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Abstract—Orthostatic hypotension, deep vein thrombosis
(DVT), and edema are venous system disorders that affect the
lower limbs and are common causes of decreased work perfor-
mance and affect the lives of many individuals. Compression
devices, rotation of staff, and regular breaks can alleviate these
problems. Active compression devices use air compression and
require a pump, making them bulky. A calf muscle device
that uses a dielectric elastomer as a soft actuator that is
compact, lightweight, and resilient, making it convenient for use
is developed. In this study, a physics-based model of the device
is presented by combining the physics of a thin-walled dielectric
elastomer vessel with the force interactions between the active
vessel and the cylindrical passive elastomer within. The couplings
between the two nonlinear elastic models are solved and a control-
oriented model that is capable of capturing the pressure change
experienced by the device under an applied voltage is established.
A prototype of the device is made and characterized. The model
is validated in the normal frequency range of the device. Human
pulse signal tracking is then performed using adaptive iterative
learning control (ILC) in a feedback loop. Experimental results
have shown that the device can generate up to 10 Pa fluid pressure
difference while tracking a human pulse signal with almost zero
phase delay.

Keywords- Dielectric elastomer actuators, wearable devices,
modeling, iterative learning control

Note to Practitioners: This paper describes a method that
enhances blood flow using a comfortable soft cuff device.
The device is made of dielectric elastomer which can gen-
erate contractions when it wraps around a lower limb to
help circulate blood flow. Development of the cuff device
could provide a preventive and proactive tool, as well as a
rehabilitation tool, for regulating and improving blood flow.
For example, this device could help a passenger who takes
a long time flight to circulate his/her blood flow. This device
could also help an athlete improve his/her muscle performance
in highly intensive competitions. This paper details design,
modeling, fabrication, and control of the device. A prototype
of the device was fabricated and was able to generate enough
contractions on an artificial lower limb to influence the blood
pressure while tracking a human pulse signal. Experimental
results have shown a great promise in enhancing blood flow
with such a wearable and comfortable device.

I. INTRODUCTION

The body’s circulatory system delivers oxygen and other
nutrients to muscles, connective tissues, organs, and other
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cellular components [1], [2]. To function effectively, the mus-
cular system relies on oxygen and nutrients carried by the
blood. Muscles, particularly those in the lower limbs, can
require little amounts of oxygen to high amounts of oxygen
depending on the amount of physical activity performed at
any given time. Cardiovascular strength is constantly needed
during physical exercise to overcome gravity pulls and to
adjust to different body positions, such as standing. During
postural shifts, gravitational effects are critical, particularly in
controlling any venous blood pooling [3], [4].

Inadequate blood supply prevents involuntary or voluntary
contracted muscles from relaxing, resulting in claudication
[5], (muscle discomfort), cramps, spasms, strains, and tears.
Astronauts face identical problems in space as well as when
they return to Earth. Reduced gravity forces limit stroke
volume (SV), which is the amount of blood expelled from
the heart [6], resulting in a loss of muscle mass. This can
result in orthostatic intolerance (OI), which is the inability to
adjust and maintain blood pressure while standing. Even with
post-flight rehabilitation, the human body might go through a
painful process, especially in the lower limbs [7], [8].

Development of a cuff device could provide a preventative
and proactive tool, as well as a rehabilitation tool, for regulat-
ing and improving blood flow. The mechanics, materials, and
control system employed to produce a robust design are what
make such gadgets unique. Air compression devices [9] that
need the use of motors and pumps to generate the compression
force or negative pressure chambers for muscle recovery [10],
[11] are examples of traditional devices that have been used.
These methods necessitate the employment of cumbersome
instruments that take up a significant amount of space [12].

Our previous research has shown that compression devices
using a dielectric elastomer actuator (DEA) provide a low-
cost, lightweight, comfortable, daily use, and portable method
for generating pressure change to regulate and increase blood
flow in the lower limbs [13]. DEAs are light, flexible materials
that deform in response to electrical stimulation. DEAs are
attractive to biomorphic robots because of their electrome-
chanical properties [14]-[16]. Some of the drawbacks of
DEAs as compression devices are the need to use a high
voltage and the magnitude of the output pressure is limited
by the material composition and pre-stretch. It is necessary to
determine the optimal pre-stretch that produces the maximum
compression pressure change for a given material. The high
voltage requirement is traded with the low power consumption
of the actuator. A compression sleeve is also added as a layer
betweeen the calf and the DEA for added protection.

