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Abstract: Clinically adequate implementation of physi-
ological control of a rotary left ventricular assist device
requires a sophisticated technique such as the recently pro-
posed method based on the Frank–Starling mechanism. In
this mechanism, the stroke volume of the heart increases in
response to an increase in the volume of blood filling the
left ventricle at the end of diastole. To emulate this process,
changes in pump speed need to automatically regulate
pump flow to ensure that the combined output of the left
ventricle and pump match the output of the right ventricle
across changing cardiovascular states. In this approach, we
exploit the linear relationship between estimated mean
pump flow Qest( ) and pump flow pulsatility PIQp( ) in a
tracking control algorithm based on sliding mode control.
The immediate response of the controller was assessed
using a lumped parameter model of the cardiovascular
system (CVS) and pump from which could be extracted
both Qest and PIQp. Two different perturbations from the
resting state in the presence of left ventricular failure were
tested. The first was blood loss requiring a reduction in
pump flow to match the reduced output from the right
ventricle and to avoid the complication of ventricular

suction. The second was exercise, requiring an increase in
pump flow. The sliding mode controller induced the
required changes in Qp within approximately five heart
beats in the blood loss simulation and eight heart beats in
the exercise simulation without clinically significant tran-
sients or steady-state errors. Key Words: Heart failure—
Left ventricular assist device—Starling-like controller—
Sliding mode control.

Nowadays, a wide range of therapies has been
developed to manage heart failure (HF). These
include surgery, drug therapy, and mechanical cardiac
assist devices (1,2). As a large percentage of HF is
attributed to left ventricular (LV) failure, an implant-
able left ventricular assist device (LVAD) has
emerged as an option to support HF patients in
the last decade (3). The continued development of
LVADs has seen the emergence smaller, fully
implantable rotary blood pumps (IRBPs).

Recently, a review of physiological control mecha-
nisms by AlOmari et al. (4) indicates that no fewer
than 30 novel approaches to this problem have been
proposed over the past few years. However, none
have achieved widespread acceptance by the medical
profession. To fill this hiatus, we propose a new
approach combining a Starling-like control strategy
that is intuitively understood by medical staff (5) with
a sliding mode controller (SMC) (6) to determine the
physiologically optimum pump flow and calculate the
appropriate speed to achieve it. The Starling mecha-
nism emulates the natural processes in the heart to
synchronize the outputs of left and right ventricles
and to match the pump output to the fluctuating
metabolic requirements of the body. In this way, the
technique avoids overpumping leading ultimately to
ventricular collapse and under pumping, which can
cause LV insufficiency (7). SMC combines a rapid
response of pump speed without significant over-
shoot and with high tolerance to noisy reference
signals.

The SMC is proposed in order to improve adapt-
ability to cardiac demand and clinical conditions of
the heart that have plagued traditional control strat-
egies (8). This modality has proven to be robust in
various applications, as its development in the 1950s
(6). In this study, a novel SMC is developed to
noninvasively regulate the flow error to a set point
without inducing suction in the ventricle. A steady-
state Kalman estimator (9) was applied to estimate
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the system states despite system disturbance and
measurement noise. Finally, computer simulations
were performed to verify the performance of the pro-
posed controller.

METHODS

Control strategy
According to the Frank–Starling mechanism, an

increased volume of blood progressively stretches
the ventricular wall, causing the cardiac muscle to
contract more forcefully. This mechanism underlies
the sigmoid relationship between preload and output
of the left ventricle as described by Guyton and Hall
(10). Early clinical experience with patients with
IRBP established that the relationship between flow
pulsatility and LV preload was similarly sigmoid (RF
Salamonsen private communication). Thus, when LV
output is related to flow pulsatility the relationship
approaches linearity.The theoretical basis for this has
been presented in detail elsewhere (5). Recently,
our research group has developed and validated a
numerical approach that uses pulsatility to control
pump flow in a manner that emulates the starling
mechanism of the natural heart. When changes in
state occur (Fig. 1), they cause deviations of the oper-
ating point from its original position on the control
line, for example, to state-lines S2 or S3. The disposi-
tion of the states S1, S2, and S3 conform to our
previously reported theoretical analysis (5). The con-
troller then forces the operating point back to the
control line along a radial path as defined by Eq. 1,
that is:

Q Q PIpr est Q np= ( ) + ( )( )∗
2 2

sinθ (1)

where Qpr is the desired pump flow, Qest is the
estimated mean pump flow, PIQp is pulsatility of
pump flow, and θn is the angle that defines pump assist
ratio. A radial correction is used as it conforms
closely to the trajectories of the new state lines S2
or S3. Changes in state are thus countered by
movements of the operating point up or down the
control line. The pump flow defined by each new
location of the operating point on the control line is
the value to be used for the next cardiac cycle of the
model.

