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Abstract

In this paper, a dynamic model is developed through theo-
retical analysis and numerical solutions to approximate the
response of human cardiovascular circulatory system. This
system model has one critical time-varying parameter, the re-
sistance of blood vessels. An parameter estimation scheme
is derived to estimate this parameter, and the parameter esti-
mate is used to implement an adaptive observer to estimate the
aortic pressure for physiologic control. An optimal adaptive
controller is proposed to control the estimated aortic pressure
to track a reference signal updated by a nonlinear function of
the pump head to meet the physiologic need.

A Matlab simulation model and an experimental mock hu-
man circulatory loop are employed as test environments for
human cardiovascular circulatory systems with a left ventric-
ular assist device and their physiologic controllers. Different
physiologic conditions, such as the variation of left ventricu-
lar failures, variation of activities, and left ventricular suction,
are evaluated to test the designed physiologic control system.
Simulation and experimental results consistently show that
the aortic pressure estimation error is small, and that the ab-
normal hemodynamic variables of a congestive heart failure
patient are restored back to the normal physiologic range.

Keywords: Cardiovascular circulatory system, estimation,
feedback control, left ventricular assist device, modeling.

1 Introduction

Left ventricular assist devices (LVADs) are mechanical circu-
latory assist devices used to save the lives of congestive heart
failure (CHF) patients. Heart disease is the leading cause of
death in the Unite States. Nearly 5 million Americans suffer
from congestive heart failure, and 550,000 new cases are di-
agnosed each year [1]. The traditional solution to end-stage
CHF is heart transplantation. However, some patients are not
eligible for a transplant because of age or health reasons. Even
if the patients are eligible for a transplant, the severely lim-
ited supply of donor hearts can give only approximately 10%
patients transplantation each year [2]. Therefore, mechan-
ical circulatory assist devices, called artificial heart pumps

(AHPs), have been introduced to save some lives of end-stage
CHF patients since the 1960s. AHPs have several advantages
over heart transplants: they are less costly and not limited by
the availability of heart donors, and they may provide treat-
ment for patients not eligible for heart transplants, leading to
possible recovery of the failed ventricle.

An AHP can be either used as a total artificial heart (TAH)
when it replaces both ventricles, or as a left ventricular as-
sist device when it aids the failed ventricle by supplying addi-
tional blood flow but does not replace the left ventricle. Since
the left ventricle takes most of the working load for blood
circulation, about 75% of heart failures are caused by pre-
dominant left ventricular failure. Therefore, LVADs are in
increasing use for heart failure patients, whose development
has become an important research topic of major interest.

There have been three generations of AHPs: pulsatile
pumps since 1960s, rotary continuous flow pumps since
1980s, and magnetically levitated continuous flow pumps
currently under development. In magnetically levitated CF
pumps, the impeller is levitated by magnetic forces without
any mechanical contact. There is no bearing wear or bear-
ing seal so that there is no thrombosis factor. Moreover, this
type of pumps are expected to have a long mechanical dura-
bility to work 10 to 20 years. The researchers at University of
Virginia and Utah Artificial Heart Institute together, among
other groups in the world, are developing a new magnetically
levitated axial flow heart pump as an LVAD.

Currently, AHPs have been used successfully for short
term (less than 2 years) as a bridge to heart transplant [3]
with a constant pump speed. The long-term use of AHPs is
expected to benefit end-stage CHF patients much more, es-
pecially those who are not eligible for a transplant. One key
issue to be addressed in order to achieve this long-term use of
AHPs is the development of an effective and efficient (robust
and adaptive) physiologic control system.

In this paper, we give an overview of the recent research
on the development of dynamic modeling of human cardio-
vascular circulatory systems and physiologic controllers for
such systems with LVADs, and present some of our new ana-
lytical, simulation and experimental results on modeling and
control of LVAD systems (as summarized in the abstract).
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Figure 1: Circuit analog of circulatory systems with an LVAD.

