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Abstract
In this paper, an integrated model of the human circulatory system with a brushless DC axial flow ventricular assist
device (VAD) was developed. The resulting nonlinear hybrid model is then used to design the VAD feedback control
system. The VAD controller is designed to maintain a physiologically motivated perfusion; it is tested using computer
simulations of different scenarios ranging from the normal heart to the left heart asystole.
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Introduction

Ventricular assist devices (VAD) have been in use for
many years as a bridge to transplantation (Olsen, 1999)
and hold a potential to become a long-term alternative
to donor heart transplantation. VADs are mechanical
support systems used in parallel with the failed heart to
reduce the heart’s workload.

Currently, a control system for continuous-flow VADs,
which automatically responds to physiological cardiac
demand, does not exist. In hospitals, the flow rate gen-
erated by the continuous flow VAD, such as the DeBakey
pump, is selected manually by a physician or trained sup-
port personnel. Mobile patients can operate implanted
continuous flow VADs in one of two ways: “automatic”
or manual. During automatic control, the patient, fol-
lowing guidelines provided by the doctor, sets the desired
pump rpm depending on the level of physical activity.
The VAD controller automatically adjusts the current
and voltage applied to the pump to achieve the desired
rpm setpoint. A feedback system based on physiological
measurements (such as pressures, flows, O2 saturation,
etc.) is currently not available. In manual mode, the
patient directly adjusts the pump rpm by “twisting the
knob” until the comfort level of perfusion is achieved.

A recent paper (Waters et al., 1999) is representative
of the current state-of-the-art in developing an improved
control of continuous flow VADs; in this paper, a PI
controller was designed using a simple computer model
of the circulatory system. The assumptions made by
Waters et al. (1999) are unrealistic, including contin-
uous flow throughout the circulatory system, no heart
valves and linear correlation between pump generated
pressure difference, ∆P , and pump voltage, current and
rpm. Further research is clearly needed before a physio-
logically motivated continuous VAD control system can
be developed for devices used in patients.

The selection of an adequate model, which avoids the
overwhelming complexity of the full-scale CFD model,
but retains all relevant characteristics of the circulatory
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system motivated our selection of the network-type cir-
culation model. However, unlike the previous work by
Waters et al. (1999), where the linear model with con-
tinuous flow throughout the system was assumed, we pre-
serve such characteristics as nonlinearity, pulsativity and
discontinuity due to the effects of the heart valves.

The selected control objective is to maintain the pres-
sure difference between the left heart (LH) and the aorta
close to the specified reference pressure. We show that
this control objective leads to an adequate and physi-
ologically motivated perfusion. At the same time, the
simplicity of the objective allows for an implementation
of simple control laws. In particular, a PI controller, de-
veloped to vary the VAD electrical current to minimize
the difference between the reference and the actual differ-
ential pressure, results in a surprisingly good perfusion
in vastly different clinical cases, ranging from the normal
heart to a completely failed (asystolic) left heart.

During the development of the feedback system, we as-
sumed that two implanted pressure sensors and an rpm
sensor were available for the feedback. However, the need
for implantable pressure sensors (the least reliable com-
ponents) can potentially be eliminated by using readily
available measurements of the pump rpm, voltage, and
current to estimate the differential pressure between the
left heart and the aorta.

Model Development

The model used in the controller design incorporates a
model of the human circulatory system with a model of
the continuous flow left ventricular assist device (LVAD).

Model of the Circulatory System

The Utah Circulation Model (UCM) is a network type
model, which subdivides the human circulatory system
into an arbitrary number of lumped parameter blocks,
each characterized by its own resistance, compliance,
pressure and volume of blood. In its simplest configura-
tion, the UCM has eleven elements: 4 heart valves, and
7 blocks including the left heart, the right heart (RH),
pulmonary and systemic circulation, the vena cava and
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Figure 1: Schematic of the UCM.

the aorta, Figure 1. An arbitrary modeling detail can be
achieved by increasing the number of blocks. The model
was developed under the typical (McLeod, 1972) assump-
tions that blood is a Newtonian fluid, heart valves open
and close instantaneously, and constant flow resistance
in all blocks. Except for the heart blocks, the compliance
of all other blocks remains constant.

