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Abstract

Understanding how the cells modulate their behavior in response to the mechanical stress present
in their organism can potentially lead to new therapeutic strategies for several diseases such as
muscle dystrophy, osteoporosis or reversing age-related cellular degeneration. Exactly how the
cell is able to decipher the mechanical stress and evoke distinct responses is poorly understood
and requires the development of high precision actuators capable of stretching either isolated
cells, or small colonies of cells. In this thesis, a new concept for precise and high throughput cell
stretching by integrating dielectric elastomer microactuators (WDEAs) in the cell culture
substrate is introduced and developed. Two generations of uDEA arrays are developed; the first
generation consists of an array of 72 100 um x 200 um actuators generating up to 5 % uniaxial
strain with response time of 0.2 s when a voltage is applied. The accurate strain measurement is
accomplished by tracking displacement of an array of 4 um diameter Al dots. The actuation
strain in this generation is suitable for stimulation of cells from stiff tissues such as bone cells.
100 pum x 100 pm dielectric elastomer actuators in the second generation exhibit up to 37% in-
plane actuation strain amply sufficient to stimulate any cell type with relevant biological strain.
The cells are chemically attached to the polymeric actuators following a functionalizing step and
stretched together with the actuators when 4.2 kV is applied at 1 Hz for four hours proving that

the device is well compatible with the biological experiments.

The conceptual design, modeling, fabrication and characterization of dielectric elastomer
microactuators are presented. The actuators are miniaturized as small as 100 x 100 pm® with
actuation strain of up to 80%. Theoretical guidelines for enhanced actuation strain of silicone
based dielectric elastomer actuators are developed by taking into account the hyperelastic

behavior of the dielectric elastomers.

Keywords: dielectric elastomer actuator, microactuators, low energy ion-implantation, cell

stretcher, high throughput, theoretical analysis
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Résumeé

Comprendre comment les cellules modulent leur comportement en réponse aux contraintes
mécaniques dans leur organisme peut potentiellement conduire a de nouvelles stratégies
thérapeutiques pour plusieurs maladies telles que la dystrophie musculaire, 1'ostéoporose ou
conduire a l'inversion de la dégénérescence cellulaire liée a 1’age. Le processus a travers duquel
la cellule est capable de déchiffrer les contraintes mécaniques et de provoquer des réactions
distinctes est mal compris et nécessite le développement d'actionneurs de haute précision
capables d'étirement de cellules isolées ou de petites colonies de cellules. Dans cette thése, un
nouveau concept d’actionneur pour étirer des cellules basé sur les micro-actionneurs en
polymere (dielectric elastomer microactuators, uDEAs) est introduit et développé. Deux
générations de matrices de uDEA sont développées; la premiére génération est constitué¢e d'une
matrice de 72 100 pum x 200 um actionneurs générant jusqu'a 5% de contrainte uniaxiale avec un
temps de réponse de 0,2 s lorsqu'un voltage est appliqué. La mesure de déformation précise est
réalisée par I’observation du déplacement d'un réseau de micro-points de 4 um de diametre en
aluminium. La déformation de cette génération d’actionneurs est adaptée a la stimulation des
cellules provenant de tissus rigides tels que des cellules osseuses. La seconde génération, formée
par des actionneurs en polymeére de 100 pm x 100 um présentent jusqu'a 37% de déformation
dans le plan, ce qui est amplement suffisant pour stimuler tout type de cellules. Les cellules sont
liées chimiquement aux actionneurs en polymeére apres une étape de fonctionnalisation et étirées
en méme temps que les actionneurs lorsque 4.2 kV sont appliqués a 1 Hz pendant quatre heures,

prouvant que le dispositif est bien compatible avec les expériences biologiques.

La conception, la modélisation, la fabrication et la caractérisation de micro-actionneurs
¢lastomeres diélectriques sont présentées. Les actionneurs sont miniaturisé€s aussi petit que 100 x
100 pum* pour une déformation jusqu'a 80%. Des régles théoriques pour I’optimisation de la
déformation des actionneurs en polymére dielectrique sont développées en tenant compte du

comportement hyperélastique des ¢lastoméres diélectriques.

Mots-clés: actionneur élastomeére diélectrique, microactionneurs, implantation ionique a faible

énergie, civiere portable, haut débit, analyse théorique.
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Chapter 1 Introduction

1.1. Background and motivation

Biological cells proliferate, differentiate, migrate, or express genes in response to mechanical
stress present in their organism [1-4]. The mechanical stress can originate from several sources
such as: gravity, compression forces within joints, and dynamic mechanical stimulation resulting
from muscular activity, which is often periodic such as heartbeat and breathing. Extracellular
forces are transduced across the cell membrane and regulate the intracellular biochemical events
so called mechanotransduction. Indeed, most cells utilize some form of mechanotransduction for

their survival.