2 Human Circulatory System Model

A lumped parameter model of human cardiovascular circu-
latory systems can be analogously represented by a 11th-
order electric circuit shown in Figure 1. It consists of analog
blocks for left ventricle, aorta, systemic artery, vein and right
atrium, right ventricle, pulmonary artery, pulmonary vein and
left atrium. Two parallel blocks for skeletal muscle and non-
muscular peripheral organs respectively are placed between
the blocks of systemic artery and systemic vein. Resistors
represent the viscous property of blood flow, while induc-
tances embody the inertia property of blood flow. Capacitors
model the elastic property, or compliance of the vessel wall,
and diodes are used to mimic the properties of one-directional
valve. Muscular vascular resistance (Rm1) and pulmonary
vascular resistance (R13) are modeled as variable resistors to
accommodate their variations in different activity levels.

With the muscle pump function represented by the intra-
muscular pressure Pmuscle and venous valve Dm, the sudden
increase of central venous pressure at exercise onset was suc-
cessfully simulated, in agreement with experimental results
reported in literature. Simulation results showed that the car-
diac output without the muscle pump underestimates the car-
diac output with the muscle pump by 10%. This discrepancy
can be explained from the perspectives of cardiac function
and peripheral circulation. In terms of cardiac function, the
increase in central venous filling from the muscle pump func-
tion augments the right ventricular end-diastolic volume, thus
increasing the stroke volume. On the other hand, the mus-
cle pump function helps to decrease the effective resistance
of the peripheral blood vessel, resulting in the increase of the
peripheral blood flow, equal to the cardiac output in average.

Congestive heart failure (CHF) is a chronic condition in
which the heart cannot pump blood at a rate which effectively
supplies the body’s tissues and organs [4]. Most heart failures
are caused predominantly by depression of the left ventric-
ular systolic function. When CHF becomes severe and life
threatening, these patients with CHF are prime candidates for
left ventricular assist devices (LVADs), and usually have de-
creased ejection fraction (EF), decreased cardiac output (CO),
and elevated left ventricular end-diastolic pressure (LVPED).

Pulmonary edema, a symptom resulting from the elevated
LVPED, is commonly observed in these patients. In this pa-
per, the pressure and volume relation of ventricle is mod-
eled as an exponential function during diastole and a scaled
quadratic function during systole. Heart failure is modeled
by the decrease of the scale of the quadratic function, and the
increase of the coefficients of the exponential function [5].

3 Objectives of Physiologic Control

As a destination therapy device, modulation of the degree of
ventricular assist and overall cardiac output based on physio-
logic needs are imperative for long term LVAD performance.
To reverse the symptoms of CHF as explained above, and to
avoid damage to the cardiovascular system, the main objec-
tives for a physiologic control system are: (i) to produce ad-
equate cardiac output to ensure tissue perfusion, (ii) to sup-
port native cardiac function (i.e., antegrade flow across aor-
tic valve), (iii) to adjust cardiac output to compensate for in-
creased physiologic need due to activity, (iv) to avoid left ven-
tricular collapse due to mechanical suction from the pump,
and (v) to provide sufficient pump speed to avoid retrograde
pump flow from aortic-left ventricular pressure differential.

All five objectives of LVADs are related to either blood
pressure or flow rate. To regulate these hemodynamic vari-
ables, they need to be detected first by corresponding sen-
sors. In artificial heart pumps, the sensors for hemodynamic
variables (blood flow, pressure) are not available, due to the
constriction of volume, blood compatibility, and reliability is-
sues. Long term available signals, such as pump head and mo-
tor signals, do not have direct physiologic meanings. There-
fore, to meet these objectives, a state estimator, which can de-
rive the hemodynamic variable (blood flow or pressure) from
available feedback signals, is needed for the design and im-
plementation of a physiologic control system for an LVAD.

