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Abstract—Monitoring of aortic valve (AV) opening and closure 

during heart pump support by a left ventricular assist device 

(LVAD) is crucial in preventing adverse events such as 

thrombus formation near the AV. In this paper, simulations of 

LVAD motor current waveform were undertaken to evaluate 

its suitability for ascertaining aortic valve status. A two-

dimensional fluid-structure interaction finite-element model is 

presented to predict AV closure during LVAD outflow, useful 

in the development of a pump speed controller.   

I. INTRODUCTION 

More than 5 million people will develop some degree of 

heart failure (HF) in their life time in the United States, 

where its prevalence averages 2.1% of the normal population 

[1]. Currently, left ventricular assist devices (LVADs) 

represent promising therapies for congestive HF patients [2]. 

Due to the shortage of appropriate heart donors,  LVADs are 

often used as a bridge to transplant, or more frequently 

nowadays, a destination therapy [3]. Increased use of LVADs 

for long-term mechanical support necessitates a better 

understanding of hemodynamic changes in the left ventricle 

(LV), as well as the timing of aortic valve (AV) closure and 

opening [4]. 

 

Development of valve abnormalities after LVAD placement 

is common among patients with advanced heart failure, likely 

due to the fact that the LVAD induces significant changes in 

hemodynamics by altering the direction of blood flow from 

the apex of the heart, largely bypassing the LV, directly to the 

aorta. This abnormal recirculation modifies pressure and 

stress on the AV, leading to remodeling of the valve [5]. AV 

functional problems, including aortic insufficiency (AI),  

prolonged valve closure, and aortic stenosis (AS), are more 

common in the LVAD patient after implantation [6, 7]. 

Furthermore, 50% of patients with pulsatile LVADs develop 

AI or AS within 6–12 months of LVAD implantation [8]. 

Similarly, a major consequence of the LVAD is excessive 

flow, resulting in diminished and infrequent AV opening, 

which could also extend to the systolic phase reducing 

cardiac output and increasing LV preload [9]. Therefore, it is 

important to detect any abnormalities in LV hemodynamics 

due to over-pumping, reduction in preload, or pump 

regurgitation.  Computational modeling of blood flow has 

been used extensively to study AV hemodynamics. Several 

finite-element (FE) models of the left ventricle and aortic 

valve have been developed to simulate leaflet motion during  
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blood flow [10-13]. However, these models did not include 

heart–pump interaction or simulate AV closure during LVAD  

support. Although other studies have attempted to model the 

interaction between the circulatory system and a heart  assist 

pump [14, 15], none of these simulate AV closure during 

LVAD support. 

 

In the present study, we attempted to evaluate AV state 

using the LVAD motor current waveform as an index, 

simulated from a 2D simplified computational model of AV 

dynamics (closure/opening) under heart pump support. Such 

a model will be useful in the design and evaluation of 

physiological pump control algorithms to achieve the balance 

between LVAD pumping and mechanical circulatory support 

against disruption to AV movement, which may lead to 

various AV pathologies. Therefore, the objective of this 

paper was to investigate how the motor electrical current 

profile changes with AV state and pump speed. Identifying 

the AV state according to motor current signal could provide 

an input to a pump speed controller to prevent highly 

negative pressure in the left ventricle leading to wall suction, 

as well as ensuring the AV opens and closes over the cardiac 

cycle. 

 

 

 

 
 

 

Figure 1. Two-dimensional simplified representation of the left ventricle, 

aortic valve and pump cannula. 

II. METHODS  

A. Model Description 

A two-dimensional fluid structure interaction (FSI) model of 

aortic valve dynamics was implemented using COMSOL 

Multiphysics (COMSOL AB, Sweden, Version 4.3a), using 

the Arbitrary Lagrangian–Eulerian (ALE) method first 

proposed by Donea et al. [16]. ALE is most commonly used 

for simulating the interaction between moving objects and 

fluid flow. The model geometry consists of a horizontal flow 

channel of diameter 2.0 cm representing the ventricle, and 

narrow curved structures representing the AV leaflets, as 

shown in Fig. 1. Key model parameters were: blood density 

1.06×10
3      , blood viscosity 1.00×10

-3 
Pa.s, leaflet 
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density 1.06×10
3      , aortic leaflet Young’s modulus 

4.7×10
7 

Pa and leaflet Poisson’s ratio 0.49. The AV consists 

of two flexible leaflets of length 1.25 cm and thickness 0.1 

cm. A thin-walled cannula of width 0.8 cm and length 0.8 cm 

is inserted into the ventricular chamber wall: these values 

were adapted from [17]. The model also includes blood 

inflow into the LV on boundaries placed at the left end of the 

channel (labelled as "source" in Fig. 1); aortic outflow was 

modeled as a varying pressure boundary condition (labelled 

"sink" in Fig. 1). Inward flow at the atrial "source" 

boundaries was simulated using a Windkessel model of the 

circulation, connecting the aortic "sink" and the atrial 

"source" boundaries. These equations governing the 

Windkessel circuit were implemented as global differential 

equations in the COMSOL solver. In this study, heart wall 

contraction on the upper boundary of the ventricular chamber 

was also incorporated.  