The basic operation of DEAs works on the principal that
applying voltage across the membrane induces deformation
while withdrawing voltage restores the membrane to its normal



shape [17]. The use of DEAs in this way necessitates the
generation of a periodic pressure change which is needed
in a compression device for enhancing blood flow. Multiple
layers of dielectric (DE) material can be stacked or rolled
to achieve high pressure change. Using rolled or stacked
actuators to generate a macro-sized pressure change can take
hundreds of layers, as shown in [18] where 0.16 N /mm2
of actuation pressure for a stack-actuator is achieved. An
active compression bandage (ACB) made with DEAs showed
a pressure change of 5.2 percent for a single layer activated
at 11.3 kV, while a pressure change of 8.0 percent for three
layers was simulated using the Ogden density function in an
analytical physics model [19]. Through continuous actuation,
this work revealed the impact of electrical input and elastomer
geometry on pressure change. When continuously actuated
at 1.2 kV, a DEA-spring design that is also used for active
compression recorded a pressure change of roughly 2.5 mmHg
(333.31 Pa) with a starting pressure of 26 mmHg (3466.38 Pa)
[20]. It’s worth mentioning that a healthy person’s net blood
pressure, or the difference between their systolic and diastolic
blood pressures (120/80), is 40 mmHg (5333 Pa), making
the location of the unactuated (highest) and actuated (lowest)
pressures crucial to performance. The maximum pressure is
used as the base pressure for the device to operate in order to
cause large pressure changes and improve blood flow.

Different compression device configurations have been pre-
sented. A strip DE actuator is attached to a retaining spring
and belt mechanism in [20], to achieve device compression
and relaxation. For both compression and relaxation of the
device, Shahram Pourazadi ef al use a single layer DE bandage
[19]. Shahram Pourazadi et al used an input-output linearizer
controller to accomplish nonlinear control of pressure refer-
ence tracking in order to operate these compression devices
[21]. Zhihang Ye et al used an H., controller to handle model
uncertainty, disturbance rejection, and sensor noise to show
robust control of a diaphragm actuator for human pulse signal
tracking. One of the challenges faced with controllers that rely
on feedback loop signal control is phase delay. Iterative learn-
ing control (ILC) has been presented as a solution to eliminate
phase delay in periodic tracking problems. The control has
found use in a variety of disciplines, including mechanical
testing, factory robots, and health-care rehabilitation robotics
[22]-[26].

A quasi static physical model to show total pressure of a
DEA compression device has been derived in work done by
Pourazadi et al [19], and the basis for developing a dynamic-
based model is shown in work by Kaaya er al [27] using the
frequency response analysis. L Calabrese er al demonstrated
an active bandage design with one roll turn [28] however,
no control or coupling between the DEA and the calf was
presented in their work. A prototype of the DEA device
was fabricated and characterized in our prior work [13]. The
presentation of a physics-based dynamical model for the calf
muscle device, which captures the nonlinear elasticity of a thin
walled dielectric elastomer vessel with the force interactions
between the thin vessel and the passive cylindrical elastomer
around which the device is attached, is one of the major
contributions in this paper. The model also incorporates an

electrical impedance model of the dielectric with aforemen-
tioned nonlinear elasticity and comes up with a nonlinear
state space representation for controller and estimator design
purposes. Since the capacitance changes with the thickness
of the DE cuff, the impact of the nonlinear elasticity on the
steady-state error is investigated and the analysis shows that
ILC can reduce the steady-state error to zero when a step
reference is applied.

The pressure inside the blood vessel is normally not mea-
surable in real-time, the nonlinear elastic part of the model is
also used to predict this pressure which is used to quantify the
performance of the DEA in helping the calf muscle to generate
enough pressure to open and close the blood vessel valve
in order to prevent blood pooling. In addition to this, since
the model is physics-based, the model can be used to select
material property, pre-stretching rate, and number of layers
of the DE cuff and to design one to achieve a given control
goal with suitable bandwidth, by adjusting and optimizing
various parameters. Finally, an adaptive ILC is designed and
implemented in real-time to track a reference signal planned
from a human pulse signal. ILC can adjust to model aspects
that the mathematical model ignores. These unmodeled aspects
are contained in the error signal from which the ILC learns
from. The device with ILC can generate meaningful pressure
change which causes fluid contact angle change as observed
in an artificial vein simulate.