Due to the complexity of in vivo environment, the systematic study of the cell
mechanotransduction is currently performed, in vitro, with simple membrane cell-stretching
equipment with limited capabilities, relying on the deformation of a flexible membrane by
vacuum or a mechanical motor. Uniaxial, biaxial, radial or circumferential strain can be applied,
with strain of up to 20% at frequencies in order of 1 Hz, but the areas stretched are often in the
range of centimeters, much too large to monitor single-cell responses; instead investigators often
measure the averaged response of hundreds of thousands of cells that, by synchronizing their
communal behavior, make it very difficult to analyze the first stages of cell differentiation (more

detailed information in Chapter 2).

To precisely understand how the cell is able to decipher mechanical stimuli to evoke distinct

responses, high precision actuators capable of stretching either isolated cells, or small colonies of
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cells are required. Arrays of these actuators grouped into subsections will allow study of various
strain levels at a single experiment, eliminating any variation encountered in performing multiple

studies over several days.

Dielectric elastomer actuators (DEAs) as flexible polymers expanding in response to electrical
stimuli show a great promise in development of deformable cell culture systems. DEAs are a fast
growing class of electroactive polymer actuators commonly referred to as artificial muscles due
to their similar properties to natural muscle. They combine large actuation strain, fast response
and high energy density and are therefore, potentially capable of deforming the cells with
relevant mechanical strains and frequencies. Using biocompatible elastomers as the dielectric
elastomer in the actuator and also as the flexible membrane in the cell culture system simplifies
integration of the actuators with the cell stretching device. Developing arrays of dielectric
elastomer microactuators integrated in the cell culture substrate enables mechanically deforming
groups of isolated cells with various and precise strain levels in the same experiment, allowing

high throughput analysis.

1.2. Research objective

The main objective of this thesis is to develop arrays of dielectric elastomer microactuators to
stretch isolated cells with a high throughput at relevant biological strains and frequencies. The
cell stretching device consists of integrated microactuators in the cell culture substrate that will
expand when a voltage is applied. The cells will adhere to the actuators and stretch together with
them, as shown schematically in Figure 1-1. The actuation strain is adjustable with the applied
voltage enabling mechanical stimulation of the cells with various strain levels or frequencies at

the same experiment and therefore, allowing high throughput analysis of mechanotransduction.
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Figure 1-1- Schematic of high throughput cell stretching device; Arrays of integrated microactuators
expand in response to the applied voltage and stretch the adhered cells. Deflection of each actuator and
thus, the strain applied to the attached cell is tunable with the applied voltage and can vary from 0 to 20%
in a single experiment.

The developed dielectric elastomer actuators (DEAs) should meet the following requirements to

be successfully implemented for cell stretching applications:

The actuation strain of the actuators should be adjustable between 1% and 20% to mimic the
in-vivo conditions of most of the cell types. 1% strain is sufficient for stimulation of stiff cells
such as bone cells and up to 20% strain can be applied to study the mechanotransduction of
muscle cells [1-3].

The actuators should be miniaturized to stretch individual cells or small colonies of cells
providing more in depth insight on the mechanotransduction of single cells.

Precise and uniform strain should be generated by the actuators.

The actuators should be biocompatible.

The device should operate in cell growth environment exposed to conductive cell growth
medium.

The device should be compatible with conventional equipment used by biologists such as the
inverted microscopes or the incubators (temperature and humidity level) allowing long term

stimulation.
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1.3. Thesis outline and contributions

The main contribution of this thesis is developing arrays of dielectric elastomer microactuators
for high throughput cell stretching application. The thesis focuses on the conceptual design,

theoretical or finite element analysis, fabrication and characterization of the actuators.

Chapter 2: The literature on the in-vitro systems to deform the cells as a tool to study the

mecahnotransuction is briefly reviewed.

Chapter 3: Dielectric elastomer actuators and their actuation principle are introduced. The main
components of DEAs, which are the polymers and the compliant electrodes are reviewed with

focus on miniaturized actuators.

Chapter 4: Theoretical analysis of dielectric elastomer actuators considering the nonlinear
stress-strain correlation of the elastomers is explained in detail. It is clarified that the existing
theoretical guidelines in the literature developed based on premade commercially available films
cannot be directly implemented to silicone based elastomers. The effect of different prestretch
modes and choice of the elastomer in performance of the DEAs is also discussed. The theoretical
calculations are verified with experimental results and it is demonstrated that miniaturization of

the actuators enhances the actuation strain by pushing back the loss of tension failure mode.