4 Review of Control Designs

Control in the physiologic sense of CF LVADs presents ma-
jor challenges because they create suction when the impeller
speed, and thus flow, exceeds the venous return to the left
ventricle. The level of blood flow assistance can become in-
adequate when the speed is too low, for example, there may be
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a retrograde flow of blood through the rotating impeller, from
the pressurized aorta into the left ventricle, during ventricular
diastole [6]. Avoiding retrograde flow when the speed is too
low, and suction when the speed is too high, establishes the
upper and lower limits of the LVAD rotational speed. These
limits will frequently change in the patient, and particularly
when the patient’s heart moves more into and out of failure or
when the patient starts to exercise.

Many continuous flow (CF) LVADs are operated at con-
stant speed, such as the Jarvik 2000 [7] and the DeBakey
pump. DeBakey pump also allows the physician or trained
personnel to manually adjust the pump speed until a perceived
comfort level of perfusion is achieved. These constant speed
settings or manual adjustment are adequate for short period
usage of LVADs, but are likely to be insufficient for long-term
applications. A physiologic control system, which automati-
cally responds to various real-time physiologic demands, is
imperative for a long term LVAD.

P/PI control. Parnis et al. used a P controller for the
Jarvik 2000 VAD. The pump rotational speed was set as a
linear function to the heart rate, which was obtained from
the fundamental frequency of the motor current waveform
[8]. Treadmill exercise and heart pacing studies were per-
formed on a calf with the Jarvik 2000 VAD and no deleteri-
ous effects were detected within test durations in excess of 26
weeks [8]. However, a linear function between the heart rate
and pump rotational speed has an obvious discrepancy. It has
been found that the cardiac output of a healthy subject is not
only determined by the heart rate but also by the contractility
of the heart, and most importantly determined by the periph-
eral circulation [9]. Waters et al. designed a PI controller for
an LVAD using one feedback signal, the differential pressure
over LVAD [10]. The beating of the natural left ventricle was
considered as a sinusoidal disturbance to the LVAD.

Fuzzy logic control. A fuzzy controller was employed to
regulate the LVAD flow to track a desired flow rate [11]. The
LVAD flow rate was estimated from the motor current and
rotational speed. The desired LVAD flow rate was assumed
proportional to the heart rate. This assumption ignored the
influence of heart contractility, and most importantly, the ef-
fect of the peripheral circulation on the desired flow rate [9].
Choi et al. also implemented a PI type fuzzy controller to
realize an LVAD pump flow rate pulsatility tracking [12]. A
reference pulsatility level of 15 mL/sec was selected to allow
the natural heart to produce some stroke volume without in-
troducing ventricular suction. The LVAD pump flow rate was
estimated from the motor current and rotational speed. Simu-
lation results showed that the control output of this fuzzy con-
troller produced a much smaller variation in the LVAD speed
with regard to parameter variations than that of a PI controller.
However, the constant setting of the reference pulsatility may
be inadequate since the failure level of the natural ventricle
during the long period of LVAD support may change, result-
ing in different abilities to generate flow rate pulsatility.

Optimal control. This type of controller is designed to
minimize some predefined penalty functions. Giridharan et al.

designed an optimal controller with the structure of a PI con-
troller [13]. The time varying coefficients of the PI controller
were obtained from exhaustive, direct numerical searches to
minimize a weighting function, which was the combination of
the differential pressure across the pump and the variation rate
of the rotational speed. Because of the huge computational ef-
fort involved in the process to find these coefficients, this pro-
cedure can be only done off-line. When the physical cardio-
vascular condition is different from the conditions used in the
numerical searches, the optimality of this controller may not
be guaranteed. A similar but more complex optimal controller
was designed by Boston et al. to minimize a multi-objective
penalty function J(ω) = ∑3

i=1 µiJi(ω) [14], where Ji(ω) was
the penalty function of cardiac output, arterial pressure, left
atrial pressure respectively, and µi ≥ 0 with ∑3

i=1 µi = 1. The
LVAD motor speed was used as the feedback signal. This
technique required simple and accurate predetermined math-
ematical models of cardiac output, arterial pressure, and left
atrial pressure with respect to the motor speed.

5 Simplified System Model

To develop an effective robust and adaptive controller to meet
the desired physiologic need, we consider a simplified cardio-
vascular system model shown in Figure 2 (as compared with
the 11th-order model shown in Figure 1).