The remainder of the paper is organized as follows: Section
IT describes the methodology that discusses the design and
fabrication of the dielectric elastomer calf muscle device
(DECMD) in II-A. The modeling of the DECMD is then cov-
ered in Section II-B. The design and analysis of the adaptive
ILC is covered in Section II-C. Then, the experimental setup
and model validation are addressed in Section III, and the
conclusion and future work are described in Section IV.

II. METHODOLOGY
A. Design and Fabrication

The operating principal of a DEA as mentioned in section I
is primarily through the actuation of a dielectric membrane
using Maxwell pressure when an electric field is applied across
the membrane. The electric field is achieved through the appli-
cation of a voltage potential across compliant electrodes that
are placed on the dielectric membrane having the membrane
sandwiched by the electrodes. This configuration makes the
DEA behave as a capacitor. To account for strain hardening of
the DEA and the calf muscle during actuation, the couplings
between the two are calculated using the Gent model. The
pressure change experienced by the device under the input
voltage applied to the DE, as well as the pressure induced
inside the passive layer, are then captured using the control-
oriented model. This pressure is interpreted as blood pressure
within the vein.

1) DECMD Cuff Design: As shown in Figure 1, a DEA
strip is rolled twice over a compression sleeve for this de-
sign. The stretches defined in the figure are the longitudinal
direction, radial direction, and circumferential direction which
are represented as A;,A; and A3 respectively. The number



Fig. 1. DECMD Design

of roll turns increases as the number of layers increases.
This, in turn, increases the force output [29]. The force
decreases as the elastomer expands radially rather than in-
creasing with applied voltage. The multi-layer DEA strip, in
conjunction with the compression sleeve, increases venous
pressure. Actuating voltage from 0 V to the desired input
causes a periodic change in applied pressure (compression)
and released pressure (relaxation). Blood flow is reduced when
pressure is applied, but it increases when pressure is released.

The innermost layer of the DEA Cuff is a thin compression
sleeve. This layer serves as a thermal and insulating barrier,
preventing any electrical contact between the DECMD elec-
trodes and the skin of the lower limb. The thin material also
allows the actuator to provide minimal resistance to motion.
Following the compression layer is a two-layer rolled actuator
made up of elastomer and painted electrodes. Section I1-A2
goes over the procedure for applying the DEA layer and
compression sleeve.

Figure 2 shows a cross section of the DEA in the unac-
tuated(compression) and actuated(relaxation) state. In order to

Fig. 2. Sketch of the DECMD during compression and relation

enhance blood flow, the DECMD is employed to compress the
calf muscle in turn constricting the vessels. The veins are more
compliant than the arteries and as such will constrict more than
the arteries [30]. This helps ensure there is no venous back
flow by completely closing the valves as well as increasing or

maintaining the blood pressure during posture changes. As a
result, orthostatic intolerance can be mitigated.

2) DEA Cuff Fabrication: The DEA strip is made from
3M 4910 very high bond (VHB) tape serving as the dielectric
elastic membrane. For this experiment, a 30 cm x 6.5 cm X
1 mm DEA strip is cut as shown in Figure 3. For electrode

Fig. 3. DEA strips and cuff application

application a 1.5 cm margin is made from each side of the
elastomer to avoid short circuits at the edges. The red VHB
protective layer is applied to the border to facilitate electrode
application. The rest of the membrane is painted with graphite
powder, which was chosen as the electrode. The border is
then removed and used to measure small painting regions that
extend from the electrode area in order to attach copper tape.
The copper tape strip is cut and applied to the small painted
area. To avoid a short circuit or electric contact with any other
adjacent components, careful painting is required. The painted
membrane is flipped over, and the painting and lead attachment
procedures are repeated as in the first case. The positive and
negative connections to the power supply are provided by the
two opposing leads.