B. Model Equations 

1) Ventricle model 

We characterise blood pulsatile flow as being laminar, 

Newtonian, viscous and incompressible. The fluid is 

described by the Navier-Stokes equations for incompressible 

flow: 

 (
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where  is the fluid density,  is the viscosity, u is the 

velocity of the fluid and p is the pressure. 

 

The fluid flows into the ventricle from the left source (inlet) 

boundaries. At this entrance, the flow is assumed to have 

fully developed a laminar profile, changing with time as 

described in the next section. The valves were modeled as a 

linear elastic material, formulated as an isotropic Hookean 

elastic solid expressed using Einsteinian indicial notation as: 
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where E is the Young’s modulus,   is Poisson’s ratio,     are 

the Cauchy strain and stress tensors respectively, and     

represents of the Kronecker-delta tensor such that: 
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2) Windkessel model 

To simulate the systemic circulation, a simple Windkessel 

model was employed, characterized by the following 

equations: 
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                                                            (5) 

where P is the aortic pressure,      is the left ventricular 

outlet pressure,    is the systemic pressure,    is the pump 

flow rate (L/min),      is the blood flow ejected from the 

LV,      is the characteristic aortic impedance,    is the 

peripheral resistance and    is the systemic compliance. The 

following values were employed for these parameters:     =

0.014mmHg.s/   ,   =0.69 mmHg.s/    and   =2.63   /

mmHg: these parameters values were adapted from [18], 

which were adjusted from those reported [19], based on our 

simulations with our modified model. 

 

3) Pump model 

The differential pressure head (ΔP) across the pump outlet is 

modeled using three equations as reported by Lim et al.  [15]; 

the motor windings electrical equation (6), the  

electromagnetic torque transfer equation (10), and the  pump 

hydraulic equation linear equation (11).  

a) Motor windings electrical equation 

                                             (6) 
where V is the motor terminal voltage, I is the motor current, 

  is motor winding resistance and   is the motor winding 

reactance.   is the back electromotive force (BEMF) given 

by:  

                                                                                        (7)    

where   = 8.48       and    is the electrical speed 

(     , where   is the impeller speed in rad/s). 

 

Due to the synchronization between BEMF and motor 

electrical current to produce maximum torque efficiency, 

equation (6) can be written as:  

 

 
  

  
                                                             (8)  

where R = 1.38   is the motor winding  resistance and L = 

0.439    is the motor winding inductance. V was 

determined using a proportional controller to track the 

desired pump speed according to:  

 

                                                  (9)  

where K is constant and      is the pump speed set point. 

b) Electromagnetic torque transfer equation 

    
  

  
            

        
        

             (10) 

where    is the output electromagnetic torque,    is the 

pump flow rate (L/min), and  J  is the moment of inertia of 

the impeller. The coefficients           and    are viscosity- 

dependent parameters. 

C) Pump hydraulic equation   

          
     

                                                       (11) 

where           are viscosity-dependent parameters. In this 

paper, we assume that the viscosity remains constant 

throughout the simulation. 

C. Boundary Conditions 

Fluid flow boundary conditions of the model included the 

following: a sinusoidal flow pattern with period 1 Hz and 

amplitude 50 mL/s was applied at the inlet (source) 

boundaries, 0 mmHg pressure was specified at the outlet 

(sink) boundaries, a pressure of        was applied at the  

outflow of the pump cannula, the fixed walls of the model 

were set to be no-slip boundaries, and the valve leaflets were 

assigned a 'moving-wall' boundary condition, whereby the 

velocity the fluid at these leaflet boundaries was set equal to 

the velocity of the moving wall. The stress on the valve 
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leaflet boundaries was set to equal the fluid stress, with the 

leaflet root boundaries fixed. Finally, heart wall contraction 

was simulated by moving the upper boundary of the 

ventricular chamber according to:  

           ( 
 

 
)                                        (12) 

where   is the wall velocity,   is the x coordinate,      is the  

maximum velocity, and L is the total length of the upper 

boundary segment. As with the valve leaflets, the fluid 

velocity at this boundary was set equal to the wall velocity. 