Figure 2: A simplified system model.

In this model, the system elements are: CLV , left ventricle;
CA, aorta; CV , systemic vein and right atrium; D1, aortic valve;
D2, mitral valve; T PR, total peripheral resistance; L, blood in-
ertia in peripheral circulation; RLV , resistance of aortic valve;
RV , resistance of vein and left atrium; δm, the mean pressure
disturbance generated by muscle pump function in exercise;
δP, pressure disturbance generated by pulmonary circulation;
and the system signals are: PLV , left ventricular pressure; PA,
aortic pressure; PV , central venous pressure; QLV , inflow to
left ventricle; Q14, flow rate from the vein to the left ventricle;
Q, pump flow rate; Q8, flow rate from the left ventricle to the
aorta; QA, inflow to aorta; QV , inflow to systemic vein and
right atrium; T PF , total peripheral flow rate.
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As in [5], the dynamic equations of this system model are

ẋ = Adx+Bd
1Q+B2δP +B3δm, y = Cx, in diastole (5.1)

ẋ = Asx+Bs
1Q+B3δm +B4δLV , y = Cx, in systole (5.2)

where x = [x1,x2,x3]T , x1 = PLV − PA, x2 = PV − PA, x3 =
T PF , y = ∆P = PA −PLV ,
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and C = [−1,0,0]. The value of the unit step function Π(x1)
in (5.2) can be considered to be 0 for an LVAD recipient [5].
This model converts the variation of left ventricular capaci-
tance in systole to an extra input δLV .

In this model, the output y is the measured pressure differ-
ence, and the control input Q is the pump flow rate which can
be calculated from the pump characteristic equation

Q
ω

= α2

(
∆P
ω2

)2

+α1
∆P
ω2 +α0 (5.3)

for the pump speed ω and some constants α2, α1 and α0.
The key parameter is T PR which changes as the exercise

condition changes. This parameter needs to be estimated for
the design of a state observer for the system state x, and for
the design of a feedback controller to make the aortic pressure
PA to follow a desired trajectory. It is important to note that a
state observer is needed, because the aortic pressure PA is not
available for measurement. The blood volume equation

PLV

CLV
+

PA

CA
+

PV

CV
= Vs = total stressed blood volume (5.4)

could be used to calculate the aortic pressure PA if x2 and x3

were available (note that x1 = −y is available):

PA =
[−CLV ,−CV ,0]x+Vs

CLV +CA +CV

�
= Hx+N. (5.5)

Stability analysis. For this system model, the system ma-
trix switches from Ad to As, when the system state changes

Figure 3: Waveform of aortic pressure during one heartbeat.

from diastole to systole. We have shown that the homo-
geneous part (ẋ = Ax) of this system is Lyapunov stable
at xe = [0,0,0]T , by finding a common Lyapunov function:
V = xT Mx for a constant symmetric and positive definite ma-
trix, such that V̇ < 0 for ẋ = Adx (diastole) and V̇ ≤ 0 for
ẋ = Asx (systole) [5] (it can be further shown to be asymptot-
ically stable [5], and thus exponentially stable).

The response of the system (5.1)–(5.2), in the steady-state,
is a stable oscillation. The typical waveform of the aortic pres-
sure PA over the time period of one heartbeat is shown in Fig-
ure 3, where the time interval for diastole is [ts, td) and the
time interval for systole is [td , ts).

With the ensured stability, the system equation (5.1)–(5.2)
can be approximated by a single-equation model

ẋ = Ax+B1Q+B′
2δP +B3δm, y = Cx (5.6)
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and B1 = Bd
1, where R′

V is an equivalent venous resistance. In
particular, the circulatory system (5.1)–(5.2) and the system
(5.6) have the same solution at t = ts [5]. The output of (5.6) at
t = ts is equal to the pump head of the LVAD: ∆P = PA −PLV ,
whose maximum value in each heartbeat occurs at t = ts.