Flow estimator method
Our research group has developed a noninvasive

empirical model of an LVAD to estimate mean
flow Qest (11). In this model, two autoregressive
dynamical linear time-variant (ARX) models were
used. The first ARX model is proposed to model the
relation between mean pulsatility index of pump
rotational speed PIw( ) and mean pulse-width modu-

lation signal PWM( ) as follows:
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where x̂1 is the estimated mean pulsatility index of
pump rotational speed PIω , u(k) is the mean
pulse-width modulation signal PWM, a(k), b(k) are
the output and input time-varying system parameters
respectively, e1(k) is the model noise, q1 is the delay
value, k is the sampling time, and n and m represent
the model output and input orders, respectively.

Similarly, the second ARX model is proposed to
model the relation between Qest and PIω as follows:
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FIG. 1. Block diagram of control system.
Qp , Average pump flow, PIQp, pulsatility of
pump flow; CLn, nth Control line; (θn),
angle defining the slope of the nth control
line; S1, original state; S2 & S3, deviated
states; ŏ, original position of operating
point; ø, deviated position of operating
point caused by the change in state; f
position of operating point after action of
controller; Qpr, the reference (desired)
mean pump flow; LVAD, left ventricular
assist device; u(k), pulse-width modulation
drive signal to the LVAD; Hcvs, differential
pressure between left ventricular and
aortic pressure; CVS, model of the cardio-
vascular system; Qp, instantaneous pump
flow; Qp , mean pump flow;Qest , estimated
mean flow; Kf, Kalman gain.
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where x̂1 is the estimated PIω , x̂2 is the estimated
Qest, c(k), d(k) are the output and input time-varying
system parameters, respectively, e2(k) is the model
noise, q2 is the delay value, k is the sampling time, and
n and m represent the model output and input orders,
respectively.

This approach used a recursive least square
method to estimate the system parameters. In both
ARX models, the constant forgetting factor method
was used to track the time varying parameters online.
This method was chosen because it is accommodated
the law variation changes due to change of afterload,
preload, and contractility. Therefore, fast tracking of
system parameters to sudden changes of venous
return will achieved, for example, from changes of
body posture or straining (12). In both models the
best results (i.e., with minimal error and highest cor-
relation values between the estimated and measured
values of PIω and Qest) were obtained when the
system orders were n = m = 1, and the delay values
were q1 = q2 = 1.Therefore, the dynamic model of the
system can be described by the following difference
equations as:

ˆ ˆx k a k x k b k u k e k1 1 11+( ) + ( ) ( ) = ( ) ( ) + ( ) (4)

ˆ ˆx k c k x k d k x k e k2 2 1 21+ + ( ) = ( ) ( ) +( ) ( ) ( ) (5)

where x1(k) is the estimated PIω , x1(k) is the
estimated Qest , u(k) is the PWM, a(k), b(k), c(k) and
d(k) are time-varying system parameters, and e1(k),
e2(k) are the model noises. In this model, different
cardiovascular states are simulated by using dif-
ferent values of hemodynamic parameters including;
total blood volume (Vtotal), systemic vascular resis-
tance (Rsa), and parameters representing the LV
contractility (Elv).

In order to design a physiological controller, the
system defined by Eqs. 4 and 5 is rearranged as a
linear time-variant state space system of the form:
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C = [0 1] where, x(k) = [x1(k) x2(k)], ζ(k) is the system
noise, y(k) is the system output, a(k), b(k), c(k), and
d(k) are the system parameters estimated using an

identification algorithm. In this model, experimental
results showed that the variation of a(k), c(k), and
d(k) are bounded and the parameter b(k) is close to
a constant value.

Implementation of SMC algorithm
We can re-write the state space model (6) as:

x k Ax k Ax k Bu k k

y k Cx k

+( ) = ( ) + ( ) + ( ) + ( )
( ) = ( )

1 δ ζ
(7)

where δA is the system parameter variation and ζ(k)
is the system disturbance.