The DEA Cuff is attached to the calf section by rolling the
DEA strips to the desired number of turns. Then the rolled
strip is stretched circumferentially to a diameter larger than
the silicon calf simulate. The calf simulate is then inserted
inside the rolled DEA and finally the strip is released to
grip the calf simulate. The calf section is scaled down by a
ratio of 1:2.25. The scale-down factor is based on the limited
3D printing space for the calf mold. Ecoflex 00-30 two-part
mixture silicone rubber is used to approximate the elastic
stiffness of the calf muscle. The reported 100% Modulus of
the silicon is about 69 KPa. This value is within the reported
range of calf muscles [31], [32]. In a 3D printed mold, a large
amount of silicone mixture is poured and cured. Following
curing, the silicone muscle is removed and aired out again to
ensure solidity. To simulate the vein, a fluid bag containing
colored water is used. The excess fluid is poured into a cup
after a tiny hole is pierced. This tiny piercing is designed in
such a way that a flexible rubber tube can be inserted and glued
to a plastic tube. This tube represents a superficial capillary
that is used to detect changes in fluid pressure. The liquid
is then re-poured into the plastic casing via the rubber tube
with a fluid syringe and sealed to increase fluid pressure. To
insert the fluid bag, a thin wedge is sliced into the back of the
calf section. The location of the fluid bag is close to that of



the saphenous vein adjacent to the calf muscle. As a result,
the muscle puts pressure on the vein. As shown in Figure 3,
the compression sleeve (Tommie Copper®) is then wrapped
around the silicone muscle, and the DEA strip is wrapped
around the sleeve 2 times to achieve a prestretch of 200%.
For this DEA cuff, a maximum pressure of 52 mmHg was
achieved.

B. Modeling of the DECMD

As previously described, the dielectric elastomer (DE) strip
is rolled n times over a compression sleeve, as shown in
Figure 4. To achieve the desired prestretch in the DEA, the

Fig. 4. Cross-sectional design of the DECMD

DEA strip is rolled over the calf. Because of the elastic energy
stored in the membrane, this causes a contact pressure to be
exerted on the calf. When a voltage is applied, the contact
pressure decreases as the elastomer expands radially. The
multi-layer DEA strip, in conjunction with the compression
sleeve, increases venous pressure.

The DECMD is modeled as a tubular actuator with multiple
layers stacked on top of one another. The elastic energy
stored in the dielectric membrane causes the DECMD to
exert pressure Ppg around the calf at the inner surface of the
membrane. Let the inner surface be A. The outer surface of
the membrane, B is exposed to the atmosphere. Activating the
DECMD electrically relaxes the dielectric membrane, relieving
pressure Pp on the calf. This pressure interaction, in turn,
exerts pressure change on the blood vessels within the calf,
resulting in an increase in blood flow.

The Gent model is used to simulate the actuator’s elasticity,
with the Helmholtz’s energy, W given as

_ uJ -3
W= 21n<1 J) (1)

where u is the actuator’s shear modulus, J is the limiting
stretch, I} = 112 +122 +l32 is the first principle invariant, and
A; the stretch in the longitudinal, circumferential, and radial
direction, for i = 1,2,3 respectively. Taking the reference
coordinate system as (R,®,Z) and the current coordinate
system as (r,0,z), and assuming symmetric deformation in
the circumferential direction, let A} =4, =z/Z, A, =A =r/R,
and A3 = (AA,)~! = h/H =dr/dR. h is the current membrane
thickness and H is the undeformed membrane thickness. The

dielectric membrane is assumed to be an isotropic incompress-
ible material [33].
The deformation gradient, F is therefore given by

M 0 O
F=|0 4 0 2
0 0 A3
The Left Cauchy-Green deformation tensor, B is
A2 0 0
B=FF' |0 A} 0 (3)
0 0 A2
The Cauchy stress tensor is given by
uJ
oc=—-pl+—— B 4
pI+— =3 “)

where p is the hydro-static pressure. Substituting for B in
equation 4 gives

WA
O =Pt ®)
B uJA 2
Co0 = P+ 73y 0 —3) (6)
I

In the absence of body forces, the equilibrium equation in the
radial direction becomes [33]

O (01— 000) =0 ®)
with the following boundary conditions; the stress on the outer
surface of the membrane o,.(b) = 0 while that at the inner
surface o,-(a) = —P,. P is the elastic pressure exerted by
the actuator on the calf muscle. Taking the integral of Eq. 8
and applying the boundary conditions gives

0 b1
/ do,, = / *(669 - cyrr)dr 9
7Pel . r

a

Substituting for ogg and o, gives

» _/”1 WA ()7
e v U= =3) J—(I;-3)

Using dr/dR = (AA;)~" and taking the implicit derivative of

dr  (10)

A =r/R, one can arrive at the expression dr = %dl.
Substituting this in Eq.10 gives .
2| J A 72— (AA,) 2
p=| ~—*H ( () )dl (11)
. AJ—(;=3) 1—-A2%A,

such that A, =a/A and A, = b/B.