Each block of the model is characterized by its resis-
tance, R, to the flow, F , and its compliance, C, which
characterizes the ability of a block to store a volume of
blood, V . Two idealized elements, resistance and stor-
age, are used to characterize each block. The storage
element provides zero resistance to the flow, while the
resistive element has zero volume. The resistance of the
n-th block, Rn, is defined as a proportionality constant
between pressure drop and blood flow across the block
so that flow rates into and out of the block are given by

F in
n =

Pn−1 − Pn

Rn−1
, F out

n =
Pn − Pn+1

Rn
, (1)

where Pn is the pressure at the inlet of the n-th block,
etc. The compliance, Cn, is defined as the ratio between
the inlet pressure, Pn, to the stored volume of blood, Vn:
Cn = Vn

Pn
.

We further classify blocks as passive and active. Ac-
tive blocks represent heart chambers; they are charac-
terized by the varying compliance within each cardiac
cycle. The rest of the blocks are referred to as passive.
The varying compliance of the active blocks is responsi-
ble for the progression of a heartbeat. Figure 2 gives the
typical value of the compliance of an active block used
in the simulations.

The volume of blood in each block is described by
a differential equation, which is an expression for the
macroscopic material balance for a block.

The resistances and compliances will differ in differ-
ent patients. In this work, typical values of Cs and Rs
were assumed for all passive and active blocks. Parame-
ters of the active blocks were adjusted to reflect different
pathological conditions during the evaluation of the VAD
control system performance under different scenarios.

The UCM includes four heart valves. Introducing
valve conductance of the i-th valve, Ch

i , as an inverse of
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Figure 2: Typical compliance of an active block as a
function of time.

the valve resistance, Rh
i , obtain: Ch

i = 1
Rh

i

= ch
i δi, ch

i =

constant, i = 1, 4, where the Kronecker delta is a logical
function of the differential pressure ∆Pi across the valve:

δi =
{

0 when ∆Pi ≥ 0
1 when ∆Pi < 0 . (2)

The resulting model of the circulatory system now
includes both dynamic and logical components, and is
therefore, a hybrid system.

Model of the Axial Flow VAD

The integrated circulatory model includes a model of the
axial flow LVAD, such as DeBakey LVAD, as an assist
device. The LVAD is driven by a brushless DC motor.
A typical brushless DC motor can be described by the
following equations (Pillay and Krishnan, 1989):

J
dω

dt
= Te −Bω − Tp, (3)

where J is the inertia of the rotor, ω is the rotor speed
in rads/sec, Te is the motor torque, Tp is the load torque
and B is the damping coefficient.

If the motor has a sinusoidal back EMF, the phase
current also has a sinusoidal waveform. In this case
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(Choi et al., 1997), the motor torque is related to the
amplitude of the phase current, I, as

Te =
3
2
KBI, (4)

where KB is the constant of the back EMF. Following
Choi et al. (1997), we adopt the following functional form
for the correlation between the pump rotational speed,
ω, generated flow rate, Fp, and the load torque:

Tp = a0ω
3 + a1Fpω

2, (5)

where a0 and a1 are correlation constants.
To obtain the LVAD model in the closed form, we need

an additional correlation between the pump flow rate
and the corresponding pressure rise across the pump,
∆P = P5 − P4, and the rotational speed of the pump.
Following Konishi et al. (1994), the following differential
equation is used to describe the axial pump flow rate,
and close the VAD model:

dFp

dt
= −b0

b1
Fp −

b2

b1
ω2 +

1
b1

∆P, (6)

where b0, b1 and b2 are experimental constants.

Model integration

In most cases, the assist device works in parallel with the
natural heart taking blood from the LH and returning
it to the aorta. Using the same block numbering as in
Figure 1, we obtain the integrated model in the following
form:

[
v̇

Ḟp

]
=

[
A1 A2

A3

] [
v
Fp

]
+

[
0
− b2

b1

]
ω2

ω̇ = −B

J
ω − a1

J
Fpω

2 − a0

J
ω3 +

3KB

2J
I,

(7)

where v = {Vi|i = 1, 7}, A2 = [0 0 0 − 1 1 0 0]T ,
A3 = [0 0 0 − 1

b1C4

1
b1C5

0 0 − b0
b1

], and 0 is a zero vector
of an appropriate dimension. In diagonal form A1 =
diags{ 1

C1(R7+Rh
4 )