The proof that system (5.6) has the same solutions of
states at ts in each heartbeat as system (5.1)–(5.2) is very te-
dious [5], but can also be briefly explained. Systole and di-
astole are two opposing process. In diastole, state x1 of hu-
man circulatory system tend to converge exponentially, while
in systole, state x1 tend to diverge towards the opposite di-
rection because of the zero eigenvalues in matrix As and the
huge input δLV . The states of human circulatory system (5.1)–
(5.2) thus exhibits periodic-like trajectory because of the al-
ternation of systole and diastole. The bottom envelop of the
periodic-like trajectory actually converge exponentially due
to the proven exponential stability of the system (5.1)–(5.2)
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Figure 4: Physiologic control system structure.

in previous paragraph, at a slower speed than the state trajec-
tory in diastole, which is dominated solely by equation (5.1).
Therefore system (5.6), which has the same structure as equa-
tion (5.1) but a different value for venous resistance, was pro-
posed to match the bottom envelop. The equivalent venous
resistance R′

V in system (5.6) is much bigger than the corre-
sponding venous resistance RV in equation (5.1), and matches
the slow converging speed of bottom envelop. The value of
R′

V can be determined by the measurements in LVAD implan-
tation surgery by a formula given in [5].

System (5.6) provides a linear system whose parameter
estimator and state estimators are easy to design. Since states
of human circulatory system (5.1)–(5.2) are equal to the states
of system (5.6) at t = ts, we can obtain the states of human
circulatory system at ts in each heartbeat. Furthermore, the
average value of aortic pressure, which is determined more by
the bottom envelop of states than by the instantaneous value of
states, is of more interest than the instantaneous value of aortic
pressure. The approximation of states of system (5.1)–(5.2)
with the state estimate of system (5.6) can thus be extended to
the whole heartbeat besides at t = ts.

With the value for R′
V in system (5.6) found accurately, the

approximation error can be very small. However, big fluctua-
tion of input, variation of systole vs. diastole ratio, heart rate
will increase the approximation error because the perfectly
matched value for R′

V may change in these conditions [5].
Based on this single-equation description of the circula-

tory system, a state observer, a feedback controller, and a pa-
rameter estimator can be developed for physiologic control.
From this system expression (the presence of the parameter
Cd

LV ), we see that the diastolic behavior is more dominant in
the circulatory system response in a mean sense.

6 An Adaptive Optimal Controller

In this section, we present the detailed results of our adaptive
optimal physiologic controller whose design consists of three
parts: an adaptive parameter estimation scheme to estimate
the total peripheral resistance T PR, an adaptive state observer
using the estimate of T PR, and an optimal PI controller also
using the estimate of T PR for controller parameter selection.
This physiologic control system is shown in Figure 4.

Parameter estimation. From (5.6), it follows that

(s3 +a2s2 +a1s+a0)y(s) = (b2s2 +b1s+b0)Q(s)
+ (bP

2 s2 +bP
1 s+bP

0 )δP(s)+(bm
2 s2 +bm

1 s+bm
0 )δm(s) (6.1)

for some constants ai and bi (which depend on T PR), bP
i

and bm
i , i = 0,1,2. The nominal value of δP can be set to

5 mmHg, and the low frequency component of δm is less
than 5 mmHg [5]. A low-pass filter H(s) = 1

Λ(s) with Λ(s) =
s3 + 15s2 + 75s + 125, can be used to remove the high fre-
quency components of δm, so that the signal δm can be ignored
for the parameter estimation of T PR, using such a filter.

Filtering both sides of (6.1) by H(s) and arranging the
resulting terms, we can derive the parametric equation

θ∗φ(s) = z(s) (6.2)

for θ∗ = T PR and some functions φ(s) and z(s) whose denom-
inators are Λ(s) = s3 + 15s2 + 75s + 125 and numerators are
combinations of y(s), Q(s) and δP(s) (with δm ignored).

