics 

with coagulation markers. The optimisation process begins with in silico 

modelling first followed by experimental emulation of the device-specific 

stress loading waveforms in a haemodynamic shearing device (Nobili, 

2008), where device specific effects on platelet activation are measured with 

a modified prothrombinase assay (Jesty, 1999). Flow through a ventricular 

assist device is modelled with a high fidelity two-phase fluid-structure 

interaction (FSI) simulation resolving all components of the stress tensor 

relevant to flow-induced thrombogenicity. The cumulative stress loading 

history that may drive platelets beyond their activation threshold is 
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calculated along multiple flow trajectories with the combined effect of shear 

stress and exposure time (Alemu, 2007; Hellums, 1994; Apel, 2001b). The 

stress tensor is extracted from the simulations along the corresponding 

platelet trajectories and rendered into a scalar stress value (Alemu, 2010; 

Xenos, 2010) so that both viscous and turbulent stresses († ) are 

considered in the formulation of stress accumulation: 
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A linear product of instantaneous values of the stress („) and exposure time 

(ὸ ) is assumed for the stress accumulation (Ὓὃ) and a summation is 

obtained as follows: 
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where „ is the nodal scalar value extracted from the total stress tensor 

described above, Ўὸ is the corresponding time step between successive 

nodal points and Ὓὃ is given in PaϽs. 

The probability density function of stress accumulation along multiple 

trajectories is used as a surrogate for the evaluation of the overall 

thrombogenic potential of different ventricular assist devices; in other words, 

a sort of thrombogenic ñfootprintò of VAD design including specific regions of 

interest such as inlet flow straightener (vanes), inlet hub and bearing taper, 

impeller, impeller-shroud near wall region and tip-shroud gap clearance. 

DTE methodology is based on platelets shear-loading history (Girdhar, 

2012; Bluestein, 2010), which is a Lagrangian approach computing the 

cumulative platelet activation level for a large population of platelets flowing 

through the device. This method combines haemodynamics and kinetic 

aspects of platelet activation but it cannot predict the location within the 

pump where platelets are likely to accumulate because it does not consider 

a mechanism for platelet deposition. In addition, this approach is unable to 

distinguish between shear stress enhancing platelet activation and shear 

stress needed to remove platelets from the region of stagnation (Wu, 2016). 

The study of flow patterns reveals regions of flow recirculation and 

stagnation with thrombogenic potential. This can be obtained either 

experimentally through flow visualisation (Yang, 2015) or numerically with 

computational fluid dynamics analysis (Chiu, 2014). Experimental and 
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numerical analyses are very helpful in giving information about the 

increased risk of thrombosis but they cannot give definitive details in relation 

to haemodynamics, surface chemistry and blood elements (Wu, 2016). 

Analysis of the haemodynamic shear stress waveforms has shown that high 

frequency oscillations are significantly related to the prothrombotic 

behaviour of stimulated platelets in blood recirculating devices (Consolo, 

2017). 

A time-accumulated model has been recently suggested as the most 

promising approach towards computational prediction of blood damage 

induced by complex flow profiles in blood recirculating devices (Gharaie, 

2017). 

 

5.11 Pump Thrombosis in Long-Term Mechanical Circulatory 

Support Devices 

 

The wide spread use of continuous flow LVADs has been associated with an 

increase in pump thrombosis, which remains the main limitation for the long-

term use of these devices (Starling, 2014; Najjar, 2014; Kirklin, 2015a). 

Acquired von Willebrand factor deficiency and platelet dysfunction related to 

the high shear stress created by the pump further enhance the risk of 

bleeding during anticoagulant treatment making the management of these 

patients more challenging (Eckman, 2012; Baghai, 2015). Pump thrombosis 

is highly suspicious in the presence of haemolysis (elevated LDH), 

development of unexplained heart failure symptoms with echocardiographic 

findings of poor left ventricular unloading at the patientôs maintenance speed 

and pump power elevation greater than baseline (> 2 W) or persistent for 

more than 24 hours (> 10 W). Nevertheless, clinically evident pump 

thrombosis does not develop in all patients with increased LDH. Therefore, 

clinical assessment and echocardiographic evaluation play a key role in the 

diagnosis (Kapur, 2015). Echocardiographic ramp testing is a useful 

diagnostic tool based on the principle that any change in pump speed 

should modulate the degree of left ventricular unloading if the device is 

functioning appropriately (Jung, 2015). Nevertheless, its diagnostic accuracy 

has been validated for the HeartMate II only (Uriel, 2012) and may not be 

extrapolated to the HVAD for which a different approach may be required 

(Jorde, 2015). Loading conditions may affect the relationship between speed 

and left ventricular unloading (Adatya, 2015). Acoustic spectral analysis has 

also been proposed (Kaufmann, 2014). Invasive haemodynamic 

assessment may be required in selected cases when non invasive 

evaluation remains inconclusive. Occasionally, pump thrombosis may be 

addressed with review of the anticoagulation treatment or with a less 
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invasive approach (Schlendorf, 2014; Stulak, 2015) although pump 

exchange will be required in most patients (Mehra, 2014; Kapur, 2015). 

Accumulation of shear-mediated platelet injury due to the cyclic exposure to 

the hypershear environment of the pump remains the main mechanism 

leading to thrombus formation. Significantly high rotating speed with very 

narrow gap clearance between the impeller and the pump housing expose 

platelets to supraphysiologic shear stresses (Selmi, 2019). Although 

optimisation of pump geometry has led to significant reduction of in-pump 

thrombosis with the HeartMate III (Mehra, 2019), thrombo-embolic events 

have been observed. Therefore, an increased clearance gap between the 

housing and the blades of the device may not be enough to address the 

problem suggesting the involvement of other factors beyond pump 

hypershear. Additional haemodynamic conditions may further contribute to 

the thrombogenic potential of the whole LVAD system consisting of the 

native left ventricle, the inflow cannula, the impeller, the outflow graft and the 

anastomosis site on the ascending aorta. Prothrombotic haemodynamic 

conditions may occur at different locations within the LVAD system including 

recirculation zones and stagnant platelet trajectories in the pump. Specific 

LVAD configurations and management strategy based on partial aortic valve 

opening may help the system haemocompatibility and further reduce 

thrombotic risk (Selmi, 2019). In view of these considerations, it may be 

more appropriate to approach the problem in terms of LVAD system 

thrombosis based on a combination of engineering design of the pump, 

implantation configuration and angle of the outflow graft anastomosis, 

residual left ventricular contractility and intermittent opening of the aortic 

valve as contributors to the thrombogenic potential of the device used. 

Needless to say, a patient-specific modelling approach may help with 

treatment optimisation and possibly outcome prediction (Argueta-Morales, 

2014; Gray, 2018). 

 

5.12 Chapter Summary 

 

Blood is usually considered a Newtonian fluid in VADs calculations because 

of the high shear rates, as its viscosity remains constant for shear rates 

above 100 s
-1

. The use of generalised Newtonian models of blood rheology 

may lead to better predictions of the continuum properties of flow in VADs. 

Theoretical models accounting for biochemical, biophysical and 

biomechanical factors give a more comprehensive view of thrombus 

formation. Theoretical predictions in the context of in vitro and in vivo 

experimental evaluation would be desirable. Virchowôs triad describes the 
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three key factors involved in the development of thrombosis: 

hypercoagulable status; haemodynamic changes (stasis, turbulence); vessel 

wall endothelial injury/dysfunction. Similarly, three key elements may be 

identified during LVAD support leading to pump thrombosis: bio-reactive 

material, activated platelets, aberrant flow. The development of high shear 

stress in the non-physiological geometries of blood-recirculating devices is 

closely related to thrombus formation by chronic platelets activation. 

Multiscale modelling of the coagulation system can give accurate 

simulations of its dynamics, biochemical reactions, diffusivity, viscosity, 

mechanical properties of thrombus formation under shear flow and red blood 

cells behaviour. Device thrombogenicity emulation (DTE) methodology is a 

recently developed optimisation strategy aimed at the reduction of the 

thrombogenic potential in blood recirculating devices with particular 

reference to ventricular assist devices. DTE combines in silico advanced 

numerical simulations with in vitro techniques by correlating device 

haemodynamics with coagulation markers. Approaching the problem in 

terms of LVAD system thrombosis based on patient-specific modelling may 

play an important role in treatment optimisation and outcome prediction. 
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Chapter 6 

Thesis Objectives 
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6 Thesis Objectives 

6.1 Introduction 

 

Rotary blood pumps are increasingly used for the treatment of end-stage 

heart failure either as a bridge to transplant or for a more permanent 

solution. Since the REMATCH Trial, the technological development from 

pulsatile to continuous flow ventricular assist devices has led to an 

increased survival of patients on prolonged circulatory support. Continuous-

flow left ventricular assist devices (LVADs) have proven their reliability in 

relation to outcome following elective surgery in chronic heart failure patients 

before the onset of cardiogenic shock. In patients up to 70 years of age 

without cardiogenic shock, diabetes and renal failure, circulatory support 

with a continuous-flow LVAD showed 1- and 2-year survival of 80% and 

70%, which was comparable with heart transplantation. An analysis of the 

Interagency Registry for Mechanically Assisted Circulatory Support 

(INTERMACS) has showed greater durability for continuous flow LVADs in 

comparison with pulsatile flow devices. Durability issues are closely related 

to driveline infection and failure, thrombosis and haemolysis, pump drive unit 

failure and ultimately death following driveline or pump drive unit failure. 

Despite the sophisticated level of technology currently available, pump 

thrombosis remains the most feared complication with potentially disastrous 

consequences and impact on clinical outcome. Elevated flow stresses in the 

non physiologic geometries of blood re-circulating devices are closely 

related to thrombus formation by chronic platelet activation. This, rather than 

haemolysis, seems the key aspect of blood trauma in blood recirculating 

devices. VADs operate in a flow regime which has been difficult to simulate: 

the transitional region at the boundary of laminar and turbulent flow. 

Different approaches have been used but controversial issues still remain. 

Computational Fluid Dynamics (CFD) is an investigational tool that has 

played a significant role in the design and development of VADs, modelling 

of blood damage (thrombus formation and haemolysis) and patient-specific 

fluid-structure interaction analysis.  

The aim of this thesis is three-fold: 

a) to investigate the use of pressure-volume analysis in a clinical 

setting through the review of six heart failure patients previously 

discussed at a MDT meeting with a view to predict or guide further 

management; 

b) to review the theory behind modelling approaches to VADs and their 

interactions with the cardiovascular system for better understanding 

of their clinical use. Then, an overview of computational fluid 
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dynamics (CFD) is considered as a prelude to its application to the 

analysis of VADs performance. Additionally, the development of a 

simplified model of centrifugal pump will be used in initial 

simulations as preliminary analysis;  

c) to examine an example of a proof-of-concept pilot patient-specific 

model of an axial flow pump (HeartMate II) as pre-operative 

planning strategy in a patient-specific model with a view to identify 

potential critical areas that may affect pump function and outcome in 

a clinical setting. 