In this strategy, the controller was designed based
on SMC using a pole placement method (13). In this
technique, the control system matrix is given by
(A − BK). Here k ∈ Rn is the gain matrix obtained by
assigning n-desired eigenvalues in the pole placement.
To accommodate a strong reachability,we propose the
Gao reaching law (14). This law can be given as:

s k qT s k s k+( ) = −( ) ( ) − ( )( )1 1 εTsign (8)

where, T > 0 is the sampling period, ε > 0, q ≥ 0 such
that 0 < (1 − qT) < 1.

We define the sliding surface as:

s k Sx k( ) = ( ) (9)

where S is a constant vector, designed using the
method described in (15) to ensure that x(k) is
asymptotically stable. To satisfy the reaching law in
Eq. 8, we obtain:

s k Sx k+( ) = +( )1 1 (10)

From Eqs. 7 and 10 we get:

s k Sx k
S A BK x k Ax k Bu k k
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Equations 8 and 11 give:

S A BK x k Ax k Bu k k
qT s k s k

−( ) ( ) + ( ) + ( ) + ( )( )
= −( ) ( ) − ( )( )

δ ζ
ε1 Tsign (12)

Solving the above equation for the control
command signal u(k) yields:

u k SB S A BK x k S Ax k
S k qT Sx k s

( ) = −( ) −( ) ( ) + ( ) +
( ) + −( ) ( ) +

(−1

1
δ

ζ εTsign kk( )( )) (13)

As δA and ζ(k) are unknown, the control law
cannot be implemented unless we assume that the
upper and lower bounds of the value (SδAx(k) +
Sζ(k)) is given as:
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then the control law can be rewritten as:

u k SB S A BK x k s k
qT Sx k s k
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−( ) ( ) +
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In our problem, the whole state x(k) is not avail-
able to our controller, so we need to estimate x(k)
based on the measured output y(k). For this purpose,
we use the steady-state Kalman estimator as
described in (9). So, the Kalman estimator can be
written as:

ˆ ˆ ˆ .x k Ax k Bu k K y k Cx kf+( ) = ( ) + ( ) + ( ) − ( )( )1 (16)

Here x̂ k( ) is the estimate of the state x(k) and Kf is
the optimal Kalman gain given as:

K PC Rf
T= −1 (17)

where P is the solution of the algebraic Riccati
equation:

AP PA PC R CP QT T+ − + =−1 0 (18)

In our control design, we have applied the control
law in Eq. 15 with the state x(k) replaced by its esti-
mated x̂ k( ).

As shown in Fig. 1, the desired reference pump
flow Qpr was calculated using gradient angle (θ) of
the control line as:

θ θ θ= +( ) + +( )( ) ( )∫K e e K e ep PI Q i PI QQ Qest p est p, , (19)

where Kp and Ki are the proportional and integral
gains. This proportional integral controller ensures
that the gradient angle θ is automatically adjusted
to insure that Qest and PIQp remain within their
corresponding upper and lower limits for each cycle
of the model.Therefore, the reference pump flow can
be given as stated in Eq. 1.

Simulation protocols
Numerical simulations using a software model

incorporating a lumped-parameter model of the CVS
in combination with a model of the RBP was used to
evaluate the control strategy. These were imple-
mented using Matlab-Simulink (The Math-works
Inc., Natick, MA, USA).A detailed description of the
model as well as parameter values, previously devel-
oped by our research group, can be obtained from
(16). In order to evaluate the immediate response of
the controller to different physiological states,
defined by system parameter variations, the LVAD

with the designed controller was tested under two
physiological conditions. First, Vtotal was linearly
decreased by 500 mL at 25 s, and the simulation was
continued for another 35 s to allow the system to
reach a steady state corresponding to new param-
eters values. Next, we simulated the transition from
rest to exercise. In this test, the system parameters
were also linearly changed at 25 s. These changes
include Elv and right ventricular contractility (Erv)
(increased by 15%), Rsa (decreased by 50%) and sys-
temic veins unstressed volume (V0,sv) (decreased by
50%). This test was conducted to determine whether
the controller had the capacity in combination with
the CVS to provide the hemodynamic support
required during normal daily activities. The other
parameters of the model did not change through the
simulation study.