Chapter 5: The operation principle of low energy ion-implantation is briefly discussed as it is
the main technique used to pattern the microelectrodes for the developed cell stretching devices.
It is addressed how to pattern uniform microelectrodes as small as 100 um on PDMS membranes

with minimized stiffening impact.

Chapter 6: Conceptual design, fabrication and characterization of the first generation of
dielectric elastomer microactuators are discussed. The device consists of arrays of 100 um x 200
pm actuators on non-stretched PDMS membrane bonded on a Pyrex chip with patterned
trenches. The performance of the actuators is predicted with finite element analysis, which is
then validated with experimental results. Actuation strain of up to 5% is achieved with response
time of 0.2 s allowing stimulation of the cells from stiff tissues with relevant biological strain

and frequencies.
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Chapter 7: In the second generation of dielectric elastomer microactuators, the actuation strain
is enhanced up to 80% by taking advantage of the hyperelasticity of the elastomers. The
elastomer is uniaxially prestretched 2.75 times its initial length and then two perpendicular arrays
of electrodes are patterned on top and bottom layer of the elastomer. The elastomer has stiffened
in the prestretched direction allowing large deformation in the transverse direction. To avoid
short circuiting the top electrodes with the conductive cell growth medium and allow longer life
time, a 25 pum thick passive PDMS layer is bonded on the elastomer. The actuation strain of the
array of double layer dielectric elastomer actuator suitable for cell stretching application is

adjustable with the applied voltage up to 37%.

Chapter 8: The basic concept of the second generation is further developed to use the device as
a cell stretcher. The biocompatibility of the elastomers used in fabrication is verified and

myoblast cell types are cultured on the device and stretched at 4.2 kVs and 1 Hz for 4 hours.

Chapter 9: The future outlooks and the concluding remarks of the thesis are presented.



Chapter 2 State of the Art (1): In-vitro mechanical

stimulation of cells

2.1. Summary

In this chapter, the in-vitro techniques for mechanotransduction studies are briefly reviewed and

the major efforts towards developing a high throughput cell stretcher are discussed.
2.2. In-vitro mechanical stimulation of cells

It is now clear that the extracellular forces are transduced across the membrane regulating the
intracellular biochemical events and subsequently cell proliferation, differentiation, or gene
expression. Systematic study of cell mechanotransduction is typically relied on deforming the
cells, in vitro, with different approaches as reviewed in Figure 2-1 [5, 6]. Traditionally to study
the mechanical properties of a cell, pipettes with internal diameters of 1-5 pm is used and the cell
is deformed into the pipette by applying a negative pressure, as shown in Figure 2-1(a) [6-8].
Optical traps or laser tweezers have also been extensively used to deform and manipulate a
single cell. Functionalized microbeads are attached to a cell; normally one of them is attached to
a wall and the other one is moved using a laser beam (Figure 2-1(b)). The force applied to the
beads by the cell is proportional to the required laser power to constrain the beads [9-11]. Using
an atomic force microscopy it is possible to locally deform the cell and calibrate the applied

force by measuring deflection of the flexible cantilever beam (Figure 2-1(c)) [12, 13]. Magnetic
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twisting cytometry is also used to locally deform the cell with magnetic beads twisted by a
magnetic field (Figure 2-1(d)) [14, 15].

The above mentioned techniques have a very low throughput meaning that only a single cell can
be characterized in one experiment. Therefore, they are mostly used to characterize the

mechanical properties of single cells such as their elasticity and viscosity.

(a) (b) (c)

ﬂ
)

- N —>
\ Silica bead
Glass
(d) Magnetic bead (e) PRt lN (f)
’,I \\
-——- = -
= — > « o #

=

Figure 2-1- Various approaches to deform the cells to study the mechanobiology: (a) A cell is deformed
inside a micropippette with a diameter between 1-5 pm by applying a negative pressure. (b) A single cell
is attached between two functionalized microbeads, one attached to a glass plate and the other one is
confined by a laser. (c) The cell is deformed with an AFM, in which the force applied to the cell is
caliberated by measuring deformation of the cantilever beam. (d) Funtionalized magnetic microbeads are
attached to a cell and are twisted by a magnet to deform the cell. (e) The cell is deformed due to the shear
stress from the fluid which passes over it. (f) The cell is attached to a flexible substrate which is stretched
by mechanial force [6].