The assumption of incompressibility implies that there will
be no volume change. This means that (> —a®)wz = (R*> —
A?)rZ. Diving through by nZ and substituting for r = AR
gives

R* (A%, —1)=da*A, — A? (12)
Substituting for A = A, and a = A,A when R = B yields
B 2
Aide—1= (A) (A~ 1) (13)



Let g = BA%A +1=¢€+1. € is the geometric curvature. This
implies that

22h—1=(e+ 1A, —1) (14)

For a thin walled cylinder, € < 1. Therefore (€4 1)% ~2¢+1.
Eq.14 simplifies to

(Aa—20) (Aa+ M)A, = 26(A2A. — 1) (15)

Also for the thin walled cylinder, A, ~ A, ~ A. From Eq. 15
this yields
€

Pa=ho =77
/4

(AgA.—1) (16)

and Eq.11 becomes

1w
S AJ—(I-3)

Therefore

Pel

A2 (A%) ) [A
( 1_(12/1) )Abdl a7

_ Ha€aan (A7 — (Aaheg) 72
o Va— (ha —3)] A2 Ag

(18)

where g; = Ri denotes the DECMD’s geometric curvature. R;
is the mean radius of the DECMD in the undeformed state.
The DECMD’s properties are represented by the subscript d.
The pressure due to Maxwell stress, Pp, assuming a small
walled vessel is given as [34]
Py = 0p— (19)
r
where 0g = €E2/2 is the Maxwell stress. Approximation
using a parallel plate capacitor gives E = ®/h. Therefore

ENA,,
_ enl&,d (I)z
2HR,

@ (20)
where €, is the dielectric membrane permittivity and @ is the
voltage applied on the DECMD membrane. Since the elastic
pressure exerts pressure to the calf and the maxwell pressure
relieves it, the pressure Ppg at the DECMD calf interface is

Ppg = Fe; — Pp
_ Ha€qJqn [ldz — ()Ldlzd)_z} B Senlzd

Ppe = @?
P T i (ha—3)A%a  2HR4

2y

(22)

Assume the calf muscle and blood vessel to be tubular and
concentric. The pressure at the interface between the DECMD
and the calf muscle is the same, Ppg while the pressure inside
the vessel is Py. Eq. 8 for the calf-vessel becomes

—Ppg b 1
| don= [ (ose—aar (23)
—Pr a
Integrating as from Eq.10-18 gives
Endm [A2 — (AmAom) 2
g by = il o Uken g

[Jm - (Ilm - 3)] ln%lzm

where the subscript m represents the properties of the calf
muscle. At the interface, r = A,RE and r = A4,,R5. Therefore

AgRE .
A = “p*. Assuming &, = Q€4, P = BUas Im = Ja, Aem =

Ad = ., and I,y ~ Iy for simplicity, Py is given by

et 22 (n+ @) = (2) 2 (n+ @B () )

i S

EnA,

> (25
2HR, (25)

R, is the mean radius of the calf muscle, & and 8 are scaling
factors for the geometric curvatures and shear modulus of
the DECMD and the calf muscle respectively. These factors
change based on the material properties the DECMD is
attached to. The subscript d is dropped for neatness.

The actuator is driven by voltage and is modeled as a
classical RC series circuit such that

o " u
RC RC
where R is the resistance of the circuit and C is the capacitance

of the DE, treated as a cylindrical capacitor, given by

2menlA,
n (1+:£5)

The capacitance can also be employed as a feature for pressure
self-sensing as well as user heart rate and blood pressure moni-
toring [35]-[37]. The capacitance is treated as a constant since
it does not change significantly at low actuation frequencies.
Self-sensing is realized when a high frequency signal is added
to the actuation signal to peak out the capacitance change.
Finally, the state space equation of the model is taken as

b= (26)

C= 27

. D u

b=t oo (28)
y1 = Ppg (29)
Y2 =Py (30)

where the state is the membrane voltage, @, the control is the
input voltage, u, and the output, y = (y1,y,) is the DECMD
interface pressure, Ppg and the fluid pressure, Py.