In the time-domain, we define the estimation error ε(t) =
θ(t)φ(t)− z(t), where θ(t) is the estimator of θ∗, and use the
following adaptive law to update the estimate θ(t):

θ̇(t) = −γε(t)φ(t)
1+φ2(t)

, γ> 0. (6.3)

In terms of the unknown parameter error θ̃(t) = θ(t)−θ∗,

we can express this adaptive law as ˙̃θ(t) = − γφ2(t)
1+φ2(t) θ̃(t). In

this case when θ(t) is a scalar parameter, the error θ̃(t) con-

verges to zero, that is, limt→∞ θ̃(t) = 0, if
∫ ∞

0
γφ2(t)

1+φ2(t)dt = ∞
(it is satisfied if the signal φ(t) does not vanish). In prac-
tice, due to modeling errors, parameter variations, and distur-
bances, this ideal property may only be met approximately.
In our application, the parameter θ∗ is varying between two
values (from exercise to rest, or vice verse), the adaptive law
is to provide an on-line estimate of this parameter.

State observer. The state observer structure for the es-
timate x̂ of x = [x1,x2,x3]T in (5.1)–(5.2) is a standard one,
based on the equivalent model (5.6) with all parameters but
T PR known and δm ignored. The adaptive estimate of T PR
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obtained on-line from the above parameter estimation proce-
dure is used, leading to an adaptive observer. The estimate of
PA is given as P̂A = Hx̂+N (see (5.5)).

Optimal PI controller. The objective of physiologic con-
trol is to raise the aortic pressure to a certain level (95 mmHg
as the nominal value). This objective is achieved by a feed-
back control design and a chosen reference signal r(t).

The motor equation of an LVAD can be described by

Jω̇= KtI −Tload , Lİ +RI +Keω= V (6.4)

where V is the applied voltage, ω is the pump rotational speed,
I is the motor current, and Tload = ∆PQ

ωη is the blood hydraulic
torque on the pump impeller, with η being the pump effi-
ciency. Since the motor inductance and the pump moment
of inertia J are small, the motor equation is simplified as

V =
∆PQR
ωηKt

+Keω. (6.5)

This relationship, together with that in (5.3), gives an expres-
sion of Q in terms of ∆P and V , which can be linearized as
Q = β1∆P+β2V for some parameters β1 and β2 [5]. The im-
plication of such an expression is that the equation (5.6) can
be re-expressed with V as the input signal [5]. The control ob-
jective now is to find a feedback control signal (voltage) V for
the re-expressed (5.6) such that the aortic pressure PA (through
its estimate P̂A from the adaptive state observer) tracks a ref-
erence signal r(t) chosen to meet certain physiologic need.

For the control system shown in Figure 4, KI is an integral
gain, K is a feedback gain vector calculated from an optimal
control design procedure [5] in which the estimate of T PR
is used to replace the unknown T PR in optimal control and
state observation, leading to an adaptive control scheme. To
derive such a control scheme, we started with the linearized
expression Q = β1∆P+β2V , to express the system (5.6) as

ẋ = (A+B1β1C)x+B1β2V +B′
2δP +B3δm, ∆P = Cx. (6.6)

An adaptive state observer using system parameters and an
adaptive estimate of T PR is constructed to generate an esti-
mate x̂ of x and an estimate P̂A of PA. The adaptive optimal
controller uses P̂A for feedback control.

In this physiologic control scheme, the reference signal r
is generated from a design function f and an auxiliary signal
rm, using a precompensation algorithm: r = rm + f (∆P). The
function f is a nonlinear function of ∆P, which is inversely
proportional to ∆P. If the LVAD flow rate is lower than the
venous return, ∆P is decreased, and in turn the reference sig-
nal r is elevated. If the pump flow rate is higher than the
venous return, the reference signal r is lowed.

This is important because the body need for blood flow
may vary a lot in the presence of physiologic state variation.
In these variations, some parameter of the human circulatory
system, like total peripheral resistance, may change a lot, and
cause the variation of the venous return, in turn left ventric-
ular pressure PLV . As a result, the pump head of LVAD ∆P
will exhibit a variation too [5]. The update of reference sig-
nal by the designed f function of ∆P can guarantee that the
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Figure 5: Simulation results: PLV : left ventricular pressure;
PA: aortic pressure; ErrPA: estimation error for aortic pres-
sure; TPR: total peripheral resistance; TPF: total peripheral
flow; r: reference value; V: the control output voltage.

body need can always be matched by the LVAD flow rate,
and prevent the underperfusion and overperfusion of human
body that may happen if constant reference value is used in
the variation of physiologic states.