Another platform to study the mechanotransduction is to stimulate the cells with shear stress
while a fluid is flowing over it, as shown in Figure 2-1(e). It has been shown that shear stress
modulates the response of several cell types such as bone cells, neutrophils and bacteria [16-18].
It also plays an important role in differentiation of stem cells to vascular endothelial cells [19].
The shear force is conventionally applied using a parallel plate flow channels or cone and plate
rotating chambers. Due to low Reynolds number and laminar flows in microscale channels,
microfluidic devices have been used to apply a wide range of shear stress to the cells and study

the cell alignment or cell adhesion [20-22].
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Recently, Gosset et al. have developed a microfluidic device, in which suspended cells flow
toward a junction and are stretched with extensional flow streams at high strains for a few
microseconds (Figure 2-2). Based on the deformability of the cells, they could predict the disease

state of patients with cancer and immune activation with sensitivity of 91% [23].

Figure 2-2- (a) Schematic of the deformation of a cell delivered to the center of an extensional flow. (b)
High-speed microscopic images showing a focused cell entering the extensional flow region. Delivery
and stretching occurs in less than 30 ps (Scale bar: 40 pm) [23].

The other approach to stimulate the cells with mechanical stress is to stretch the substrate over
which they are cultured, as shown in Figure 2-1(f). It can better mimic the in-vivo environment
of adherent cells. Varieties of stretchable cell culture substrate systems have been developed
reviewed by Brown [24]. The majority of devices consists of a flexible membrane distended by
vacuum (e.g., those made by Flexcell Inc, Hillsborough, NC, USA [25]) or stretched using a
mechanical motor (e.g. Strex from B-Bridge International Inc, USA [26]). Employing the above
mentioned devices, strain of up to 20% at frequencies of order 1 Hz is achievable, but the areas
stretched are often in the range of centimeters, much too large to monitor single-cell responses;
instead investigators often measure the averaged response of hundreds of thousands of cells that,
by synchronizing their communal behavior, make it very difficult to analyze the first stages of
cell differentiation. Moreover, it is difficult to fit these large devices in the traditionally used
incubators or observe the cells while stretched under the conventional microscopes, since they

are large or are connected to large accessories such as a pump or a motor.

Recently, there is more research going on by different groups to develop new cell stretching
devices that can overcome the current limitations of conventional cell stretchers. There are a few

Microelectromechanical systems (MEMS) developed to apply calibrated strain level to single
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cells. Sarrel et al. developed a uniaxial cell stretcher made of two silicon plates connected to two
sets of electrostatic microactuators [27, 28]. A cell is cultured on the plates and stretched while
the plates are moving apart from each other. A biaxial cell stretcher with the same principle has
been developed by Scour et al. [29]. The drawback of these devices is their low throughput as
they can only stretch one cell in one experiment. Multiple experiments over several days are
required to test the effect of various strain levels or strain rates on multiple cells that leads to
unconfident results. Refer to the reviews written on microengineered systems for cell biology for

more details [5, 6, 30-32].

Array of miniaturized actuators have been developed to increase the throughput of the
experiments. Kamotani et al. used piezoelectrically actuated Braille display to apply strain to an
array of 24 chambers, each 1.7 mm in diameter [33]. Different groups have developed
microfabricated pneumatically actuated chambers to deflect the membrane upward or downward
with air flow [34-36]. Throughput of the system can be increased either by actuating with
different pressure or changing the geometry of the chambers. However, the deformation of a
bulged membrane is not uniform; tensile in the center and compressive at the rim. Down-scaling
these actuators to single cell level is feasible by microfabrication techniques but does not lead to
uniform and calibrated strain levels to the cell. Moraes et al. used the same bulged actuators to
compress the cells encapsulated in hydrogel above the actuators [37]. Simmons et al. developed
array of millimeter sized actuators, in which a thin biocompatible polymer is stretched under
vacuum over an acrylic post, creating a consistent strain field across each post and thus
stretching the attached biological sample. In this configuration, the biological sample stays in the
same focal plane and the cells experience a uniform strain level [38]. Nevertheless, these

actuators are still mm? area much too large to monitor the single cell response.
2.3. Conclusion

In conclusion, a high throughput single cell stretcher device capable of applying precise and
uniform strain levels to the adherent cells is not yet developed and is the main objective of this
thesis. This objective is delivered employing dielectric elastomer actuators to deform the cell
culture substrate. The actuation principle and the impact of their main components, which are the

polymers and the compliant electrodes, on their performance are reviewed in the next chapter.
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actuators