The design parameters of the sliding surface in Eq.
15 were S = [0.9413 − 0.0805] and those of the control
law in the same equation were qT = 0.01 and
εT = 0.02. Also, the resulting value of S is
[0.9413 − 0.0805]. In addition, the lower and upper
limits for pump flow pulsatility were set to 1.5 and
4 L/min, whereas lower and upper limits for mean
pump flow were set to 3 and 6 L/min. Study protocol
model parameters were adjusted from the “Healthy”
to “Heart failure” condition as a precondition for
simulations. The most parameters including sys-
temic peripheral resistance, blood volume, and
contractilities of the left and right ventricles
expressed as maximum end-diastolic elastances are
given in Table 1.

RESULTS

Figure 2 (A series) shows the immediate response
of the controller to blood loss occurring at 25 s. The
reduction in blood volume caused a fall in RV
preload and consequent delivery of blood to the LV,
which in turn reduced LV preload and stroke work.
The controller responds to the consequent fall in
pump flow pulsatility by decreasing mean pump
speed from 2800 rpm to 2000 rpm and mean pump
flow from 4.6 L/min to 3.4 L/min.These changes were
substantially complete within four heartbeats.
Figure 2, A2 giving a magnified view of the relation-
ship between actual and estimated instantaneous
pump flows, indicate the extremely close correlation
between the two flows. The relationship between
actual and estimated average flows was highly signifi-
cant (Fig. 2, A3) and linear regression gave an
R2 = 0.9999 and a slope of unity.

In the second scenario, model parameters were
changed to simulate the transition from rest to exer-
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cise. Figure 2, B series, illustrates the immediate
response of the controller to the parameter changes
occurring at 25 s. The controller responds to an
increase in LV preload, stroke work, and subsequent
pump flow pulsatility by increasing mean pump speed
from 2800 rpm to 3300 rpm and mean pump flow
from 4.4 L/min to 5.1 L/min.These changes were sub-
stantially complete within eight heartbeats without
transient overshoots or steady state errors. As for the
previous example, Fig. 2, B2 shows actual and esti-
mated instantaneous pump flows, whereas Fig. 2, B3
demonstrates the extremely high value of 0.9998 for
R2, and a slope of unity.

Table 2 presents a summary of salient hemo-
dynamic variables, specific for the HF condition,
before and after perturbations of blood loss and
exercise.

DISCUSSION

This study demonstrates for the first time the appli-
cation of the SMC technique to the recently
described Starling-like controller (5) for physiologi-
cal control of pump speed in an IRBP. In the two
simulations presented that cover both perturbations
in blood volume and exercise resulting in decreases

TABLE 1. Changes in important model parameters to simulate the “heart failure”
condition

No. Variable Unit Heart failure (Healthy)

1 Rsa mm Hg.s/mL 1.11 (0.74)
2 Vtotal mL 5800 (5300)
3 Emax,lv mm Hg/mL 0.71 (3.54)
4 Emax,rv mm Hg/mL 0.53 (1.74)

Rsa, Resistance of systemic arteries; Vtotal, total blood volume; Emax,lv, maximum end-systolic
elastance of the LV; Emax,rv, maximum end-systolic elastance of the RV. Reference values for the
“Healthy” condition are given in brackets.
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A2, Magnified view of estimated versus
actual pulsatile pump flow; A3 estimated
versus actual steady-state blood flow. B
series, Exercise; B1 Pump speed; B2
Magnified view of estimated versus
actual pulsatile pump flow; B3, esti-
mated versus actual steady state blood
flow; Qp, pump flow; ω, pump speed.
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and increases in pump speed, respectively, appropri-
ate changes in pump speed and flow were induced
extremely rapidly without significant transient or
steady state error. In the field of physiological
control, our argument is that the Starling-like con-
troller, which emulates the inherent control mecha-
nism in the natural heart to synchronize the outputs
of left and right ventricles, is superior to other
reported physiological strategies. These include
control of differential pressure across the pump (8);
afterload control (17); flow control (18); preload
control (19); and control of pulsatility gradient (20).
In the healthy cardiovascular system, the cardiac
output is generated ultimately not by the left ven-
tricle but by the metabolic requirements of the
tissues as transferred to the left heart by the right
heart via the pulmonary circulation (1). In this
context, the ultimate control goal of the LVAD
should therefore be to maintain a stable appropriate
level of work for the failing left ventricle and at the
same time deliver the output from the pulmonary
circulation to the arterial compartment. If it achieves
this aim it should ensure a mean arterial pressure
in excess of 60 mm Hg, which is a fundamental
prerequirement for autoregulation of flows by the
tissues (21).