It is an ambitious vision although not impossible as long as there is 

willingness to co-operate and pursue a different approach to treatment.  

 

6.2 Thesis Hypothesis 

 

It is possible to develop a mathematical approach based on patient-specific 

modelling with a view to tailoring treatment for each individual patient 

undergoing VADs support.  

 

 

Device implantation is quite often based on a compromise between current 

available technology and patient features. The aim is to add a more 

informative process based on patient-specific treatment. Computational 

modelling of the cardiovascular system and its interactions with circulatory 

support devices is possible. Latest imaging technologies and their 

integration with computational methods allow in vivo visualisation and 

quantification of cardiac and device fluid mechanics. The aim of this work is 

to show its feasibility and its potential in daily clinical practice with the 

selection of a suitable model and boundary conditions for the planned 

simulations. The development of a common language between clinicians 

and engineering scientists is an important aspect for a successful outcome. 

Then, the development of simulations based on a method that is easy 

understandable and within the time constraints of clinical practice leading to 

results that are ready available to be interpreted for clinical-decision making 

is another achievable target with great potential for patientôs management.  

A more personalised approach based on patient-specific modelling is a 

vision in a non distant future with a view to offer predictive tools, fill gaps in 

imaging capabilities and contribute to further understanding of disease 

progression. Finally, the development of specific haemodynamic patterns to 

be used during patientsô follow up for comparison purposes would be an 

invaluable tool for continuity of care.   
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7 Pressure-Volume Analysis as a Preoperative Planning 

Strategy for Treatment Optimisation and Outcome Prediction 

 

7.1 Introduction 

 

Although still far from clinical application on a daily basis (Pedrizzetti, 2015; 

Bluestein, 2017), patient-specific modelling has consistently shown 

significant potential (Morris, 2016; Doshi and Burkhoff, 2016; Duanmu, 

2018). To overcome scepticism and gain wide acceptance, a model should 

be robust, realistic enough and easy to understand, with the ability to deliver 

reliable results within the time and constraints of clinical practice.  

This chapter shows how a simulation approach for the optimisation of 

device-based treatment may help and guide therapeutic intervention in 

advanced heart failure (Capoccia, 2018a; Capoccia, 2018b). The clinician 

remains the ultimate decision-maker.  

The management of advanced heart failure is demanding in view of the 

complex and challenging nature of these patients with often critical clinical 

presentation. A simulation-based approach with patient-specific modelling 

as a preoperative strategy may be used as an additional tool to guide 

therapeutic intervention in a clinical setting, aimed at treatment optimisation 

of these patients. Models based on pressureïvolume relationship and 

lumped-parameter representation of the cardiovascular system may be a 

suitable choice given their simplicity and versatility (Ferrari, 2015; De 

Lazzari, 2014; De Lazzari and Pirckhalava, 2017; Ferrari, 1992; De Lazzari, 

2005; De Lazzari and Quatember, 2016; De Lazzari, 2012). Although they 

provide less detailed predictions of pressure and flow waveforms, these 

models have shown great flexibility in simulating the haemodynamics of 

different cardiovascular conditions and therapeutic interventions with the 

potential to be run in real time on desktop, laptop or mobile devices (Doshi 

and Burkhoff, 2016). The successful clinical application of this approach 

requires further haemodynamics teaching to the medical community 

although its importance is still far from being fully appreciated (De Lazzari, 

2012; Kozarski, 2008; Fresiello, 2015). 

This approach has great potential for application in heart failure where the 

impact of left ventricular assist devices (LVADs) has played a significant role 

as a bridge to transplant and more recently as a long-term solution for non 

eligible candidates. Continuous flow rotary blood pumps are currently the 

most popular devices because of their smaller size, increased reliability and 

higher durability compared to pulsatile-flow devices. The trend towards their 

use is increasing.  
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The native ventricular behaviour can be modelled according to the time-

varying elastance theory (Suga and Sagawa, 1972; Suga, 1973; Suga and 

Sagawa, 1974), which remains a landmark despite its limitations 

(Claessens, 2006) and previous criticism when applied to a mechanically 

supported left ventricle (Vandenberghe, 2006). Significant elastance 

changes are observed during circulatory support with a blood displacement 

pump because of extreme and fast changing loading conditions. Therefore, 

the relationship between elastance and contractility may be no longer 

applicable when a second pump is connected to the systemic circulation 

(Vandenberghe, 2006). Elastance changes are also observed with 

continuous flow pumps where an increasing pump flow is related to a 

constant end-systolic volume, a decrease in end-diastolic volume and a 

maximum left ventricular pressure increase with a gradual increase in the 

slope (Ees) of the end-systolic pressureïvolume relationship (ESPVR) to 

justify dissociation between contractility and elastance (Vandenberghe, 

2006). Although a linear model has been proven sufficiently accurate 

(Stergiopulos, 1996; Segers, 2000; Segers, 2001) and adequate for realistic 

simulations of the instantaneous pressureïvolume relation (Lankhaar, 

2009), recent multi-scale modelling of the cardiovascular system (Pironet, 

2013) based on previously developed approaches (Negroni and Lascano, 

1999; Smith, 2003; Smith, 2004) has successfully addressed the limitations 

of the time-varying elastance theory with particular reference to load-

dependence of ESPVR. Further modelling techniques can describe a failing 

cardiovascular system (Luo, 2011) and ventricular interactions (Luo, 2008; 

Olansen, 2000; Chung, 1997). To address the shortcomings of the original 

time-varying elastance theory, a nonlinear time-varying lumped parameter 

model of the cardiovascular system (Ursino, 1998) can be modified to 

include the inter-ventricular septum and a rotor-dynamic, continuous flow 

LVAD (Wang, 2014). This is a more accurate heart failure model where the 

ESPVR is a unimodal function that takes into account the descending limb 

of the FrankïStarling curve, making it particularly suitable to study 

ventricular interactions and the leftward septal shift secondary to left 

ventricular decompression following LVAD insertion.  

 

7.2 Pressure-Volume Analysis in a Clinical Setting 

 

The value of a simulation approach was investigated in the context of six 

heart failure patients previously discussed at a multidisciplinary meeting with 

a view to predict or guide further management (Capoccia, 2018a; Capoccia, 

2018b; De Lazzari, 2019; De Lazzari, 2019a). The preoperative 

haemodynamic status of these patients was reproduced. Then, simulations 
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were carried out in the presence of a ventricular assist device in order to 

evaluate their suitability for prolonged mechanical circulatory support or 

other intervention.  

The aim was to compare the outcome of the simulations with the previously 

made clinical decision in order to investigate any relationship that may be 

applicable on a routine basis in future patient assessment. 

The key elements would be: 

¶ A more targeted approach for different groups of patients; 

¶ More quantitative evaluation in the clinical decision process; 

¶ The predictive value of simulation; 

¶ Preoperative planning and treatment optimisation.  

 

7.3 Material and Methods 

 

The study was carried out using CARDIOSIM
©
, which is a software package 

developed by the Cardiovascular Numerical Modelling LAB linked to the 

Institute of Clinical Physiology, CNR, Rome, Italy (http://cardi 

osim.dsb.cnr.it/). This is a numerical simulator of the cardiovascular system 

based on lumped parameter models, modified time-varying elastance and 

pressureïvolume analysis of ventricular function. The software is interactive 

and capable of reproducing physiological and pathological conditions for 

clinical decision-making in a controlled environment (De Lazzari, 2014; De 

Lazzari and Pirckhalava, 2017). The main feature is a modular approach 

with an updatable library of numerical models of different sections of the 

cardiovascular system, which can be assembled according to the need of 

the simulation. The software is particularly suitable to study the interactions 

with pulsatile or continuous flow ventricular assist devices (De Lazzari and 

Pirckhalava, 2017; De Lazzari, 2006a; De Lazzari, 2006b; De Lazzari, 

1998), intra-aortic balloon pump, artificial lung, biventricular assist device 

and biventricular pacing (De Lazzari and Pirckhalava, 2017; De Lazzari and 

Quatember, 2016; Darowski, 1999; De Lazzari, 2001; De Lazzari, 2010). 

The following equations describe the behaviour of the instantaneous left and 

right ventricular pressures ὖ ὸ and ὖ ὸ: 
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with: 
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where Ὡ ὸ  and Ὡ ὸ  are the left and right ventricular time-varying 

elastances, Ὡ ὸ is the inter-ventricular septum systolic elastance, 

ὠ ὸ and ὠ ὸ are the instantaneous left and right ventricular volumes, 

ὠ ȟ and ὠ ȟ are the left and right rest volumes, Ὁȟ  and Ὁȟ  are the left 

and right ventricular systolic elastances, Ὁȟ  and Ὁȟ  are the left and right 

ventricular diastolic elastances. ὥ ὸ and ὥ ὸ are the left and right 

activation functions for ventricular contraction and relaxation phases defined 

as: 
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where Ὕ  is the end of ventricular systole, Ὕ is the peak time of the T wave 

in the ECG signal and Ὕ is the cardiac cycle duration. The inter-ventricular 

septum elastance (Ὡ ὸ) is derived as: 
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where Ὁȟ  and Ὁȟ  are the inter-ventricular septum systolic and 

diastolic elastances. The activation function ὥ ὸ is described as 

follows: 
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where Ὕ is the peak time of the R wave in the ECG signal. 
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The following equations describe the behaviour of the instantaneous left and 

right atrial pressures (ὖ ὸ and ὖ ὸ): 
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where ὠ ὸ (ὠ ὸ) is the instantaneous left (right) atrial volume, ὠ ȟ 

(ὠ ȟ) is the resting left (right) atrial volume, ὖ ȟ (ὖ ȟ) is the resting left 

(right) atrial pressure. Ὡ ὸ and Ὡ ὸ are the left and right atrial time-

varying elastances: 
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where Ὁȟ  and Ὁȟ  are the left and right atrial systolic elastances, Ὁȟ  

and Ὁȟ  are the left and right atrial diastolic elastances. The left and right 

atrial activation functions ὥ ὸ and ὥ ὸ are described as follows: 
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where Ὕ  (Ὕ ) is the beginning (end) of atrial depolarization (P wave in the 

ECG signal). The inter-atrial septum elastance (Ὡ ὸ) is derived as: 
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where Ὁȟ  and Ὁȟ  are the inter-atrial septum systolic and 

diastolic elastances. The activation function ὥ ὸ  is defined as 

follows: 
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The Berlin Heart INCOR
®
 Pump (Fig. 7.1) is the LVAD integrated in the 

software and used for the simulations. The INCOR
®
 System is a unique 

pump specifically designed for long-term support (destination therapy) 

although it can be implanted as bridge to transplant and bridge to recovery.  

 

 

Figure 7.1 Berlin Heart INCOR
®
 Pump. From: Capoccia M, De Lazzari C. 

Concepts, Mathematical Modelling and Applications in Heart Failure, 2019, 

Nova Science Publishers. 