3.1. Summary

Dielectric elastomer actuators (DEAs) are an emerging class of polymer-based actuators,
combining large strains, high energy density and fast response time [39, 40]. In this chapter, I
will explain the actuation principle of this class of actuators and point out the polymers suitable
for actuation. The basic configurations for the DEAs and the major developed devices up to now
are briefly reviewed. Finally, I will focus on the techniques to pattern um to mm-sized compliant

electrodes to miniaturize the DEAs
3.2. Actuation principle

DEAs consist of a thin elastomeric membrane sandwiched between two compliant electrodes.
When a voltage is applied between the electrodes, the electrostatic pressure squeezes the
elastomer between the electrodes. Since the elastomer is incompressible, it expands in the in-

plane directions (Figure 3-1).
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Figure 3-1-Schematic of a dielectric elastomer actuator; a) A membrane is of initial dimensions of 1 and t;
in thickness. Compliant electrodes are patterned on both sides of the membrane. b) A voltage is applied to
the electrodes leading to planar expansion and thickness reduction.

The electrostatic pressure on the elastomer because of the applied voltage is equal to [41]

V2
P=c¢ - (1)

tf
Where, V is the applied voltage, t¢ is the final thickness, and ¢ is the permittivity of the
elastomer. The permittivity is typically considered constant and independent of the polymer
chain deformation [42]. Equalizing the electrostatic pressure with the stress in the thickness
direction (z direction) and assuming a linear correlation between stress and strain, which is valid
for strains of less than 10% on a non-prestretched elastomer, the strain in z direction is
eV

S, =~~~ (2
th

where, Y is the Young’s modulus of the elastomer.

Substituting t¢ with t; (1+S,), the strain in z direction can be calculated from the following
equation as a function of voltage

V2

L A
CY 48’

3)

In the case of free boundary conditions, strain in x and y directions are equal and dependent on

the strain in z direction due to the incompressibility of the elastomer

(S, +D(+S,)A+S,) =1 “4)
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When the actuation strain of the dielectric elastomer actuator is larger than 20% or if the
elastomer is prestretched before actuation, the correlation between stress and strain is nonlinear
and the above mentioned formulations based on small deformation assumption are erroneous. I
will discuss the general and precise theoretical formulation of dielectric elastomer actuators in
detail in Chapter 4. However, the simplified strain-voltage relation in equation (2) or (3) gives a
good insight on the important parameters influencing the actuation strain. It is clear that using a
polymer with higher relative permittivity and lower Young’s modulus decreases the required
actuation voltage to achieve a desired actuation strain. In the next section, I will review the
commercially available polymers used to make dielectric elastomer actuators and point out the

efforts to synthesize the ideal polymer.

3.3. Polymers for DEAs

Several groups of polymers have been investigated for dielectric elastomer actuators. Acrylics,
silicones (including fluorinated silicones), polyurethanes, fluoroelastomers, ethylene—propylene
rubber (EPR), polybutadiene (PB) and polyisoprene (PI, natural rubber) are among them [43,
44]. VHB acrylics are the commercially available adhesive films supplied by 3M that show
exceptional actuation performance [45]. The highest actuation strains reported up to now are
based on this polymer [40, 46-48]. However, the exact formulation of this adhesive is not
revealed and the films are available at predefined thicknesses, which limits the independent
choice of the prestretch ratio and the film thickness. Moreover, VHB is highly viscoelastic and
shows frequency-dependent material properties, inhibiting its use for fast and reliable actuation

[49].

Silicone-based elastomers are the second main category of dielectric elastomers used for
dielectric elastomer actuator. They show a much faster response time as low as a few
milliseconds [50, 51]. They exhibit negligible viscoelastic behavior and high operating
temperatures. Silicones are generally available as a un-polymerized viscous liquid allowing to
make membranes of any desired thickness and thus, selecting the prestretch in the membrane,
independently. However, they exhibit smaller strain capabilities, and VHB is often preferred for

making impressive demonstrator in the labs.
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Polyurethanes are the 3" category of elastomer showing a promising potential for DEAs as they
generally have higher dielectric constant compared to acrylics and silicones and can be casted at
any desired thickness like silicones. Different types of this material is studied by Bayer company
[52] for their potential application in DEAs (unpublished). This material is used by Artificial
Muscle INC to produce vibrating actuators for games [53].