D. Computational Settings 

The FSI simulations were performed on a 3.20 GHz Intel 

Core i7-3930K PC workstation, using a 64-bit Windows 

platform, with an applicable memory allocation of 32 GB.  

The fully-meshed model exhibited approximately 65,500 

degrees of freedom. 

III. RESULTS and DISCUSSION 

The model behavior could effectively be divided into two 

phases: aortic valve closed and open, as shown from pump 

motor current in Fig. 2 (a,b). The valve ejection phase (VE) 

was characterized by two waveforms: the pump motor 

current and the pump speed. In each simulation, the impeller 

speed set point was increased from 50 rad/s to 200 rad/s in 50 

rad/s increments in order to cover the full range of pumping 

state transitions (from ventricular ejection (VE) to aortic 

valve closed (VC)). The physiological signals, instantaneous 

pump impeller speed (ω) and motor current (I), were 

monitored and recorded from the pump model.  Fig. 2 shows 

the waveform obtained from two different set points of 100 

rad/s and 150 rad/s. It shows the relation between the peak 

motor current and instantaneous pump speed in our 2D 

model, revealing an inverse correlation with the pump speed. 

In addition, the relationship between motor current amplitude 

and LV pressure exhibited an excellent correlation: as shown 

in Fig. 4, peak motor current increased with increases in LV 

systolic pressure as confirmed by previous mock-loop [20] 

and in-vivo [21] studies. Transition from state VE to state VC 

occurred with increasing pump speed, where the VE state 

corresponds to left ventricular ejection during systole. 

However, during increase of the pump speed set point to 200 

rad/s, VC state was continuously maintained, in which the 

 
Figure 2. Simulated electric current and pump impeller speed at two motor speed set points (100 and 150 rad/s), where ' ■ ' and ' ● ' indicate AV opening and 

closing times, respectively, (a). the periods 'O' and 'C' represent the period during which the AV is open, referred to as ventricular ejection (VE),  and valve 

closed (VC), respectively (     = 100 rad/s), (b). the periods 'O' and 'C' represent the periods during which the AV is open and  closed, respectively (     = 

150 rad/s). Max PCT and Min PCT are maximum and minimum points of current threshold during AV closure, respectively. The motor current waveform at 

Max PCT begins to decrease more rapidly once the aortic valve is closed at the closing notch (CN). 

 

Figure 3. Snapshots of simulated LV blood velocity magnitude during LVAD support at various phases during the cardiac cycle. (a) Aortic valve closing and 

opening phases for     = 100 rad/s. (b) Aortic valve movement for     = 150 rad/s. 
 

AV remained closed with no blood flow to the proximal 

aorta. Furthermore, a high motor current of 0.203 A was 

observed during the AV closing phase (t=3.15s) with       

100 rad/s, decreasing rapidly throughout the AV closed state 

(t=3.15-3.85s), reaching a minimum value of 0.1067A at 

t=3.49s. Fig. 3 shows simulation results of AV movement 
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during LVAD support, where the opening time is 

approximately the same at both speed set points. However, 

the closure time was delayed by 10 ms at a motor speed set 

point of 150 rad/s. In addition during AV opening, there were 

small oscillations in the current waveform, probably due to 

mechanical flutter of the valve leaflets. 

 
 

Figure 4. LV systolic pressure – peak LVAD motor current relationship in 

simplified model. 

 

In terms of simulations of the mechanics of the left ventricle, 

the real heart exhibits more complex motion and can be 

modelled with more realistic active contractile properties, 

such as a time-varying elastance. This may affect the times 

AV open-close. However, such more detailed modelling was 

beyond the scope of this study. Furthermore, the model may 

be extended in future to incorporate a range of heart failure 

conditions including changes in cardiac contractility, 

systemic vascular resistance and total blood volume.  

 

IV. CONCLUSIONS 

We have presented a simplified two-dimensional FSI model 

of the aortic valve and ventricle during LVAD support, based 

on the ALE method. The model was formulated with the aim 

of providing insights into the dynamics of heart-pump 

interaction, and to simulate LVAD motor current waveform 

in relation to AV state. The results confirmed that when the 

AV opens, there is a higher motor current compared to when 

the valve is closed. This motor current result is similar to that 

obtained by Lim et al. [15]. However, our computational 

model of motor current variations during AV movement, 

particularly during its closing phase, and under pulsatile flow 

conditions, will provide significant insights into LV function 

during LVAD support, particularly as the model is further 

developed to incorporate realistic anatomies. Moreover, our 

simulations offer the potential of improving current LVAD 

control systems to ensure patient safety and comfort, and 

reduce the incidence of AV pathologies during heart pump 

support. 
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