 

The blood flows from the left ventricle into the device through the inlet guide 

vane, which ensures laminar flow to the rotor. An active magnetic bearing 

enables the rotor to float contact-free and produce the required pumping 

work at 5000 to 10000 rpm. The outlet guide vane behind the rotor 

generates additional pressure with a specially aligned blade and directs the 

blood in the outlet cannula to the aorta. The INCOR
®
 pump creates a 

constant blood flow which, in combination with the native left ventricle, leads 

to pulsatility in the patient. 

An electric analogue of the device model is shown in Fig. 7.2. 

ὖ  is the left ventricular pressure and ὖ  is the systemic arterial pressure in 

the circulatory network. The input and output pump cannulae are modelled 

with the resistances Ὑ  and Ὑ , the compliances ὅ  and ὅ  and the 

inertances ὒ  and ὒ . ὗ  is the pump flow; ὗ  and ὗ  are the flows 

of the input and output cannulae. ὗ  and ὗ  can be calculated as follows: 
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Figure 7.2 Electric analogue of the Berlin Heart INCOR® Pump. From: 

Capoccia M, De Lazzari C. Concepts, Mathematical Modelling and 

Applications in Heart Failure, 2019, Nova Science Publishers. 
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where ὖ  and ὖ  are the pressures at the inlet and outlet cannulae. ὖ is 

the mean intrathoracic pressure. 

The LVAD flow is derived as follows: 
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where ὑ ȟ, Ὥ=1, 2, 3, 4, 5, 6, are constants and: 
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ὃ  is the component of the LVAD rotational speed, ὃ  is the amplitude of the 

pulsation component, ‐  is the phase difference between the LVAD 

pulsation component and the native cardiac timing. 

Table 7.1 shows the values of the parameters in Eqs. (7.11), (7.12) and 

(7.13)  and the pump rotational speeds used in the simulations (Saltarocchi, 

2018). 

 

Table 7.1 

 Inlet and Outlet 

Cannulae 

 

Parameter Value Unit 

╒○▬░ [╒○▬▫] 0.1 [0.1] mmHg-1 Ͻ ml 

╡○▬░ [╡○▬▫] 0.01 [0.01] mmHg Ͻ s Ͻ ml-1 

╛○▬░ [╛○▬▫] 1.2Ͻ10-4 [1.2×10-4] mmHg Ͻ s2 Ͻ ml-1 

 LVAD  

Pump 

rotational 

speed 

6000; 8900; 10000 rpm 

╚○╪▀ȟ 19.51840 LϽmin-1 

╚○╪▀ȟ -3.0361×10-3 LϽmin-1Ͻrpm-1 

╚○╪▀ȟ -1.23045 LϽmin-1ϽmmHg-1 

╚○╪▀ȟ 5.78974×10-4 LϽmin-1Ͻrpm-

1ϽmmHg-1 

╚○╪▀ȟ -5.8777×10-8 
LϽmin-1Ͻrpm-

2ϽmmHg-1 

╚○╪▀ȟ -1.27359×10-6 LϽmin-1Ͻrpm-

1ϽmmHg-2 

╚○╪▀ȟ 2.04834×10-10 LϽmin-1Ͻrpm-

2ϽmmHg-2 

 

The cardiovascular network shown in Figure 7.3 has been assembled in the 

software to carry out the simulations discussed in this chapter (Saltarocchi, 

2018). As shown in Fig. 7.3, the systemic arterial section consists of three 

RLC elements representing the aortic (Ὑ , ὒ  and ὅ ), thoracic (Ὑ , ὒ  

and ὅ ) and abdominal (Ὑ , ὒ  and ὅ ) compartment. Ὑὥί is the 

variable systemic peripheral resistance. The main (small) pulmonary section 

is reproduced by a RLC element: Ὑὴὥά, ὒὴὥά and ὅὴὥά (Ὑὴὥί, ὒὴὥί and 

ὅὴὥί). The arteriole (capillary) bed behaviour is reproduced by a single 

resistance Ὑὴὥὶ (Ὑὴὧ). The pulmonary venous section consists of a 

compliance (ὅὺὴ) and a resistance (Ὑὺὴ). ὖ is the mean intrathoracic 

pressure. The systemic venous section is modelled with the compliance ὅὺί 
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and the two resistances Ὑὺίρ and Ὑὺίς. Each valve is modelled as a diode 

with a resistance, assuming a unidirectional blood flow. ὙὰὭ and Ὑὰέ 

represent the resistances of the mitral and aortic valves (MV and AV); ὙὶὭ 

and Ὑὶέ are the resistances of the pulmonary and tricuspid valves (PV and 

TV). 

 

Figure 7.3 Electric analogue of the cardiovascular system used to carry out 

the simulations. From: Capoccia M, De Lazzari C. Concepts, Mathematical 

Modelling and Applications in Heart Failure, 2019, Nova Science Publishers. 

 

7.4  Results 

 

Patient #1 

 

A 34-year-old female patient with severe left ventricular systolic dysfunction 

(LVEF 27%) secondary to extensive anterior wall myocardial infarction, 

which was treated with percutaneous coronary intervention and stent 

insertion to the left anterior descending coronary artery with only partial 

benefit. Co-morbidities, including high body mass index (BMI), were 

considered prohibitive for heart transplantation; LVAD insertion considered 

unlikely to be beneficial; likely need for temporary RVAD support in view of 

reduced right ventricular stroke work index (ὙὠὛὡὍ). The outcome of the 

multidisciplinary team (MDT) meeting was to maintain this patient on 

medical treatment without any further intervention. 

Table 7.2 shows baseline haemodynamic parameters measured from right 

heart catheterisation (RHC) and echocardiogram on admission with the 

results obtained after simulation of baseline parameters and LVAD support 

(Capoccia, 2018a). The Ὁ Ὁϳ  ratio is a reliable index of ventricular-arterial 

coupling as previously discussed. Cardiac output (ὅὕ) after the simulation 
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consists of three values: the total Cardiac Output (ὝὕὝ), the left ventricular 

output flow (ὅὕ ) and the LVAD output flow (ὗ ). The pulmonary 

vascular resistance (ὖὠὙ) consists of two different values: the first one is 

calculated as the ratio between the trans-pulmonary gradient (ὝὖὋ) and 

ὅὕ ; the second one is calculated as the ratio between ὝὖὋ and ὗ .  

 

Table 7.2 

Patient #1 
Measured  

[RHC 1] 

Simulation 

[RHC 1] 
LVAD (Simulation) 

 
Max Min Mean Max Min Mean Max Min Mean 

║╟ [mmHg] 85-90 59 69.3 87.2 60.7 69.3 75.2 62.9 68.2 

╟╡═ [mmHg] 35 17 29 10.5 3.5 6.5 10.3 3.5 6.5 

╟╡╥ [mmHg] 61 14 38 44.2 8.0 20.4 43.5 8.0 20.1 

╟═ [mmHg] 62.0 30.0 42.0 44.0 39.7 42.0 43.3 38.7 40.9 

╟╒╦╟ [mmHg] 36.0 21.0 32.0 31 18.7 25.0 29.6 16.8 23.1 

╗╡ [bpm] 100 100 100 

╔╕╛╥ 27% 26.9% 31.4% 

║╢═ [m
2
] 1.98 1.98 1.98 

╒╞ [L/min] 2.7 2.7 

╒╞╥╔╝╣╡     0.67 

╠╥═╓          2.15 

╣╞╣           2.82 

╒╘ [L/min/m
2
] 1.36 1.36 0.34 

╣╟╖ [mmHg] 10 17 18 

╟╥╡ [wood unit] 3.7 6.3 
26.87   (18.0/0.67) 

6.38     (18.0/2.15) 

╡╥╢╦╘ [g/m
2
/beat] 2.4 6.53 6.86 

 
Estimated Simulated Simulated 

╥▄▀ [ml] ~100 100.4 89.76 

╥▄▼ [ml] ~73 73.4 61.57 

╔╪ [mmHg/ml] ~3.0 3.2 2.6 

╔▄▼ [mmHg/ml] - 0.88 0.88 

╔╪Ⱦ╔▄▼ - 3.64 2.95 

 

Simulation of LVAD support at 6000 rpm shows a reduction in ὠ  (10%) and 

in ὠ  (16%) leading to a leftward shift of the left PV loop. Left ventricular 

unloading is also related to the pulmonary arterial pressure (ὖὃ), which 

shows a 2.5% reduction from its baseline simulated value. The arterial 

elastance (Ὁ) decreases to 2.6 mmHg/ml and the Ὁ Ὁϳ  ratio decreases to 

2.95. These effects are induced by the presence of the pump with changes 

in total peripheral resistance. The (total) ὅὕ improves slightly reaching a 

value of 2.82 L/min with only 0.67 L/min provided by the native ventricle and 

the remaining 2.15 L/min provided by the LVAD. Further increase in total 
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cardiac output is not observed despite changes in the LVAD rotational 

speed. The left ventricular ejection fraction (LVEF) shows only a slight 

increase of 4.4%. Patient 1 is a typical example of difficult clinical decision-

making. Co-morbidities do play a role and must be taken into account during 

the MDT meeting. The simulation outcome for patient 1 does show a 

leftward shift of the pressureïvolume loops for the left and right ventricles 

with adequate ventricular volumes (Fig. 7.4), although the gain in ejection 

fraction may be initially limited. Nevertheless, it is true that further 

improvement is observed over a period of time (Capoccia, 2015) making 

LVAD insertion a suitable option for this patient.  

 

 

Figure 7.4 Simulation outcome for patient #1. Circle A (B) marks the left (left 

upper panel) and right (right upper panel) ventricular PV loop representing 

the diseased (assisted) status. The effects of drug administration were also 

simulated during LVAD support by increasing the ESPVR slope and 

decreasing the systemic and pulmonary resistance. From: Capoccia, 2018a 

J Biomed Eng Informatics. 

 

Because of the potential complications related to the associated co-

morbidities, the unanimous clinical decision to decline any further 

intervention but continue with medical treatment and eventually palliation 

may have been the way forward. Further argument in favour of LVAD 

insertion would be the recent evidence supporting the ñobesity paradoxò in 

cardiac surgery (Mariscalco, 2017), which is currently the subject of a hot 
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debate. The value of simulation on this occasion is the provision of 

haemodynamic data confirming the limited gain from LVAD insertion, which 

was only assumed during the MDT meeting. 