There has been a large effort by numerous researchers to synthesize the optimum elastomer for
dielectric elastomer actuators. For actuation strain of less than 20%, from equation (2), it is clear
that using a polymer with a higher relative permittivity and lower Young’s modulus decreases
the required actuation voltage to achieve a desired actuation strain and allows higher actuation
strain before the electrical breakdown or pull-in instability. One approach to increase the
dielectric constant of the elastomer is to use high permittivity filler particles. Conductive fillers
such as Nickel [54], carbon black [55], and carbon nanotubes [56] have resulted in improvement
in dielectric constant. However, adding conductive fillers leads to decreased electrical
breakdown strength and increased leakage earlier than the percolation mostly due to aggregation
of the particles. Using insulating high permittivity fillers prevent early short circuit in the
material by the aggregated particles. Insulating particles such as encapsulated polyaniline
particles [57], self passivated aluminum nanoparticles naturally coated with a thin layer of
insulating aluminum oxide on the surface [58], and surface-modified Titanium oxide
nanoparticles [59] have been reported to successfully enhance the dielectric permittivity.
Though, adding the fillers has a cross-effect on the mechanical properties and break-down
strength of the composite elastomer making it more complicated to enhance the actuation strain
at the end. It should also be mentioned that the formulation in equation (4) is for strain levels of
lower than 20% for which the linear correlation between stress and strain, is still valid and a
Young’s modulus can be defined. To achieve actuation strain of more than 26%, the pull-in
instability has to be suppressed and therefore, it is required study the effect of the filler particles
on the hyperelastic behavior of the material rather than just the Young’s modulus (refer to
Chapter 4 or [60]). Li et al., have theoretically shown that enhancing the permittivity is a
mechanism to suppress the pull-in instability [61]. In Chapter 4, the electromechanical behavior
of two different hyperelastic dielectrics are compared to point out that, practically, the softest
elastomer is not necessarily the best choice for fabrication of DEAs generating large

deformation.
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3.4. DEA-based devices

Deformation of dielectric elastomers driven by spreading electric charges on their surface was
first reported by Rontgen in 1880 [62]. However, it was a century later, that the dielectric
elastomer actuators re-introduced by Pelrine et al. in Stanford Research Institute (SRI) in 1998
[41]. They painted carbon-grease on the dielectric elastomers to form compliant electrodes and
reported up to 215% area strain when a voltage was applied to the electrodes [40]. Due to the
large actuation deformation, high energy density (estimated up to 3.4 MJ/m® for VHB [40]), and
fast actuation response (as low as a few ms for silicone [50]), DEAs have gained a lot of interest
and a growing number of devices for robotics [63, 64], games [53], optics [65, 66], cell

stimulation [67, 68], energy harvesters [69, 70], and sensors [71] have been developed till now.

The flat and flexible structure of dielectric elastomers allows a variety of actuator configurations
as shown in Figure 3-2 [72]. The planar expansion of an elastomer due to a voltage is the main
configuration of several developed devices (Figure 3-2 (a)). Carpi et al. coupled a fluid filled
elastomeric lens with a planar actuator and made a tunable lens mimicking the eye [65] (Figure
3-3 (a)). Optotune has developed a laser speckle reducer by actuating four planar actuators in
sequence [66] (Figure 3-3 (b)). Sequential actuation of four in-plane actuators is also used to
make rotary motors by Anderson et al. [73]. If the actuators periphery is fixed, the expansion of
the elastomer leads to out-of plane deformation, so called the diaphragm mode (Figure 3-2 (c)).
Rosset et al. have developed buckling actuators by bonding a silicone elastomer on a Pyrex chip
with holes [74]. Our group later implemented this technique to make tunable lenses [75].
Keplinger et al. by harnessing the snap through instability demonstrated up to 1692% area strain
in this mode shown in Figure 3-3 (c¢) [48]. A solution to increase the actuation force and decrease
the actuation voltage is to use multilayered actuators. It can be done by simply stacking several
layers of elastomers and electrodes on each other (Figure 3-2 (d)). Kovacs et al. stacked 200-300
layers of elastomers with patterned electrodes on each other to develop actuators that can lift
over 2 kg weight as shown in Figure 3-3 (d). Since the manual stacking process is time
consuming and subject to human error, industrial machines are fabricated to automatize the
process in groups of Dr. Kovacs at EMPA [76] and also Prof. Schlaak in Darmstadt University
[77]. However, it is also possible to make stacked actuators by simply rolling or folding the

elastomer [78, 79] (Figure 3-2 (e), and (f)). Pei et al. at Stanford Research Institute (SRI)
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patterned the electrode before rolling the elastomer and developed a multi-degree of freedom
actuator that can bend in two different directions (Figure 3-2 (g)). They later made a walking

robot using six of these bending actuators (Figure 3-3 (f)) [80].