0 0 0 0 a1 a2 a3 0 0 0 0 1
C7(R7+Rh

4 )
},

a1 =



1
C1(R1+Rh

1 )
1

C2R2
1

C3(R3+Rh
2 )

1
C4(R4+Rh

3 )
1

C5R5
1

C6R6


,a3 =



1
C2(R1+Rh

1 )
1

C3R2
1

C4(R3+Rh
2 )

1
C5(R4+Rh

3 )
1

C6R5
1

C7R6


, (8)

where Rh
i = 1

ch
i δi

, i = 1, 4 describes the resistance of the

i-th heart valve, and the main diagonal

a2 =



− 1
C1

(
1

R7+Rh
4

+ 1
R1+Rh

1

)
− 1

C2

(
1

R1+Rh
1

+ 1
R2

)
− 1

C3

(
1

R2
+ 1

R3+Rh
2

)
− 1

C4

(
1

R3+Rh
2

+ 1
R4+Rh

3

)
− 1

C5

(
1

R4+Rh
3

+ 1
R5

)
− 1

C6

(
1

R5
+ 1

R6

)
− 1

C7

(
1

R6
+ 1

R7+Rh
4

)


. (9)

Equation 7 is the nonlinear, time-varying, hybrid
model of the circulatory system with LVAD; its dimen-
sion depends on the number of blocks used to model
the human circulatory system, and is equal to 9 in the
present case. The pump current, I, is the manipulated
variable.

In this work, we assume that the rotational speed of
the pump, ω, and the pressure difference between the
left heart and the aorta are directly measured. The rpm
sensor can be integrated into the VAD design, as is the
case with the DeBakey pump. However, measurements
of differential pressure require an implantation of two
pressure sensors, thus motivating an effort in developing
“sensorless” VAD control systems, which relies on the
estimation of ∆P from readily available measurements
of pump current I, voltage V and rotational speed ω.

The compliances and resistances may differ from pa-
tient to patient. The variations with time within a pa-
tient can also be substantial. A limited number of iden-
tification schemes were previously proposed (Yu et al.,
1996), which unfortunately require the implantation of
additional pressure and flow sensors.

VAD Control

Control Objective and Design

The significance of the VAD control cannot be over-
stated. Though the design of a VAD itself is critical to
the long-term success of the mechanical implant, the con-
trol of a VAD determines the confidence of doctors and
patients in mechanically supported perfusion as a per-
manent solution and an alternative to the donor heart
transplantation. The key requirement for the control
system is the adaptation of the VAD generated flow to
the changing physiological requirements of the patient.

Maintaining a reference differential pressure is known
to be an effective way to correctly adapt the cardiac out-
put to the changing requirements of the body. Such
adaptation is possible because the vascular bed resis-
tance can increase or decrease by a factor of 2 to 5 (Wa-
ters et al., 1999); since the flow is directly proportional to
∆P and is inversely proportional to the vascular bed re-
sistance, maintaining a constant ∆P with changing bed
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Figure 3: Volume and aortic pressure of a weakened
heart.

resistance can increase or decrease the flow rate by a
factor of 2 to 5. A reference ∆P can be maintained
by adjusting pump rpm within physiologically admissi-
ble limits despite changes in a patient’s vascular resis-
tance, stroke volume and pulse of the natural heart, all
of which represent the response to natural regulatory
mechanisms (Rao et al., 1999; Henson et al., 1995, 1994)
to changing physiological cardiac output demands. By
maintaining the prescribed ∆P we, in effect, synchro-
nize the assist and natural perfusion, thus indirectly in-
corporating natural cardiovascular regulation into VAD
control.

Controlling the ∆P also leads to relatively simple con-
trol algorithms and requires the implantation of only
pressure sensors. An additional argument in favor of
designing a ∆P controller is an observation that by con-
trolling differential pressure we can ensure that pump
rpm is maintained within limits dictated by physiologi-
cal limitations related to possible collapse of the LH due
to excessive suction, or back flow to the heart as a re-
sult of an inadequate pressure head developed by the
VAD. The overall control problem can be formulated as
the design of the feedback controller to regulate pump
rpm within physiologically acceptable constraints, while
minimizing the difference between the reference and the
actual ∆P . Since pulsativity of the natural heart leads
to the periodic changes in the ∆P , an additional objec-
tive is to keep oscillations of the pump rpm low, and,
thus, increase pump life and the patient’s comfort level.
The formal expression of the control objective is to min-
imize the objective function J by selecting control input
I subject to inequality constraints:

min
I

J =
∫ t

0

(∆Pr −∆P )2 + rω̇2dt, (10)