 

Patient #2 

 

Table 7.3 

Patient #2 
Measured  

[RHC 1] 

Simulation  

[RHC 1] 

LVAD 

(Simulation) 

LVAD + Milrinone 

(10%) 

(Simulation) 

 
Max Min Mean Max Min Mean Max Min Mean Max Min Mean 

║╟ [mmHg] 
95-

100 
58 72 97.2 60.5 72 81.7 63.3 70.6 82.2 62.6 70.5 

╟╡═ [mmHg] 14.0 2.0 9.0 14.9 5.4 10.0 14.9 5.5 10.0 15.2 5.3 10.1 

╟╡╥ [mmHg] 39.0 2.0 17.0 33.5 5.0 14.8 33.6 5.4 15.9 33.4 3.7 14.9 

╟═ [mmHg] 40.0 17.0 27.0 33.0 14.4 23.2 32.2 13.3 22.5 32.9 12.7 22.6 

╟╒╦╟ [mmHg] 28.0 7.0 18.0 26.6 8.9 14.3 25.9 7.9 13.4 27.3 7.6 13.6 

╗╡ [bpm] 65 65 65 65 

╔╕╛╥ 45% 45.1% 49.8% 55.9% 

║╢═ [m
2
] 2.35 2.35 2.35 2.35 

╒╞ [L/min] 5.3 5.3 

╒╞╥╔╝╣╡         1.72 ╒╞╥╔╝╣╡    2.04 

╠╥═╓              3.67 ╠╥═╓         3.92 

╣╞╣              5.39 ╣╞╣         5.96 

╒╘ [L/min/m
2
] 2.26 2.26 0.73 0.82 

╣╟╖ [mmHg] 9 8.9 9.1 9.0 

╟╥╡ [wood unit] 1.7 1.68 
5.3 (9.1/1.72) 4.41 (9.0/2.04) 

2.48 (9.1/3.67) 2.30 (9.0/3.92) 

╡╥╢╦╘ 

[g/m
2
/beat] 

8.5 6.23 6.0 6.63 

 
Estimated Simulated Simulated Simulated 

╥▄▀ [ml] ~181 180.74 166.4 163.83 

╥▄▼ [ml] ~99.6 99.2 83.5 72.2 

╔╪ [mmHg/ml] ~1.1 1.1 0.9 0.9 

╔▄▼ [mmHg/ml] - 0.68 0.68 0.748 

╔╪Ⱦ╔▄▼ - 1.62 1.32 1.2 

 

A 55-year-old male patient with hypertrophic cardiomyopathy in previous 

aortic valve replacement with mechanical prosthesis and subsequent 

development of critical stenosis of the left anterior descending coronary 

artery treated with percutaneous coronary intervention. LVEF 45% in the 

context of chronic atrial fibrillation, history of ventricular arrhythmias and 

renal impairment. Symptoms deterioration had required multiple hospital 

admissions and significant increase of the anti-failure treatment. Finally, 
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commenced on milrinone infusion. Considered unsuitable for LVAD 

insertion; listed for heart transplant. 

Table 7.3 shows the baseline haemodynamic parameters measured from 

right heart catheterisation and echocardiogram on admission with the results 

obtained after simulation of baseline parameters and LVAD support. The 

effect of Milrinone administration was also considered. 

Simulation of the haemodynamic status on admission shows comparable 

mean values with those measured during right heart catheterization. LVAD 

support at 6000 rpm shows significantly improved ὉὊ , particularly after 

Milrinone administration (49.8% vs 55.9%) with a reduction in ὠ  (9%) and 

in ὠ  (8%) and a subsequent leftward shift of the PV loop. Global cardiac 

performance also improves as demonstrated by the slight decrease in the 

Ὁ Ὁϳ  ratio to 1.32 (1.2 with Milrinone) and in Ὁ (0.9 mmHg/ml). The total 

ὅὕ is 5.39 (5.96 with Milrinone) L/min, with 1.72 (2.04 with Milrinone) L/min 

provided by the native left ventricle and 3.67 (3.92) L/min provided by the 

LVAD. Simulation of the baseline haemodynamic status for patient 2 shows 

comparable mean values with those measured during right heart catheter. 

LVAD support shows improved left ventricular ejection fraction with some 

reduction in pulmonary artery pressures. Figure 7.5 shows the simulation 

outcome for patient #2 (Capoccia, 2018b). 

 

 
Figure 7.5 Screen output obtained from CARDIOSIM

©
 showing baseline 

(PV loop A) and assisted status (PV loop B) for patient #2. From: Capoccia 

M, De Lazzari C. Concepts, Mathematical Modelling and Applications in 

Heart Failure, 2019, Nova Science Publishers. 

 

A

B

Ea
EaLVAD

AB
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Patient #3 

 

A 52-year-old male patient with severe left ventricular systolic and diastolic 

dysfunction with dilated left ventricle and LVEF 15% in previous myocardial 

infarction requiring coronary artery bypass grafting and subsequent insertion 

of internal cardioverter defibrillator. Pulmonary hypertension and 

deterioration of symptoms required Milrinone and diuretics infusion with the 

insertion of intra-aortic balloon pump. Placed on the transplant list with a 

view to LVAD insertion if further deterioration. Table 7.4 shows baseline 

haemodynamic parameters measured from right heart catheterisation and 

echocardiogram on admission with the results obtained after simulation of 

baseline parameters and LVAD support at 6000 rpm. 

 

Table 7.4 

Patient #3 
Measured 

[RHC 1] 

Simulation 

[RHC 1] 

LVAD 

(Simulation) 

LVAD + Milrinone 

(10%) 

(Simulation) 

 
Max Min  Mean Max Min  Mean Max Min  Mean Max Min  Mean 

║╟ [mmHg] 100 60 73.3 106.7 60 73.4 82.8 66.6 74.1 85.2 67.4 74.6 

╟╡═ [mmHg] 14 12 9.0 8.8 1.7 4.4 9.0 1.7 4.6 9.2 0.5 4.6 

╟╡╥ [mmHg] 53 5.0 - 33.0 1.0 11.6 31.5 1.0 11.3 32.4 0.5 11.6 

╟═ [mmHg] 58.0 27.0 37.0 32.8 22.6 28.0 31.3 20.4 26.2 32.2 19.9 26.5 

╟╒╦╟ [mmHg] 39.0 29.0 31.0 28.4 12.3 18.0 26.8 9.5 15.4 28.0 8.9 15.5 

╗╡ [bpm] 75 75 75 75 

╔╕╛╥ 15% 15% 18.9% 21.9% 

║╢═ [m2
] 2.16 2.16 2.16 2.16 

╒╞ [L/min] 4.2 4.2 

╒╞╥╔╝╣╡     0.74 ╒╞╥╔╝╣╡   0.93 

╠╥═╓            3.8 ╠╥═╓         4.22 

╣╞╣          4.54 ╣╞╣         5.15 

╒╘ [L/min/m
2
] 1.94 1.94 0.34 0.43 

╣╟╖ [mmHg] 6 10.0 10.8 11 

╟╥╡ [wood unit] 1.43 2.38 
14.6 (10.8/0.74) 11.83 (11/0.93) 

2.84 (10.8/3.8) 2.61 (11/4.22) 

╡╥╢╦╘ 

[g/m
2
/beat] 

9.87 8.32 8.23 9.47 

 
Estimated Simulated Simulated Simulated 

╥▄▀ [ml] ~373 372.53 320.16 313.74 

╥▄▼ [ml] ~317 316.55 259.6 245.0 

╔╪ [mmHg/ml] ~1.6 1.9 1.3 1.2 

╔▄▼ [mmHg/ml] - 0.4 0.4 0.44 

╔╪Ⱦ╔▄▼ - 4.75 3.25 2.73 
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Despite some variability between measured and simulated parameters on 

admission, the outcome after the simulations is mostly favourable. ὉὊ 

increases after LVAD support to 19% (22% with Milrinone administration) 

with 14% reduction in ὠ  (16% with Milrinone), 18% reduction in ὠ  (22.5% 

with Milrinone) and a leftward shift of the PV loop. The lower Ὁ , which 

decreases to 1.3 (1.2 with Milrinone) mmHg/ml, gives a better ventricular-

arterial coupling; the Ὁ Ὁϳ  ratio decreases to 3.25 (2.73) from its simulated 

starting value of 4.75. The total ὅὕ is 4.54 (5.15 with Milrinone) L/min, with 

3.8 (4.22) L/min provided by the LVAD and 0.74 (0.93) L/min provided by 

the native left ventricle. 

The outcome for patient 3 is most beneficial with significant reduction of 

pulmonary artery pressures confirming the primary indication for LVAD 

support to achieve pulmonary haemodynamics compatible with 

transplantation. 

 

Patient #4 

 

A 29-year-old male patient with dilated cardiomyopathy and severe left 

ventricular systolic dysfunction (LVEF 21%). Deterioration of symptoms with 

multiple hospital admissions despite the highest medical treatment required 

LVAD support followed by heart transplant 12 months later.  

 

 
 

Figure 7.6 Screen output from CARDIOSIM
© 

for patient #4. Left ventricular 

pressure-volume loops on admission (PV loop [A]), with LVAD at 8900 rpm 

(PV loop [B]) and 6000 rpm (PV loop [C]) are shown in the middle window. 

The simulations were performed without considering the effects induced by 

Milrinone. From: Capoccia M, De Lazzari C. Concepts, Mathematical 

Modelling and Applications in Heart Failure, 2019, Nova Science Publishers. 

[A]

[B]

[C]
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Table 7.5 and 7.6 show baseline haemodynamic parameters measured from 

right heart catheterisation and echocardiogram on admission with the results 

obtained after simulation of baseline parameters and LVAD support at 8900 

rpm and 6000 rpm. The effect of Milrinone administration is also considered 

(Saltarocchi, 2018).  

 

Table 7.5 

Patient #4 
Measured  

[RHC 1] 

Simulation  

[RHC 1] 

LVAD [8900 rpm] 

(Simulation) 

 
Max Min  Mean Max Min  Mean Max Min  Mean 

║╟ [mmHg] 85 69.6 59 94.0 69.6 60.0 80.6 68.0 71.0 

╟╡═ [mmHg] - - 8.0 - - 3.6 - - 3.5 

╟╡╥ [mmHg] 60 9.0 30 65 1.0 19 61.4 1.0 18.0 

╟═ [mmHg] 64 34.0 49.0 - - 55.4 - - 50 

╟╒╦╟ [mmHg] - - 39.0 - - 37.3 - - 31.6 

╗╡ [bpm] 78 78 78 

╔╕╛╥ 21% 21% 15.1% 

║╢═ [m2
] 1.83 1.83 1.83 

╒╞ [L/min] 4.6 4.6 

╒╞╥╔╝╣╡        1.13 

╠╥═╓            3.82 

╣╞╣             4.95 

╒╘ [L/min/m
2
] 2.51 2.51 0.62 

╣╟╖ [mmHg] 10 18.4 18.4 

╟╥╡ [wood unit] 2.17 4.0 
16.28 (18.4/1.13) 

4.82 (18.4/3.82) 

╡╥╢╦╘ [g/m
2
/beat] 17.97 22.7 21.93 

 
Estimated Simulated Simulated 

╥▄▀ [ml] ~280.8 280.7 233.7 

╥▄▼ [ml] ~221.8 221.7 198.4 

╔╪ [mmHg/ml] ~1.3 1.6 2.3 

╔▄▼ [mmHg/ml] - 0.468 0.468 

╔╪Ⱦ╔▄▼ - 3.42 4.91 

 

Simulated admission parameters show comparable mean values with those 

measured during right heart catheterisation. LVEF decreases to 15% after 

LVAD support at 8900 rpm (18.3% with Milrinone administration; 18.3% at 

6000 rpm with Milrinone administration), with 18% reduction in ὠ  (19.5%; 

24%), 10% reduction in ὠ  (17%; 19.5%) and a leftward shift of the PV loop. 