(a) planar (b) extender (c) diaphragm
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Figure 3-2- Basic configurations for dielectric elastomer actuators [72]

The extender DEAs can be coupled to a shaft to deliver force (Figure 3-2 (i)). In the framed
mode, the output shaft is attached between two extender actuators and moves in both directions.
This device is first developed at SRI (Figure 3-3 (g)) and is now used by Artificial Muscle INC
to provide haptic feedback for games on iPhone or iPad by simply shaking the device at certain
frequencies [53]. The DEAs can also be coupled to different rigid mechanisms, which has been

demonstrated by Plante et al. to develop bistable mechanisms for robotics [64] (Figure 3-3 (h)).
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Figure 3-3- Selection of developed DEA based actuators at different configurations. (a) Tunable Lens in
the planar mode [65]. (b) Laser speckle reducer by optotune [66]. (¢) Diaphragm mode actuator with up to
1692% area strain [48]. (d) Multilayered stack actuator [81]. (¢) Folded multilayer actuator [79]. (f)
Parallel plate robot with six bending two degree of freedom rolled actuators [80]. (g) Framed actuator
used by AMI company to add haptic feedback to phone based games [53]. (h) Framed Bowtie actuator
[64].

The DEA devices range from mm scale (Braille displays [82], tactile displays [83]) to cm scale
(compact motors [73], peristaltic pumps [84]) to meter scale (energy harvesting from ocean
waves [85] and airships [63]), as demonstrated in Figure 3-4 . However, miniaturization of
dielectric elastomer actuators is challenging due to lack of reliable and reproducible methods to
pattern um-scale compliant electrodes. In the next section, I will discuss the available techniques
to pattern um-mm scale compliant electrodes for dielectric elastomer actuators and briefly

review the miniaturized devices developed up to now.
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Figure 3-4- Scaling in dielectric elastomer actuators; (a) An airship using mm-scale dielectric elastomer
actuators to move the tale and the body [63]. (b) A refreshable Brail display made of six 1.5 mm diameter
actuators [82]

3.5. Miniaturization of compliant electrodes for DEAs

The impact of the electrodes on the performance of the DEA is very important as they are
bonded on the elastomeric membrane. The electrodes must not stiffen the elastomer significantly,
and must remain conductive at large actuation strain levels (typically from 5-100%). To avoid
the complications of making compliant electrodes, it is possible to spray charges on the dielectric
elastomer, as shown by Keplinger et al. [62]. However, removing the charges from the elastomer
surface is not as easy as spraying the charges. With the electrodes, it is relatively easy and fast to
bring and remove the charges. It is also possible to control the position of the charges by

precisely patterning the electrodes allowing independent active zones on the same elastomer.

To pattern the compliant electrodes for DEAs, carbon-based electrodes are extensively used in
the form of carbon powder [83, 84, 86, 87], carbon grease [46-48, 80, 88], carbon nanotubes [89-
91], or elastomeric composite [81] (refer to [92] for the review). Although they have a minimum
impact on stiffness of the elastomer, patterning miniaturized electrodes is not compatible with
cleanroom based techniques and requires developing new technologies, as demonstrated in

Figure 3-5.
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Figure 3-5- Different techniques to pattern carbon electrodes. (a) Using a shadow mask to selectively
protect part of the elastomeric membrane. The carbon-based electrode material can then be dispensed (for
example by spraying) on the surface. The shadow mask is subsequently removed to expose the patterned
electrode. (b) Using a patterned elastomeric stamp to pick-up the electrode material and apply it on the
elastomeric membrane. (c) Using standard printing techniques, such as drop-on-demand inkjet printing
[92].

a)

Aschwanden et al. have pattern 100 um wide electrodes by stamping carbon powder on an
acrylic based membrane (VHB 9460) to make tunable gratings, as shown in Figure 3-6 [87].
Since VHB is sticky, the particles remain on the surface. But using the carbon powders on
silicone elastomers is problematic as the loose particles tend to detach from the membrane and
lose the conductivity leading to short life time. The group of Prof. Schlaak have sprayed the
carbon powder over a shadow mask to pattern mm size electrodes and cover it with another
silicone membrane layer to avoid detaching the electrodes from the membrane [93]. With this
technology they have developed a tactile display with mm sized electrodes [83]. It is also
possible to disperse the carbon powder in an elastomeric matrix and then pattern it on the surface
and let it cure. It enhances the adhesion of the carbon particles to the surface. I have patterned as
small as 150 pm wide elastomeric carbon-based ink on a silicone elastomer using a

commercially available pad-printer, which will be discussed in section 4.8 [94, 95].
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500 Volts

Figure 3-6- 100 um wide carbon powder based electrodes are patterned on VHB film using a PDMS
stamp [87].