ωmin(v) ≤ ω(I) ≤ ωmax(v), (11)

where v and ω must satisfy the system of nonlinear hy-
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Figure 4: Characteristics of the weakened heart: (a)
RH volume, (b) RH pressure, (c) ∆P between LH and
aorta, (d) pressure-volume loop.

brid equations (7), and r > 0 is a user selectable weight.
The optimal solution to the formulated constrained

quadratic optimal control problem for nonlinear hybrid
systems is not known. Therefore, our approach is to se-
lect a fixed control structure followed by the optimization
of the tuning parameters. In particular, for PI controller

I = KP (∆Pr −∆P ) + KI

∫ t

0

(∆Pr −∆P )dt, (12)

the problem is to select the proportional and integral
constants KP and KI , which minimize the objective
function J . These constants were selected using an
exhaustive, direct numerical search for the minimum
of J for different weighting r until the desired trade-
off between speed of response and rpm oscillations was
achieved. The maximum value of r was limited to insure
that the upper constraint in (11) is not violated.

Simulation Results

The controller performance was evaluated under differ-
ent clinical conditions, ranging from the healthy heart
to an asystolic LH. Figures 3 and 4 show characteris-
tics of the weakened heart without assistance, indicating
lower than normal stroke volume of approximately 65 ml
and the aortic systolic and diastolic pressures are around
105/65 mmHg. The LH volume is considerably higher
than normal. The RH pressure is also much higher at
the normal 40 mmHg (Figure 4b), and is typical for RH
pressure with the failing left heart. Though not shown in
the figures for the weakened heart, the simulation pre-
dicts edema in the pulmonary circulation. Figure 4d
shows the work done by the weakened heart, which is
less than the work typical of the healthy heart.

The effect of the LVAD with the designed PI controller
was tested with the weakened heart, assuming the pulse
rate was 60 beats per minute, and the same LVAD pa-
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Figure 5: The LH characteristics and aortic pressure
for a weakened heart with LVAD controlled by the PI
controller.

rameters as those used by Choi et al. (1997). At time
t = 0, arbitrarily selected as the end of the diastole, the
LVAD assistance was initiated with the reference differ-
ential pressure of 75 mmHg sent to the VAD controller.
Initial VAD flow rate and rpm were set to zero, causing
large initial back flow of blood to the left heart. Figures
5 and 6 show the results for the weakened heart assisted
by the VAD with the designed controller. Figure 5 indi-
cates a fairly constant aortic pressure 99/91 mmHg. The
LH systolic and diastolic pressures are much closer to
each other compared to a healthy heart with the LVAD.
The volume of the LH with a VAD support reduces from
215/280 ml, observed without VAD assistance, to ap-
proximately 80/120 ml, which is in the normal range.
The LH pressure is also reduced to about 45/12 mmHg.
Though not shown in the figure, the RH pressure re-
duces to around 35/0 mmHg, which is within the nor-
mal range. The lung edema gradually reduces indicating
an adequate perfusion. Figure 6 shows no pump back
flow and the average pressure head of 75mmHg, which
is the setpoint. After about 30 seconds the limit cycle
is reached, at which time the rpm variations are reduced
considerably, indicating inability of the weakened heart
to produce high pressure variations.

Conclusions

The simulations show that maintaining an average pres-
sure difference between the left heart and the aorta is
an effective way to integrate the LVAD with the natu-
ral heart over a wide range of clinical conditions. The
proposed control objective is effective in reflecting the
physiological demands on perfusion, and simple enough
to allow for simple control laws, which is a desirable fea-
ture because it simplifies FDA approval of a new device.
However, the simplicity comes at a cost, since at least
two implantable sensors are required. The feedback con-
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Figure 6: Weakened heart with LVAD assistance: (a)
pump flow rate of the LVAD, (b) aorta volume, (c)
RH volume and (d) ∆P between LH and aorta.

trol without implantable sensors will necessitate the im-
plementation of a more sophisticated control system, in-
corporating a ∆P estimator based on the measurements
of the intrinsic pump characteristics. A further compli-
cation of adaptive control algorithms will be needed to
account for inter- and intra- patient variability.
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