Ὁ increases to 2.3 mmHg/ml at 8900 rpm (2.0 mmHg/ml with Milrinone; 2.3 

mmHg/ml at 6000 rpm with Milrinone) with an increase in Ὁ/Ὁ  ratio to 4.91 

(3.88; 4.47). The total ὅὕ is 4.95 L/min at 8900 rpm (5.42 with Milrinone; 
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5.42 at 6000 rpm with Milrinone) with 1.13 (1.6; 0.77) L/min provided by the 

native left ventricle and 3.82 (3.82; 4.74) L/min provided by the LVAD. 

Figure 7.6 shows the screen output obtained using CARDIOSIM© software 

for patient #4 (Saltarocchi 2018). The main window in the figure compares 

the cardiac cycle in different situations in terms of PV loops. The [A] loop 

shows the baseline setting on admission; the [B] loop shows simulated 

conditions with LVAD at 8900 rpm; the [C] loop shows simulated conditions 

with LVAD at 6000 rpm. The right upper box shows the simulated mean 

hemodynamic parameters during LVAD support at 6000 rpm. The right 

lower box shows ὠ , ὠ , stroke volume Ὓὠ and ὉὊ%. 

 

Table 7.6 

Patient #4 

LVAD [8900 rpm] 

+ Milrinone (10%)  

(Simulation) 

LVAD [6000 rpm] 

+ Milrinone (10%)  

(Simulation) 

 
Max Min  Mean Max Min  Mean 

║╟ [mmHg] 82 67 71 78 69 71 

╟╡═ [mmHg] - - 3.6 - - 3.6 

╟╡╥ [mmHg] 60.0 1.0 18.0 59.0 1.0 17.0 

╟═ [mmHg] - - 49 - - 48 

╟╒╦╟ [mmHg] - - 30.4 - - 29 

╗╡ [bpm] 78 78 

╔╕╛╥ 18.3 18.3 

║╢═ [m2
] 1.83 1.83 

╒╞ [L/min] 

╒╞╥╔╝╣╡         1.6 ╒╞╥╔╝╣╡       0.77 

╠╥═╓           3.82        ╠╥═╓           4.74        

╣╞╣           5.42      ╣╞╣           5.51      

╒╘ [L/min/m
2
] 0.87 0.42 

╣╟╖ [mmHg] 18.6 19.0 

╟╥╡ [wood unit] 
11.6 (18.6/1.6) 24.68 (19/0.77) 

4.87 (18.6/3.82) 4.01 (18/4.74) 

╡╥╢╦╘ [g/m
2
/beat] 23.44 23.31 

 
Simulated Simulated 

╥▄▀ [ml] 225.5 212.4 

╥▄▼ [ml] 184.2 178.4 

╔╪ [mmHg/ml] 2.0 2.3 

╔▄▼ [mmHg/ml] 0.515 0.515 

╔╪Ⱦ╔▄▼ 3.88 4.47 
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Patient #5 

 

A 58-year-old male patient with ischaemic cardiomyopathy and left 

ventricular systolic dysfunction (LVEF 36%). Multiple hospital admissions 

because of significant deterioration of the clinical picture requiring LVAD 

insertion.  

 

Table 7.7 

Patient #5 
Measured  

[RHC 1] 

Simulation  

[RHC 1] 

LVAD [8900 rpm] 

(Simulation) 

 
Max Min Mean Max Min Mean Max Min Mean 

║╟ [mmHg] 112 68 82 114 69 82 96.7 68.0 82 

╟╡═ [mmHg] - - 12.0 - - 6.4 - - 6.6 

╟╡╥ [mmHg] 71 23 39 59 8.0 21 55 8 20 

╟═ [mmHg] 67 27 43 55 45 50 51 42 47 

╟╒╦╟ [mmHg] 41 20 32 42 14 30 38 10 25.5 

╗╡ [bpm] 80 80 80 

╔╕╛╥ 36% 35.9% 28.8% 

║╢═ [m
2
] 1.88 1.88 1.88 

╒╞ [L/min] 5.4 5.4 

╒╞╥╔╝╣╡        1.86 

╠╥═╓            3.78 

╣╞╣             5.64 

╒╘ [L/min/m
2
] 2.87 2.87 0.99 

╣╟╖ [mmHg] 11 20 18.4 

╟╥╡ [wood unit] 2.04 3.7 
16.28 (18.4/1.13) 

4.82 (18.4/3.82) 

╡╥╢╦╘ [g/m
2
/beat] 15.14 21.24 21.93 

 
Estimated Simulated Simulated 

╥▄▀ [ml] ~187.5 188 154.3 

╥▄▼ [ml] ~120 120 109.9 

╔╪ [mmHg/ml] ~1.49 1.6 2.1 

╔▄▼ [mmHg/ml] - 1.0 1.0 

╔╪Ⱦ╔▄▼ - 1.6 2.1 

 

Table 7.7 and 7.8 show baseline haemodynamic parameters measured from 

right heart catheterisation and echocardiogram on admission with the results 

obtained after simulation of baseline parameters and LVAD support at 8900 

rpm and 6000 rpm. The effect of Milrinone administration is also considered. 

Some variability between measured and simulated admission parameters is 

observed with particular reference to the right heart haemodynamic 

parameters. LVEF drops to 28.8% during LVAD support at 8900 rpm (33.2% 

with Milrinone; 29.5% at 6000 rpm with Milrinone) with 18% reduction in ὠ  
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(22%; 28%), 8.5% reduction in ὠ  (18.5%, 20.5%) and a leftward shift of the 

PV loop. Ὁ  increases to 2.1 mmHg/ml at 8900 rpm (1.9 mmHg/ml with 

Milrinone; 2.2 mmHg/ml at 6000 rpm with Milrinone) with concomitant 

increase in the ὉȾὉ  ratio to 2.1 (1.73; 2.0). The Total ὅὕ is 5.64 L/min at 

8900 rpm (5.42 L/min with Milrinone; 6.03 L/min at 6000 rpm with Milrinone) 

with 1.86 (1.6; 1.25) L/min provided by the left ventricle and 3.78 (3.82; 4.78) 

L/min provided by the LVAD.  

 

Table 7.8 

Patient #5 

LVAD [8900 rpm] 

+ Milrinone (10%) 

(Simulation) 

LVAD [6000 rpm] 

+ Milrinone (10%) 

(Simulation) 

 
Max Min Mean Max Min Mean 

║╟ [mmHg] 94.5 73.3 79 90 76,2 79.2 

╟╡═ [mmHg] - - 6.8 - - 6.8 

╟╡╥ [mmHg] 53 2 19.9 5 1 20 

╟═ [mmHg] 49 39 44 48 38 43.6 

╟╒╦╟ [mmHg] 37.4 10 24 36 9 23 

╗╡ [bpm] 80 80 

╔╕╛╥ 33.2   29.5 

║╢═ [m
2
] 1.88 1.88 

╒╞ [L/min] 

╒╞╥╔╝╣╡         1.6 ╒╞╥╔╝╣╡       1.25 

╠╥═╓           3.82        ╠╥═╓           4.78        

╣╞╣           5.42      ╣╞╣           6.03      

╒╘ [L/min/m
2
] 1.17 0.67 

╣╟╖ [mmHg] 20.4 20.6 

╟╥╡ [wood unit] 
5.37 (20.4/3.8) 24.68 (19/0.77) 

9.32 (20.4/2.19) 4.01 (18/4.74) 

╡╥╢╦╘ [g/m
2
/beat] 20.37 20 

 
Simulated Simulated 

╥▄▀ [ml] 146.3 135.7 

╥▄▼ [ml] 97.7 95.6 

╔╪ [mmHg/ml] 1.9 2.2 

╔▄▼ [mmHg/ml] 1.1 1.1 

╔╪Ⱦ╔▄▼ 1.73 2.0 

 

The data plotted in Fig. 7.7 were obtained from the left ventricular 

instantaneous pressure and volume stored in an Excel file during the 

simulation. The PV loops represent the cardiac cycle in three specific 

situations: conditions on admission (continuous line); simulation conditions 

with LVAD at 8900 rpm and Milrinone (dashed line); simulation conditions 

with LVAD at 6000 rpm and Milrinone (dotted line). 
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Figure 7.7 Left ventricular PV loop in patient #5. Admission (continuous 

line), LVAD assistance at 8900 rpm (dashed line) and at 6000 rpm (dotted 

line). Milrinone administration effects were also simulated during the 

assistance. From: Capoccia M, De Lazzari C. Concepts, Mathematical 

Modelling and Applications in Heart Failure, 2019, Nova Science Publishers.  

 

Patient #6 

 

A 51-year-old male with ischaemic cardiomyopathy and severe left 

ventricular systolic dysfunction (LVEF 21%). Significant deterioration of 

symptoms required LVAD insertion. 

 

 

Figure 7.8 PV loops in patient #6. From right to left: status on admission; 

simulated conditions with: LVAD support at 10000 rpm; LVAD support at 

10000 rpm and Milrinone administration; LVAD support at 8900 rpm and 

Milrinone administration; LVAD support at 8900 rpm. From: Capoccia M, De 

Lazzari C. Concepts, Mathematical Modelling and Applications in Heart 

Failure, 2019, Nova Science Publishers.  

 

Table 7.9 and 7.10 show baseline haemodynamic parameters measured 

from right heart catheterisation and echocardiogram on admission with the 
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results obtained after simulation of baseline parameters and LVAD support 

at 8900 rpm and 10000 rpm.  