The circumferential stretch, A, must be known to solve the
problem. Given the base/operating pressure, P,;, and the fact
that the majority pressure is due to the elastic contribution
of the DECMD, A may be calculated. Because the model
developed thus far is quasi-static in the pressure output, it does
not account for all viscous effects which are approximated as
being linear in the plant model. As described in section III-B,
a frequency response analysis is performed and model pa-
rameter estimate made to account for the actuator’s frequency
dependency as well as the time constant of the device.

C. Adaptive Iterative Learning Control Design

In this section, an adaptive iterative learning controller is de-
signed for the DECMD to achieve human pulse signal tracking
coordination. The goal is to minimize phase delay at any given
frequency, and also perform flushing mechanism based on a
set number of pulses. This allows for synchronization of the
contraction and relaxation of the device with the pulse signal.



The proposed controller for this action is of the following
design

w1 (1) =l (1) +uly () + (1) 31)

where k denotes the iteration such that ;| is the control input
at the current iteration, u; is the control input at the previous
iteration. This formulation is similar to [38]. However, in this
setup, u{ . (¢) is a feedback PIDA controller input designed to
account for shifting initial positions of the device.

ul (1) = L(s) (aek + b/edt +cé +dé'>

L(s) is the overall gain of the controller, a,b,c, and d are
the proportional, integral, derivative, and acceleration gains
respectively. ex = J; — yx is the error between the observed
output y; and the desired output Ji. uf +l(t) is an adaptive
control based on the model estimate of the transfer function.
This input is added to account for the changing time constant
of the actuator with high voltage application.

ul(t) = B*0

(32)

(33)

where B* is the regression matrix and 6 are the regressors.
The regressors are taken from the characteristic equation of the
transfer function 53 using the backwards Euler discretization
method. ui is the iterative learning control which takes the
previous feedback control signal and learns from it to improve
the overall control signal output.

s (1) = 0(5) (w7

ui 41 1is designed as a function of the error at a future time
step of the previous iteration. The controller can be viewed
as an optimization problem whose goal is to drive the error
to zero, at which point the control remains unchanged. The
optimization weights of the controller are Q(s), ¥, and L(s).
QO(s) may be seen as the overall control gain or as a filter for
robustness of the control, whereas yQ(s) is the gain on the
error signal in the previous iteration. y represents the learning
rate of the controller.

An ILC is chosen for signal tracking because of the repet-
itive nature of the human pulse. The ILC is better suited for
this purpose [39]. The control can also account for overlooked
system dynamics which are captured in the error signal. The
block diagram of the control is shown in Figure 5. The
information stored in memory is the observed output y; and
the applied control u; at iteration k as well as the generated
control uy | for the next iteration.

The controller is also analyzed for stability and steady state
error evaluation. The objective of the controller is to drive the
error signal to zero as k — co. The error dynamics are analyzed
by taking the Laplace transform of the linearized system. The
linearized output y; using Taylor expansion is given by taking

(35)

(34)

yi = Ppg = P,y — B®?

Here B = 82613%7 is the constant coefficient from the Maxwell

pressure. The Taylor expansion is
YiL = Poy — [B®}, + 2B, (P — @) + HOT |
= P+ B®,, — 2B®,,d

(36)
(37

Fig. 5. Block diagram of ILC

where @, is the voltage operating point taken at steady state
and HOT are the higher order terms.
The Laplace transforms of the plant and output y;; are

P(s) = U (s) G8)
Yi(s) = Ppe(s) = % + Bc};%p —2B®,,d(s) (39
(40)

and the Laplace transform of the controller is
Ui (9) = ULy () + U () +ULG) - @)

where

0L 6) =109 [a+ L esas| () - ) @
Uf(s) = B'(s)0 3)
UL (5) = 0(5) (Ul9) +70{ (s)) (44)

At steady state, Ugyi(s) = Ur(s) = U*(s). Simplifying for
U*(s) in Eq. 41 gives

U*(s) =

BDZ,

L(s) [a+L +cs+ds?] [1+70(s)] (Yd(s) —f ) +B*(s)6

1=0() = L(s) [+ s +ds?] [1 4 7Q0)] - 7ty
(45)
Using the final value theorem, the steady state error, e
subject to a step input is given as
ess = limsE(s)
s—0
ess = [1— (Pu+B®P,)]
. 2B®,,L(s) [a+ L +cs+ds?] [1+70(s)]
1—0(s) —L(s) [a+ 2 +es+ds?] [1+70(s)] - 2oz ) ls=0
(46)