The second important prerequisite for any control
system particularly at low preloads where there is an
imminent risk of ventricular suction is a rapid speed
of response as the starling effect in ventricular muscle
is virtually immediate. Some physiological events like
changes in posture can cause ventricular suction
within 10 heart beats. The sliding mode controller
meets this requirement very competently. Our simu-
lations indicate that the response time for change in
pump speed is five to eight heartbeats. In this respect,
it is superior to standard proportional-integral-
derivative controllers where the high gain for the
proportional coefficient necessary for a rapid
response leads to under damped transient responses,

which result in overshoots and oscillations in pump
speed (9). In addition, the operation of the derivative
component, designed to control this problem, is com-
promised by the noisy nature of estimated flow and
flow pulsatility signals. Other advantages of SMC in
addition to speed of response include zero steady
state error, robustness in face of large perturbations
or model uncertainties, successful application to non-
linear systems, and reduced requirements for infor-
mation in contrast to classical systems. An additional
attraction of the technique is its simplicity and ease of
implementation (6).

The Starling-like controller also requires accurate
data on pump speed and speed pulsatility, which in
this communication are estimated. Although estima-
tion avoid the problems inherent in flow and pressure
sensors, they introduce problems of their own—most
importantly inaccuracy and slow speeds of operation,
because a number of heart beats are required for
each estimation (22).

One limitation of the method is that it is dependent
on a moderate degree of residual LV contractility and
will not work in the extreme case where LV has no
contractility at all. Furthermore, Fig. 2, A1 and B1
indicate that the transient overshoot to 7 L/min
occurs at the beginning of the simulation before a
steady state is achieved. Further tuning of the con-
troller is required to eliminate this problem (23,24).

CONCLUSION

In this paper we present a new physiological con-
troller that mimics the Frank–Starling law of the
heart and that includes a novel robust optimal SMC.
The controller adjusts mean pulsatile flow using
pump flow pulsatility as the feedback parameter. The
immediate response of the controller to changes in
rest and changes from rest to exercise that impose
very different operating conditions for the controller
were evaluated using a lumped parameter model of
the cardiovascular system. Simulation results show
that the abnormal hemodynamic variables of HF
patients are restored back to a normal physiological
range. Future work will include the validation of the
proposed strategy using a circulation mock loop and
in vivo animal experiments.
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Abstract: Mechanical circulatory support technology is
continually improving. However, adverse complications do
occur with devastating consequences, for example, pump
thrombosis that may develop in several parts of the pump
system.The aim of this study was to design an experimental
clot/thrombosis model to register and analyze acoustic
signals from the left ventricular assist device (LVAD)
HeartMate II (HMII) (Thoratec Corporation, Inc.,
Pleasanton, CA, USA) and detect changes in sound signals
correlating to clots in the inflow, outflow, and pump housing.
Using modern telecom techniques, it was possible to register
and analyze the HMII pump-specific acoustic fingerprint in
an experimental model of LVAD support using a mock loop.
Increase in pump speed significantly (P < 0.005) changed
the acoustic fingerprint at certain frequency (0–23 000 Hz)
intervals (regions: R1–3 and peaks: P1,3–4). When the ball
valves connected to the tubing were narrowed sequentially
by ∼50% of the inner diameter (to mimic clot in the out- and
inflow tubing), the frequency spectrum changed signifi-
cantly (P < 0.005) in P1 and P2 and R1 when the outflow
tubing was narrowed.This change was not seen to the same
extent when the lumen of the ball valve connected to the
inflow tube was narrowed by ∼50%. More significant
(P < 0.005) acoustic changes were detected in P1 and P2 and
R1 and R3, with the largest dB figs. in the lower frequency
ranges in R1 and P2, when artificial clots and blood clots
passed through the pump system. At higher frequencies, a
significant change in dB figs. in R3 and P4 was detected when
clots passed through the pump system.Acoustic monitoring
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