 

Table 7.9 

Patient #6 
Measured  

[RHC 1] 

Simulation  

[RHC 1] 

LVAD [8900 rpm] 

(Simulation) 

 
Max Min Mean Max Min Mean Max Min Mean 

║╟ [mmHg] 106 70 82 107 73 82 91.2 89.6 90.6 

╟╡═ [mmHg] - - 14.0 - - 5 - - 4.7 

╟╡╥ [mmHg] 57 10 23 64 2 20 54 1 18 

╟═ [mmHg] 68 41 53 55 45 58 49 44 46.7 

╟╒╦╟ [mmHg] - - 49 - - 47 - - 32.4 

╗╡ [bpm] 102 102 102 

╔╕╛╥ 21% 21% 15.5% 

║╢═ [m
2
] 2.02 2.02 2.02 

╒╞ [L/min] 3.2 3.2 

╒╞╥╔╝╣╡                 0 

╠╥═╓            3.79 

╣╞╣             3.79 

╒╘ [L/min/m
2
] 1.6 1.57 - 

╣╟╖ [mmHg] 4 11 14.3 

╟╥╡ [wood unit] 1.25 3.44 
- 

3.77 (14.3/3.79) 

╡╥╢╦╘ [g/m
2
/beat] 8.16 11.1 10.4 

 
Estimated Simulated Simulated 

╥▄▀ [ml] ~149.4 149.9 103 

╥▄▼ [ml] ~118 118 87 

╔╪ [mmHg/ml] ~3.04 3.3 4.6 

╔▄▼ [mmHg/ml] - 0.961 0.961 

╔╪Ⱦ╔▄▼ - 3.43 4.79 

 

A difference is observed between some simulated and admission 

parameters (such as ὖ , ὖὃ, ὖὠὙ). LVEF decreases to 15.5% during 

simulated LVAD support at 8900 rpm (16% with Milrinone; 18.3 at 10000 

rpm with Milrinone) with 31% reduction in ὠ  (24,5%; 19%), 26% reduction 

in ὠ  (19%; 16%) and subsequent leftward shift of the PV loop. ὖὅὡὖ drops 

to 32.4 (36; 38) mmHg; ὖὃ pressure also drops to 46.7 mmHg during LVAD 

support at 8900 rpm. Ὁ  increases to 4.6 mmHg/ml at 8900 rpm (4.9 

mmHg/ml with Milrinone; 4.2 mmHg/ml at 10000 rpm with Milrinone) leading 

to an increase in ὉȾὉ  ratio to 4.79 (4.64; 3.97). The total ὅὕ increases to 

3.79 L/min during LVAD support at 8900 rpm (3.94 with Milrinone; 3.85 at 

10000 rpm with Milrinone), but with no flow (0.14; 0.73 L/min) provided by 

the native left ventricle and 3.79 (3.8; 3.12) L/min provided completely by the 

LVAD. 
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Data plotted in Fig. 7.8 were obtained from the left ventricular instantaneous 

pressure and volume stored in an Excel file during the simulation. The PV 

loops represent the cardiac cycle in five specific situations: From right to left: 

ñAdmissionò conditions; simulated conditions with LVAD support at 10000 

rpm;  simulated conditions with LVAD support at 10000 rpm and Milrinone 

administration; simulated conditions with LVAD support at 8900 rpm and 

Milrinone administration; simulated conditions with LVAD support at 8900 

rpm. 

 

Table 7.10 

Patient #6 

LVAD [8900 rpm] 

+ Milrinone (10%) 

(Simulation) 

LVAD [10000 rpm] 

+ Milrinone (10%) 

(Simulation) 

 
Max Min Mean Max Min Mean 

║╟ [mmHg] 88 84 85 93 82 85 

╟╡═ [mmHg] - - 4.7 - - 4.7 

╟╡╥ [mmHg] 56 1 18 57 2 19 

╟═ [mmHg] 51 46 49 53 48 51 

╟╒╦╟ [mmHg] - - 36 - - 38 

╗╡ [bpm] 102 102 

╔╕╛╥ 16 18.3  

║╢═ [m
2
] 2.04 2.04 

╒╞ [L/min] 

╒╞╥╔╝╣╡         0.14 ╒╞╥╔╝╣╡       0.73 

╠╥═╓            3.8 ╠╥═╓           3.12        

╣╞╣            3.94     ╣╞╣           3.85      

╒╘ [L/min/m
2
] 0.07 0.36 

╣╟╖ [mmHg] 13 13 

╟╥╡ [wood unit] 
3.42 (13/3.8) 4.17 (13/3.12) 

92.86 (13/0.14) 17.81 (13/0.73) 

╡╥╢╦╘ [g/m
2
/beat] 11.41 11.65 

 
Simulated Simulated 

╥▄▀ [ml] 113.4 121 

╥▄▼ [ml] 95.3 98.8 

╔╪ [mmHg/ml] 4.9 4.2 

╔▄▼ [mmHg/ml] 1.057 1.057 

╔╪Ⱦ╔▄▼ 4.64 3.97 

 

7.5 Discussion 

 

The accuracy and reliability of CARDIOSIM
©
 software has been confirmed 

by statistical analysis with Student t-test and K Cohen index with no 

difference between measured and simulated parameters (Saltarocchi, 

2018). Despite the preliminary nature of this study and the limited number of 
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patients considered, CARDIOSIM
©
 has the potential to deliver reliable 

simulations for a more quantitative and critical evaluation of patients in 

advanced heart failure. The clinician remains the ultimate decision-maker 

but relies on an additional tool that may reduce unnecessary guess work 

and perhaps give reassurance and possibly reduce uncertainty. 

A simulation-based approach as a potential preoperative strategy in the 

context of patient-specific modelling in advanced heart failure may be an 

additional tool to obtain accurate predictions of device performance in a 

clinical setting aimed at treatment optimisation of this complex and 

challenging group of patients. Patients in advanced heart failure are critical 

and their management can be very demanding with emotion running high 

when dealing with younger patients. The clinical cases considered are 

typical heart failure patients referred for assessment for transplant or LVAD 

insertion.  The same approach is applicable to optimise the use of the intra-

aortic balloon pump (IABP) and extracorporeal membrane oxygenation 

(ECMO) in its different configurations (De Lazzari, 2020; De Lazzari, 2021; 

De Lazzari, 2022). Figure 4.15 to Figure 4.22 give additional details. 

Cardiovascular modelling has been very successful in increasing our 

knowledge of physiological mechanisms based on simplified representations 

of complex biological systems that can be used to study their behaviour at 

different levels (Lumens, 2012). 

The Cardiac Physiome project is currently the most ambitious and 

successful application of mathematical and computational modelling aimed 

at the advancement of our understanding of physiology using a quantitative 

multi-scale approach. Cardiovascular modelling has now reached the stage 

at which clinical application in the form of patient-specific modelling may 

become a daily routine in a non distant future. For this approach to become 

reality, a model must be reliable, reproducible and reduce uncertainty 

(Bassingthwaighte, 2009; Lumens, 2012). While effective in the laboratory, 

almost all the decision support tools have failed when applied to clinical 

practice (Yang, 2016). Therefore, it is essential to overcome skepticism by 

developing a strong and realistic model that can fulfil the expectations. The 

focus must be on modelling and simulation not as a substitute for clinical 

experience but as an additional tool to guide therapeutic intervention or 

predict clinical outcome: the clinician will be the ultimate decision-maker. 

The development of a comprehensive, integrated model of the 

cardiovascular system based on lumped-parameter models, modified time-

varying elastance and pressureïvolume analysis of ventricular function is an 

attractive prospect with a view to clinical application. The differential 

equations describing such a model can be solved relatively easy and yield 
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answers in terms of pressureïvolume loops and time-dependent tracings of 

pressure, flow and volume that may well help the decision process and 

management in the clinical setting. CARDIOSIM© fulfils these requirements 

compared to other software such as CircAdapt Simulator, HemoLab and 

Harvi. The CircAdapt Simulator is based on the CircAdapt model (Arts, 

2005; Lumens and Delhaas, 2012; Lumens, 2014), which has been 

designed to simulate the dynamics of the heart and the circulation with the 

inclusion of a realistic relationship between pressureïvolume load and 

tissue mechanics where the geometry of the components is obtained by 

adaptation to mechanical load. The implementation of the TriSeg model 

(Lumens, 2009) enables realistic simulation of ventricular mechanics 

including interactions between left and right ventricle, dynamics of septal 

geometry and myofibre mechanics in the three ventricular walls. The 

interesting feature of the CircAdapt model is its combined adaptation of 

heart and vessels over a relatively long period of time resulting in self-

structuring of the circulation as a system in which a steady-state solution is 

obtained (Arts, 2011; Arts, 2012). This feature makes the model a potential 

tool for clinical application with the aim of predicting the evolution of a 

diseased status and the effects of an interventional procedure (Lumens, 

2012; Lumens and Delhaas, 2012; Lumens, 2014; Lumens, 2012b; Lumens, 

2013) although there is a lack of suitable models for VADs support. Despite 

its limitations, the CircAdapt model is considered easy to use, requires 

relatively low computational time and allows realistic simulations of the 

circulation with boundary conditions suitable for more complicated models 

based on finite element analysis. HeMoLab (Haemodynamics Modelling 

Laboratory) is an integrated computational environment for the modelling of 

the cardiovascular system. It is an effective research tool and a virtual 

simulation laboratory (Larrabide, 2012; Blanco, 2017; HeMoLab http://hemol 

ab.lncc.br/). HeMoLab consists of a combination of models, which can be 

coupled locally and globally in order to obtain the systemic response of the 

cardiovascular system: the so called 3-D, 1-D and 0-D models. The 

propagation of the arterial pulse is represented with a 1-D and 0-D model, 

which describes the behaviour of the flow rate, mean pressure and cross-

sectional area as a function of time. HeMoLab is a suitable environment for 

the simulation of the effects of aging, vasodilatation, vasoconstriction, rest 

and exercise and calculation of characteristic impedance of the arterial 

network. Although attractive, the software remains confined to a research 

environment at present. Harvi is an interactive simulation textbook of 

cardiovascular physiology and haemodynamics based on a previously 

described electric circuit (Harvi http://www.pvloo ps.com/; Santamore, 1991; 
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Burkhoff, 1993) in which ventricular and atrial contraction are represented by 

a modified time-varying elastance approach (Doshi and Burkhoff, 2016).  In 

view of its features, CARDIOSIM© may be a more suitable choice with 

particular reference to the effects of mechanical circulatory support on the 

cardiovascular system. 

Lumped-parameter models assume a uniform distribution of pressure, 

volume and flow within any specific compartment at any instant in time while 

higher dimensional models recognise the variation in space of these 

parameters. Lumped-parameter models consist of simultaneous ordinary 

differential equations complemented by an algebraic balance equation and 

are suitable for examination of global distribution of pressure, flow and 

volume over a range of physiological conditions with inclusion of the 

interaction between modelled components. Higher dimensional models 

consist of partial differential equations complemented by balance equations. 

1-D models represent wave transmission effects within the vascular system 

but 3-D numerical solutions are required for complex flow patterns with 

analytical solutions obtained only for the simplest geometry (Shi, 2011). A 

single-branch multiple compartment model of the vascular system is suitable 

for the evaluation of short-term VAD support compared to an overly detailed 

vessel branch model where parameter setting becomes quite difficult. 

Higher level lumped-parameter modelling is required to address the 

interaction between the circulation and other systems but a compromise 

between complexity and ability to set the required parameters is needed to 

personalise an integrated lumped model for a patient-specific approach. 

CARDIOSIM© does address the systems interaction with its modular 

approach and assembly of models with varying degree of complexity 

although 0-D and 1-D coupling may be required for the evaluation of long-

term VAD support. 

The effect on ventricularïarterial coupling following LVAD support has also 

been considered during the simulations. Age-related vascular stiffening and 

the concomitant changes in left ventricular diastolic compliance are 

frequently observed in heart failure with preserved ejection fraction and in 

aortic valve stenosis (Antonini-Canterin, 2009). Ventricularïarterial coupling 

is strictly related to cardiovascular performance and can be accurately 

quantified in terms of pressure and volume. The left ventricle and the arterial 

system are considered elastic chambers with known volume elastance 

where left ventricular performance is measured by Ees, which is the slope of 

the ESPVR while the arterial system is measured by its elastance Ea, which 

is the slope of the arterial end-systolic pressureïstroke volumeï effective 

arterial elastance relationship (Kelly, 1992; Antonini-Canterin, 2009). The 
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Ea/Ees ratio may be considered as a reliable performance index for 

ventricularïarterial coupling. An Ea/Ees ratio close to 1 relates to 

appropriate coupling between the left ventricle and the arterial system. 