To ensure that the steady state error goes to zero, Q(s) = 1.
This implies that y determines the rate of convergence of the



error. The limit on ¥ is thus dictated by the control saturation
limits. L(s) is chosen as a low pass filter,

1
L(s) =
(5) Tes+ 1

where 7, is the time constant of the filter.

(47)

III. EXPERIMENTAL RESULTS

This section describes the experimental design and setup,
model identification and validation, and experimental results
with ILC and PI control. The DE cuff is worn over a modeled
calf muscle where the posterior tibial and saphenous veins are
located for this experiment. The position of the veins is optimal
for generating observable pressure changes in the veins. To
validate pressure change capability and measurability, two
types of experiment settings were created. To create material
deformation in the DECMD, both experiments used a 20 kV
high voltage amplifier (HVA) for actuation (20HVA24-P2,
UltraVolt Inc).

A. Experiment Setup and Measurement

Figure 6 shows the experimental setup of the DECMD. A

Fig. 6. Experiment setup for measuring fluid pressure with sensor

syringe is placed at the end of the rubber tube, allowing more
liquid to be added to increase or decrease fluid pressure by

changing the syringe injector. To measure the change in force
exerted on the vein at the skin surface, a force sensitive resistor
(FSR 402) is utilized. The thin-film sensor is sandwiched
between the sleeve and the silicone calf mimic. Adjustments
are done to guarantee that the pressure change from the DEA
is measured accurately. To calibrate the pressure sensor using
the data sheet calibration curves, a 10 kQ resistor is chosen.
Using Matlab curve fitting software, data points collected from
the sensor’s force-voltage curve from the data-sheet are used
to estimate a mapping between the voltage and corresponding

force, F,
1
F— (Vout _Cs) bs
as

where V,,; is the pressure sensor voltage, as, bs, and cg are
the constants to match the factory calibration curve [40].
The values of the constants are 30.77, 0.02073, and -32.1
respectively. The relationship between sensor resistance, input
resistor, and output voltage, as provided by the manufacturer
data-sheet is

(48)

RM Vsu p
Ry + Rrsr

where Rys is the selected 10 kQ resistor, Vi, is the 5 V
power supply, and Rrgr is the variable force sensor resistance.
The control voltage is supplied by DSpace to a high voltage
amplifier. The amplified voltage is then applied onto the DEA.
The voltage applied to the DEA and force change measure-
ment is captured using dSPACE (DS1104) R&D Controller
Board. Simulink is used to provide the actuation voltage and
to capture output signals.

Given the force, F, the local pressure, P; can be calculated
from the pressure sensor as

Vour = (49)

P=— (50)
rs
where ry = 6.25 is the radius of the active area of the pressure
Sensor.

A sinusoidal input signal is used to supply voltage to the
DEA. The peak voltage in the input signal is ranged from
10 kV to 17.5 kV for six distinct trials with an input frequency
of 0.5 Hz in the first experiment to detect the capillary increase
in the plastic tubing as shown in Figure 7.

Fig. 7. Capillary contact angle



The pressure from the contact angle change is calculated
using the equation

206 cos O,
N r

Py (51

C

where Py, is the capillary pressure, ¢ is the surface tension of
the fluid measured as 0.067 N/m, 6, is the measured contact
angle, and r is the radius of the capillary tube which is 0.0028
m. The change in pressure, APy can be calculate by taking the
difference in the unactuated pressure, Py and actuated pressure,
Py, as follow:

APr = PRy — Py, 52)

The unactuated pressure is considered to be the pressure at
zero contact angle. A relationship between the input voltage
and the pressure is observed and shown in Figure 8. Against
this is plotted the predicted pressure from the model output

y2.
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Fig. 8. A comparison of the experimental data and simulation for fluid
pressure

B. Model Identification and Validation

To capture the frequency dependency, a frequency response
analysis is carried out on the DECMD as shown in Figure
9. The frequency response function (FRF) is generated using
square signals of peak to peak voltage 10, 15, and 18 kV to get
the average FRF. Using curve fitting techniques, a third-order
transfer function for the DECMD is estimated as

—2.255x 107454+ 7.698 x 1074
§3—2.45252 4+3.295+6.071

The choice stems from the assumption that as an electro-
mechanical system, it is first order in it’s electrical component
and second order in the mechanical component. The system’s
non-linearity arises from the system output. Model simulation
parameters are listed in Table 1.