7 Simulation Study

The control system shown in Figure 4 was simulated using
Matlab/Simulink, with the controller designed based on the
reduced-order model (5.6) and applied the full-order system
shown in Figure 1. Extensive simulation results for various
healthy and CHF cases have been obtained, which validated
our analytical work in modeling, estimation and control of hu-
man cardiovascular circulatory systems with a left ventricular
assist device [5].

Figure 5 illustrates the simulation results from rest to exer-
cise with the LVAD. The resistance of blood vessel (TPR) de-
creases dramatically in exercise, and the total peripheral flow
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(TPF) increases significantly. The average estimation error for
aortic pressure is maintained less than 1 mmHg in this activity
variation. The value for reference signal r changes from 100
mmHg to 105.4 mmHg in exercise. The blood flow rate, the
left ventricular end-diastolic pressure, and the average aortic
pressure, are restored by the LVAD to: 5.6 L/min in rest and
9.8 L/min in exercise, 1.1 mmHg in rest and 2.3 mmHg in ex-
ercise, and 99.6 mmHg and 103.2 mmHg respectively. These
values are close to the simulation results for a healthy person
in rest and exercise conditions [5].

8 Experimental Study

A mock human circulatory loop was set up as an in vitro test
rig for different versions of prototype LVADs, as shown in
Figure 5, whose components mimic the key components of
the human cardiovascular system, and can simulate different
normal or pathologic states and activities of a cardiovascular
system [15] (a small centrifugal pump MY2 was used in the
place of an LVAD).

Figure 6: The mock human circulatory loop [15].

Figures 7 and 8 illustrate the experimental results of a
mock human loop in different pathologic states without and
with the MY2 pump respectively. Three different pathologic
states, namely I, II, and III are reproduced exactly the same in
the Figures 7 and 8. MY2 pump is controlled by a real-time
controller board DS 1104 (dSPACE Inc., MA.). The aver-
age estimation error for aortic pressure was maintained less
than 2 mmHg. The abnormal hemodynamic variables, such
as the blood flow rate, the left ventricular end-diastolic pres-
sure, and the average aortic pressure, are all restored to the
normal physiologic range, 5-6 L/min, < 15 mmHg, and ∼95
mmHg respectively, by the designed physiologic controller in
the presence of pathologic state variations. The reference sig-
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Figure 7: Experimental results (without MY2 pump): PLV :
left ventricular pressure; PA: aortic pressure; PV : venous pres-
sure; TPF: total peripheral flow.

nal is set constant with the value of 95 mmHg without an on-
line update in the experiment because the mock circulatory
loop was unable to reproduce the relation between the left
ventricular pressure PLV and the venous return [5], thus inval-
idate the use of the f function to update the reference signal
derived upon that relation.

9 Concluding Remarks

The design of a physiologic controller for a permanent LVAD
is described in this paper. With the single-equation model
(5.6) derived for the human circulatory system, the adaptive
estimation and control methods has been applied in the con-
troller design. Computer simulation and mock circulatory
loop test consistently show good controller performance in
the variation of physiologic states, in terms of aortic pressure
estimation error, restoring abnormal hemodynamic variables
back to normal range, etc. A series of animal tests, which
replicate the human circulatory system more accurately than
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Figure 8: Experimental results (with MY2 pump): PLV :
left ventricular pressure; TPF: total peripheral flow; Qpump:
LVAD flow rate; PA (dashed): aortic pressure; P̂A (solid): esti-
mated aortic pressure; V: control output voltage; r: reference
value.

the mathematical model and the mock circulatory loop, is an
indispensable step to verify the designed LVAD physiologic
controller performance.
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