Impaired coupling occurs in heart failure where Ees decreases following left 

ventricular systolic dysfunction and Ea is increased because of elevated 

impedance and reduced compliance (Antonini-Canterin, 2009). 

The simulations discussed in this context show that LVAD assistance can 

achieve appropriate ventricularïarterial coupling with an Ea/Ees ratio close 

to 1. The potential of this parameter may well justify further study for its 

routine clinical application in heart failure patients. 

 

7.6 Conclusion 

 

A simulation approach in a clinical setting may well add a more quantitative 

approach to help the whole process, generate more critical thinking and 

perhaps give reassurance. The clinical scenarios discussed in this article 

are only an example of how the subject can be further developed and used 

as part of a preoperative planning strategy. The development of an 

integrated model of the cardiovascular system based on lumped-parameter 

representation, modified time-varying elastance and pressureïvolume 

analysis of ventricular function seems a feasible and suitable approach 

yielding a sufficiently accurate quantitative analysis in real time. The 

challenge remains the ability to predict outcome over a longer period of time. 

Patient-specific modelling may become a daily approach for clinical 

management and optimisation of device treatment. Willingness to adopt 

such an integrated approach may be the key to further progress.  

 

 

 

 

 

 



181 
 

 

 

Figure 7.9 Electrical analogue of the systemic arterial section and the intra-

aortic balloon pump (IABP). The systemic compartment consists of aortic 

(AT), thoracic (TT) and abdominal tract (ABT). The abdominal bed is divided 

in two parts modelled with RABD1, LABD1, CABD1 and RABD2, LABD2, CABD2 and 

Ras elements. The aortic, thoracic and first abdominal tract is directly 

influenced by IABP activation. Qi (i = AT, TT, ABT1 and ABT2) represents 

the flow inside each compartment. RAT, LAT, and CAT (RTT, LTT, and CTT) 

reproduce the aortic (thoracic) bed. The compliances CIABP1, CIABP2 and 

CIABP3 and the resistances RIABP1, RIABP2 and RIABP3 with the generator PIABP 

allow simulating the effects of IABP. Pt = intrathoracic pressure. From: De 

Lazzari Comput Methods Progr Biomed 2020. 
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Figure 7.10 Screen output from CARDIOSIM© software simulator with 

instantaneous values obtained during IABP assistance. [A] left ventricular 

loops obtained when IABP ratio is set to 1:2 (red lines) and to 1:4 (blue 

lines). Ea1, green lines (Ea2, lilac lines) is the systemic arterial elastance 

when IABP ratio is set to 1:2 (1:4). [B] ([C]) aortic (red lines) and ventricular 

pressures when IABP ratio is set to 1:4 (1:8). From: De Lazzari Comput 

Methods Progr Biomed 2020. 

 

 
Figure 7.11 Schematic representation of VARA-DA ïECMO (veno-arterial 

central ECMO) and VV IVC-SVC ïECMO (veno-venous peripheral ECMO) 

configurations. In VARA-DA -ECMO mode, the centrifugal pump takes blood 

from the right atrium (continuous blue line) and ejects it into the descending 

aorta (continuous red line). In VVIVC-SVC -ECMO mode, the centrifugal pump 

takes blood from the inferior vena cava (dashed blue line) and ejects it into 

superior vena cava (dashed red line). From: De Lazzari Comput Methods 

Progr Biomed 2021. 
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Figure 7.12 Schematic representation of VAFV-TA -ECMO configuration 

(veno-arterial peripheral ECMO). The centrifugal pump draws blood from the 

femoral vein (continuous blue line) and ejects it into the thoracic aorta (TA) 

(continuous red line). In the triple cannulation VV-A ECMO, the pump draws 

blood from FA (continuous blue line) and LV (dashed lilac line), and ejects it 

into the TA (continuous red line). In the triple cannulation VA-A ECMO, the 

pump draws blood from FA (continuous blue line) and LA (dashed blue line), 

respectively and ejects it into the TA (continuous red line). From: De Lazzari 

Comput Methods Progr Biomed 2021. 

 

 
Figure 7.13 Electric analogue of the inlet and outlet cannula connected to 

the centrifugal pump. QoCANN (QiCANN) is the flow through the output (input) 

cannula. RoCANN, CoCANN and LoCANN (RiCANN, CiCANN and LiCANN) are the 

resistance, compliance and inertance of the outlet (inlet) cannula. From: De 

Lazzari Comput Methods Progr Biomed 2021. 
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Figure 7.14 A (B): left (right) ventricular loops during baseline and VAFV-TA -

ECMO assistance. Blue (green) loops: baseline conditions and mechanical 

ventilation (MV) with Pt = -4 mmHg (Pt = + 5 mmHg); dashed red (white) 

loops: VAFV-TA -ECMO assistance and MV with Pt = -4 mmHg (Pt = + 5 

mmHg). C (D): left (right) ventricular loops during baseline and VA-A ECMO 

assistance. Blue (green) loops: baseline conditions and MV with Pt = -4 

mmHg (Pt = + 5 mmHg); dashed red (white) loops: VA-A ECMO assistance 

and MV with Pt = -4 mmHg (Pt = + 5 mmHg). E (F): left (right) ventricular 

loops during baseline and VARA-DA -ECMO assistance. Blue (green) loops: 

baseline conditions and MV with Pt = -4 mmHg (Pt = + 5 mmHg); dashed 

red (white) loops: VARA-DA -ECMO assistance and MV with Pt = -4 mmHg (Pt 

= + 5 mmHg). VAFV-TA -ECMO = peripheral veno-arterial ECMO. VARA-DA ï

ECMO = central veno-arterial ECMO. VA-A ECMO = veno-atrial-arterial 

ECMO. From: De Lazzari Comput Methods Progr Biomed 2021. 
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Figure 7.15 Schematic representation of right ventricular assist device 

(RVAD) connection to the right circulation. When RVAD is connected in 

parallel, blood is removed from the right atrium (SW1 = ON and SW2 = OFF) 

and ejected into the pulmonary artery. When RVAD is connected in series, 

blood is removed from the right ventricle (SW1 = OFF and SW2 = ON) and 

ejected into the pulmonary artery. The input (output) RVAD cannula is 

modelled with RLC elements. QoPUMP (QiPUMP) = output (inlet) flow rate from 

the pump. QoCANN (QiCANN) = output (inlet) flow rate from the cannula. RoCANN 

(RiCANN) = RVAD output (input) cannula resistance. LoCANN (LiCANN) = RVAD 

output (input) cannula inertance. CoCANN (CiCANN) = RVAD output (input) 

cannula compliance. MPAP (SPAP) = Main (small) pulmonary arterial 

pressure. Rpam (Rpas) = Main (small) pulmonary arterial resistance. Lpam 

(Lpas) = Main (small) pulmonary arterial inertance. Cpam (Cpas) = Main 

(small) pulmonary arterial compliance. Qpam (Qpas) = Main (small) pulmonary 

arterial flow. Pt = mean intrathoracic pressure.  Rpar (Rpc) = Pulmonary 

arteriolar (capillary) resistance. Cvp = Pulmonary venous compliance. Rvp = 

Pulmonary venous resistance. PVP = Pulmonary venous pressure. Qlia = 

Left atrial input flow. From: De Lazzari Comput Methods Progr Biomed 2022. 
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Figure 7.16 Effects on atrial and ventricular PV loops following RVAD 

support with different values of right ventricular end-systolic elastance 

EesRIGHT. The left (right) upper panel shows four left (right) ventricular 

pressure-volume loops obtained by setting EesRIGHT = 0.3 mmHg/mL (black 

line); EesRIGHT = 0.4 mmHg/mL (green line); EesRIGHT = 0.5 mmHg/mL (red 

line); EesRIGHT = 0.6 mmHg/mL (blue line). The left (right) lower panel shows 

four left (right) atrial pressure-volume loops obtained by changing the slope 

of the right ventricular elastance. From: De Lazzari Comput Methods Progr 

Biomed 2022. 
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8 Simulations with a simplified model of Heart Ware HVAD 
 
8.1 Introduction 
 
The insertion of a long-term LVAD is an elective procedure requiring 

discussion at a multidisciplinary team meeting (MDT) and extensive 

preoperative planning based on invasive and non invasive imaging 

investigation. The development of a simulation approach based on the 

ability to predict postoperative outcome and discuss different management 

strategies is the aim of the following chapters. A modelling approach which 

can be used within the time constraint of the clinical environment and in the 

context of a MDT meeting may become an additional tool for the 

management of advanced heart failure patients. 

 
8.2 Material and Methods 

 

An initial 3D reconstruction from CT-scan imaging of a patient who had 

undergone the insertion of the HeartWare HVAD was obtained. A separate 

reconstruction was considered for the impeller of the device, which had 

been previously explanted from the patient. The significant amount of 

artefacts precluded the original plan to combine the device and the impeller 

in Ansys SpaceClaim. Therefore, the geometry of the HeartWare HVAD was 

developed with ANSYS Design Modeller. A mesh independence analysis 

was considered for the purposes of quality, accuracy and convergence. Six 

meshes were generated ranging from 3985 to 193386 elements (Table 8.1). 

A mesh of 150185 elements was considered appropriate for the purposes of 

the simulations based on the fact that further refinement was not giving 

additional benefit to the simulations (Figure 8.1). The mesh consisted mainly 

of tetrahedral elements for the pump regions. Prism elements were used for 

the boundary layers of the inflow and outflow wall area (Figure 8.2). 

 

Table 8.1 Data for mesh independence analysis  

Elements Maximum Velocity Value (m/s) 

3985 0.332634 

8981 0.264131 

21595 0.275178 

100458 0.31349 

149843 0.323523 

193386 0.327337 

 

Blood was modelled as an incompressible, Newtonian fluid with density ɟ = 

1060 kg/ά  and viscosity µ = 0.0035 kg/m ï s. This is an appropriate 
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assumption considering that the shear-thinning behaviour of blood becomes 

negligible at high shear rate (> 100 s
-1

).  

 

 

Figure 8.1 The maximum velocity value (y axis) is plotted as a function of 

the number of mesh elements (x axis).  

 

 

Figure 8.2 Mesh used for all the simulations. The HeartWare consists of the 

inflow tract (pink), pump housing (light blue) and the outflow tract (lilac). 

 

Ansys Fluent was used for the CFD simulations based on the fundamental 

governing equations of motion (Truskey, 2010): 
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 + Ͻɳ”○ = 0    (continuity equation) 

 

”
○
 ”○ɳ Ͻ○ = ὴɳ  ɳϽⱲ  ”Ç  (momentum equation) 

 

”
○
 ”○Ͻɳ○ =  ɳὴ  ‘ɳ ○  ”Ç (Navier-Stokes equation) 

 

The simulations were initially developed with the laminar model as ideal 

baseline conditions. Subsequently, the shear stress transport (SST) k-‫ 

model was considered for comparison purposes. The k-SST model was a ‫ 

key choice in view of its correction factor for low Reynolds number 

considering that rotary blood pumps run at the transition point between 

laminar and turbulent flow. Simulations were run in 3D, double precision, 

serial mode in Ansys Workbench. The solver was pressure-based with 

absolute velocity formulation either in steady state or transient conditions. 