Figure 10 shows the experimental data and simulation for
a sinusoidal input of 0.01 Hz, which is measured as force in
gf as well as the predicted change in fluid pressure, APy. The
simulation shows adequate approximation to the experimental
results in the working frequency range of a normal human
pulse. The break down in the estimated model occurs at higher
frequencies. In addition, sensor capability limits the precise
measurement for small and fast changes in stimuli.

The observed drift at the crests of the force response may
be attributed to the viscous effects of the DE as it restores
itself when the applied voltage is reduced. Since the dynamics

G(s)pecMp = (53)
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Fig. 9. FRF of the actuator with a transfer function (TF) estimate of one

zero and three poles

TABLE I
PARAMETERS USED FOR SIMULATION AND VALIDATION

Parameter  Value Unit
H 1 (mm)
Rd 1.91 (cm)
n 2

u 30 (KPa)
& 4.162x10~11 (F/m)
R 1.0828x10° [®)
I 4.5

R, 3.75 (cm)
C 1 (nF)

— Simulation
|
T T

Force (gf)

AP, (Pa)

0 1 2 3 4 5 6 7 8 9 10
Time (sec)

Fig. 10. A comparison of the experimental data and simulation for 1 Hz
of the DE are not fully accounted for in this model, a

time delay is also observed between the model response and
the experimental results. To account for these effects during



control, the ILC is proposed as discussed in section II-C.

C. ILC and PI Experimental Results

To validate the controller for application, and choose a
suitable value of y for the human pulse signal tracking, a sine
wave reference signal of amplitude 7.4 gf and frequency of
0.1 and 0.2 Hz are used. PI control is performed to compare
with ILC. The performance of the controllers for 0.1 Hz is
shown in Figure 11 with y=40. The frequencies are chosen
to be close to the pulse pressure variation frequency of the
human pulse signal used in the manuscript which is about 0.2
Hz. The pulse pressure variation can be used as a feature to
assess and improve blood flow [41], [42].

A flushing mechanism is also adopted for the reference
signal to generate a square wave based on the human pulse
signal. The wave is synchronized by tuning the DEA activation
to follow the pressure at a prescribed frequency of systolic
peak counts with the pulse pressure variation of the human
pulse signal. This variation is closely linked to respiration [43].
The results of such a mechanism are shown in Figure 12. The
controller is able to track the reference to within 1.5% error.

IV. CONCLUSION AND FUTURE WORK

A physics model of a DE enabled calf muscle device is
described as a control oriented model in this study. The model
is validated in the time domain to demonstrate that dynamic
actuation is feasible. The model can predict the DECMD’s
primary characteristic behavior and response. To account for
the unmodeled DECMD dynamics, a model based adaptive
ILC is designed and implemented to track sinusoidal and
human pulse signals. Experimental results have shown that
the device can generate up to 10 Pa fluid pressure difference
while tracking a human pulse signal with almost zero phase
delay and less than 0.02 gf tracking error.

The model dynamics are taken as linear using the RC
series circuit and the pressure output is static and nonlinear.
The model’s accuracy can be increased by accounting for the
nonlinear viscous effects. Furthermore, the model’s current
constraint is that the circumferential stretch is considered
to be independent of the applied voltage (it is only radial
dependent). This assumption can be loosened to allow for
the longitudinal coupling of the electrical and elastic in-
teractions in the DECMD. In addition, the inhomogeneous
deformation of the actuator is ignored under the assumption
of homogeneous deformation. If inhomogeneous compression
is accounted for, the controller would then have multiple time
constants. Therefore the accuracy of the controller is affected
through the averaging of the various time constants.

Future studies will focus on a full nonlinear dynamic
model which considers nonlinear viscous effect and the cou-
pling between electrical and elastic components. In addition,
conducting human tests to demonstrate the hypothesis that
DECMD can assist calf muscle to enhance blood flow in lower
limbs.
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