Boundary conditions were set at a specific mass flow rate (inlet) and at a 

fixed steady pressure (outlet). A flow of 6 L/min corresponding to 0.105 kg/s 

was considered at the inlet. The total pressure was set to zero at the inlet 

and the static pressure was set to 100 mmHg (13332.2 Pa) at the outlet to 

achieve an average pressure increase of 100 mmHg. A fixed rotational 

speed of 3000 rpm for the impeller was considered in line with the range 

used in clinical practice for the HeartWare HVAD. Pressure-velocity coupling 

was based on the coupled scheme. Spatial discretisation consisted of least 

squares cell based for the gradient; second order or PRESTO! for the 

pressure; second order upwind for the momentum, turbulent kinetic energy 

and turbulent dissipation rate. The PRESTO! scheme is well suited for steep 

pressure gradients involved in rotating flows. It provides improved pressure 

interpolation in situations where large body forces or strong pressure 

variations are present as in swirling flows. The pseudo transient algorithm 

and the warped-face gradient correction were also used to add an unsteady 

term to the solution equations with the aim to improve stability and enhance 

convergence. Walls were assumed rigid with no-slip boundary condition. 

The rotation of the impeller was simulated according to the moving 

reference frame (MRF) approach, which is a steady-state method available 

in Ansys Fluent for the flow analysis of rotating parts. The equations of 

motion are modified with additional acceleration terms to account for the 

non-inertial motion of the moving frame. Boundary conditions are also 

defined in relation to the moving zone. Solutions become steady with 

respect to the moving reference frame and can be coupled with stationary 
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domains through interfaces. The advantage of using a moving reference 

frame is that a flow field which is unsteady when viewed from the stationary 

frame becomes steady in the moving reference frame. Adjacent zones can 

be coupled to the moving zones through grid interfaces to create a simplified 

model of a complex moving zone system. A steady-state problem is 

desirable because it is easier and less computationally expensive to solve; 

boundary conditions are simpler; it is more straightforward to post-process 

and analyse. A ñstationary wallò condition implies that the wall is stationary 

with respect to the adjacent cell zone. Therefore, in the case of a rotating 

reference frame, a stationary wall is actually rotating with respect to the 

absolute reference frame. To specify a non-rotating wall, selection of 

ñmoving wallò is needed during the set up procedure specifying an absolute 

rotational speed of 0 rpm (i.e., moving with respect to the rotating reference 

frame). Therefore, the wall of the HeartWare body was set to ñmoving wallò 

with a rotational speed of 0 rpm; the impeller zone was set to ñmoving wallò 

with a rotational speed of 3000 rpm. The rotational movement of the impeller 

would cause displacement of the fluid zone. For this reason, a rotational 

speed of 0 rpm for the fluid zone was required. 

The use of the sliding mesh method was subsequently considered to take 

into account the unsteady interaction between the stationary and rotating 

part. Nevertheless, the MRF approach was preferred in view of its features 

as previously mentioned. Finally, a time scale factors of 1 s was considered. 

Both steady state and transient simulations were considered according to 

the approach used. In addition, simulations with a variable (unsteady) 

pressure or velocity at the inlet using UDFs specifically developed for this 

purpose were considered.  

Streamlines and contours of velocity, pressure distribution, and wall shear 

stress were considered for the analysis of flow in the pump. The discrete 

phase model (DPM) was used to estimate the particle residence time in the 

pump. An injection of mass-less particles from the inlet surface was 

considered for this purpose. The discrete random walk model was enabled 

during the DPM setting to take into account the lateral diffusion effect of the 

particles due to turbulence. 

 

8.3 Results 

 

8.3.1  Laminar model with MRF approach and DPM model 

Laminar flow conditions in the pump were initially assumed as an ideal case. 

The simulation setting consisted of the laminar model in steady state 

conditions. The MRF approach was considered for the rotating impeller. The 

DPM model was used for the analysis of the particles residence time. A 
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pump rotational speed of 3000 rpm was considered. Boundary conditions 

included mass flow inlet of 6 L/min equivalent to 0.105 Kg/s and pressure 

outlet of 13332.2 Pa corresponding to 100 mmHg. A time scale factor of 1 s 

was considered with an input of 1000 iterations.  

 

 

 
 

Figure 8.3 Pressure distribution in the rotating zone with values in the high 

spectrum. 
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Figure 8.4 Wall shear stress distribution in the rotating zone. Higher values 

are observed towards the contact region with the wall of the pump case 

compared to the centre of the rotating zone. 

 

 
 

Figure 8.5 Pressure distribution in the pump with values in the high 

spectrum although slightly lower in the outflow tract. 
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Figure 8.6 Wall shear stress distribution in the pump with values in the lower 

spectrum and slightly higher in the outflow tract. 

 

 

 
 

Figure 8.7 Velocity streamlines distribution with initial low values in the 

inflow area of the pump, than rising to high values in the rotating zone and 

finally returning to low values towards the outflow area of the pump. 
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Figure 8.8 Laminar flow conditions in the pump show a particle residence 

time up to 0.225 s according to the DPM model. 

 

 

8.3.2 k-ⱷ SST model with MRF approach and DPM model 

Subsequently, the k-SST model was used to account for the development ‫ 

of turbulence in the pump. Steady state conditions were considered and the 

MRF approach was implemented for the rotating impeller. The DPM model 

was used for the analysis of the particles residence time. A pump rotational 

speed of 3000 rpm was considered. Boundary conditions included mass 

flow inlet of 6 L/min equivalent to 0.105 Kg/s and pressure outlet of 13332.2 

Pa corresponding to 100 mmHg. A time scale factor of 1 s was considered 

with an input of 1000 iterations.  
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Figure 8.9 Pressure distribution in the rotating zone with values in the 

higher spectrum, particularly in the central area. 

 

 

 
 

Figure 8.10 Wall shear stress distribution in the rotating zone with high 

values towards the contact region with the pump case and lower values in 

the centre. 
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Figure 8.11 Pressure distribution in the pump with values in the higher 

spectrum although slightly lower in the outflow tract. 

 

 

 
 

Figure 8.12 Wall shear stress distribution in the pump with values in the 

lower spectrum although slightly higher in the outflow tract. 
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Figure 8.13 Velocity streamlines distribution with low values in the inflow 

tract of the pump, rising towards the centre of the rotating zone and finally 

returning to lower values in the outflow tract of the pump. 

 

 
Figure 8.14 Onset of turbulent flow conditions in the pump show a particle 

residence time up to 0.25 s according to the DPM model. 
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8.3.3 k-ⱷ SST model with sliding mesh method and DPM model   

Finally, the sliding mesh method was considered for comparison purposes in 

relation to accuracy of results. The k-SST model was used to account for ‫ 

the development of turbulence in the pump. A transient simulation was 

required. The DPM model was used for the analysis of the particles 

residence time. A pump rotational speed of 3000 rpm was considered. 

Boundary conditions included mass flow inlet of 6 L/min equivalent to 0.105 

Kg/s and pressure outlet of 13332.2 Pa corresponding to 100 mmHg. A time 

scale factor of 1 s was considered with an input of 1000 iterations.  

 

 

 

 

 

Figure 8.15 Pressure distribution in the rotating zone with high spectrum 

values in the centre although reduced in the peripheral areas, particularly 

towards the outflow tract of the pump. 

 

 

 

 

 

 

 

 

 

 

 

 



200 
 

  

Figure 8.16 Wall shear stress distribution in the rotating zone with low 

values in the centre and higher values towards the peripheral contact region. 

 

 

 
 

Figure 8.17 Pressure distribution in the pump with values in the higher 

spectrum although slightly lower in the outflow tract. 
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Figure 8.18 Wall shear stress distribution in the pump with values in the 

lower spectrum although slightly higher in the outflow tract. 

 
 

 
 

Figure 8.19 Velocity streamlines distribution with low values in the inflow 

area of the pump, rising towards the centre of the rotating zone and finally 

returning to lower values in the outflow tract of the pump. 
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Figure 8.20 Onset of turbulent flow conditions in the pump show a particle 

residence time up to 0.3 s according to the DPM model in the context of the 

sliding mesh method. 

 

 

8.3.4 k-ⱷ SST model with pulsatile velocity inlet, MRF approach and 

DPM model   

A pulsatile velocity profile at the inlet was considerd to take into account the 

effect of speed modulation on the physiological environment. The k-SST ‫ 

model was used to account for the development of turbulence in the pump. 

Steady state conditions were considered and the MRF approach was 

implemented for the rotating impeller. The DPM model was used for the 

analysis of the particles residence time. A pump rotational speed of 3000 

rpm was considered. Boundary conditions included pulsatile velocity inlet 

according to a specific prof.file and pressure outlet of 13332.2 Pa 

corresponding to 100 mmHg. A time scale factor of 1 s was considered with 

an input of 1000 iterations.  
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Figure 8.21 Pressure distribution in the rotating zone with values in the 

medium spectrum. Higher values are observed in the centre of the rotating 

zone. 

 

 

 

Figure 8.22 Wall shear stress in the rotating zone with high values at the 

edges and much lower values in the centre. 
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Figure 8.23 Pressure distribution in the pump with values in the medium 

spectrum although higher in the outflow tract. 

 

 

 

 

Figure 8.24 Wall shear stress distribution in the pump with values in the 

lower spectrum although slightly higher towards the edge of the pump case 

and in the outflow tract. 
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Figure 8.25 Velocity streamlines with low values in the inflow tract, high 

values in the rotating zone and again lower values towards the outflow tract. 

 

 

Figure 8.26 Onset of turbulent flow in the pump during pulsatile conditions 

show a particle residence time up to 0.6 s according to the DPM model in 

the context of the MRF approach. 
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8.3.5 k-ⱷ SST model with pulsatile velocity inlet, sliding mesh 

method and DPM model   

A pulsatile velocity profile at the inlet was considerd to take into account the 

effect of speed modulation on the physiological environment. The k-SST ‫ 

model was used to account for the development of turbulence in the pump. 

Transient conditions were considered and the sliding mesh method was 

implemented for the rotating impeller. The DPM model was used for the 

analysis of the particles residence time. A pump rotational speed of 3000 

rpm was considered. Boundary conditions included pulsatile velocity inlet 

according to a specific prof.file and pressure outlet of 13332.2 Pa 

corresponding to 100 mmHg. A time scale factor of 1 s was considered with 

an input of 1000 iterations.  

 

 

 

 

Figure 8.27 Pressure distribution in the rotating zone with progressive high 

values towards the centre of the impeller. 
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Figure 8.28 Wall shear stress distribution in the rotating zone with low 

values peripherally and in the centre but higher in the mid portion. 

 

 

 

 

Figure 8.29 Pressure distribution in the pump with high values at the inflow 

tract, reducing in the pump case and even lower in the outflow tract.  

 