Metallic thin film electrodes are more compatible with cleanroom fabrication techniques and are
easier to pattern in a reproducible manner on the um scale. However, the maximum actuation
strain is limited to 2-3% as the electrodes crack and lose conductivity [96]. There are some tricks
to enhance the stretchability of the metallic electrodes on silicone elastomers such as patterning
horseshow electrodes [97] or sputtering on corrugated elastomeric membrane [98] or taking
advantage of the undulating structures caused by the generated heat during the deposition [99].
Still, due to five orders of magnitude higher stiffness for metals than to the elastomers, they have
a large impact on the stiffness of the dielectric elastomer and reduce the actuation strain.
Patterning the metallic electrodes is an effective technique to reduce their stiffening impact and
increase the strain before break [44]. Pimpin et al. have patterned concentric circular metal
electrodes on silicone elastomers and developed 2 mm diameter buckling actuators following a
standard MEMS fabrication protocol [100] (Figure 3-7 (a)). But these electrodes still have a

significant impact on the stiffness of the polymer.

Our group has employed low-energy ion-implantation (<10 keV) to pattern pm to mm sized
highly compliant electrodes that can conduct at up to 175% strain, be cycled over 10° times, and
are cleanroom compatible [96]. The implanted gold forms a thin nano-composite (<50 nm) that
adds very little stiffness to the underlying PDMS [101]. We have used these implanted compliant
electrode to fabricate a range of miniaturized DEAs [102], including buckling actuators [103],
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tunable lenses [104] or tunable acoustic filters [105]. In Chapter 5, I will discuss how to further
miniaturize the ion-implanted electrodes. By ion-implantation I have patterned 100 um wide
electrodes that are conductive till 118% area strain that the actuator fails due to electrical

breakdown, (results are shown in section 7.4) [106].

Figure 3-7- Patterned 170 nm Cr/Au/Cr electrodes evaporated on a 30-40 um thick DowCorning Sylgard
186 membrane on a buckling actuator [100].

3.6. Conclusion

In this chapter, dielectric elastomer actuators and their actuation principle was introduced. The
field is rapidly growing and there has been an extensive effort on the configurations, materials,
and compliant electrodes of DEAs. The basic configuration and the major developed devices
were briefly reviewed. The impact of the polymers and compliant electrodes on the actuators’
performance were discussed and the efforts on developing an optimized polymer for DEAs have
been mentioned. In the next chapter, employing nonlinear theoretical formulations, the
electromechanical behavior of DEAs at large deformation is analyzed. A deeper insight in the

right choice of the polymers is provided by the theoretical calculations.
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elastomer actuators with experimental validations

4.1. Summary

The electromechanical behavior of dielectric elastomer actuators is theoretically analyzed. The
nonlinear stress-strain correlation (so called hyperelastic material properties) of dielectric
elastomers are derived from the experimental pull-test and used to solve the nonlinear governing
equations of DEAs at different prestretch modes. It is explained that the existing theoretical
guidelines in the literature based on the traditionally used VHB films cannot be directly
implemented for silicone elastomers. By comparing the electromechanical performance of two
different silicone elastomers at different prestretch modes, instructions to choose the right
polymer and prestretch ratio to achieve large actuation is presented. The theoretical calculations
are verified by experimental data and it is demonstrated that miniaturization allows higher
actuation strain by hindering the loss of tension. Up to 85% linear actuation strain is generated

with a 300 um x 300 um dielectric elastomer actuator.

The essence of this chapter is accepted for publication in the Journal of Applied Physics Letter
2013 (DOI: 10.1063/1.4793420). The theoretical formulations are also published in Proceeding
of SPIE 2013 San Diego.
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4.2. Introduction

Giant voltage-triggered deformations up to 360% linear strain with clamped elastomer [46],
488% area strain with membrane under dead loads [47] and 1692% area strain on membranes
mounted on an air chamber [48] have been reported using polyacrylate VHB films from 3M. As
mentioned in section 3.3 to achieve reproducible and fast actuation, and to prevent creep
phenomenon, one must switch from VHB to materials with negligible viscoelastic behavior such
as some classes of polydimethylsiloxanes (PDMS) or polyurethanes. However, the existing
theoretical guidelines for large actuation deformation of DEAs developed based on VHB films
cannot be directly implemented to castable elastomers [60, 107]. Unlike VHB which is available
as films with predefined thicknesses, PDMS or polyurethane are available as viscous liquids that
can be polymerized after casting to form membranes of any desired thickness. This decouples the
thickness of the elastomer from the prestretch ratio allowing to select them independently. For
most practical materials, the thickness of the elastomer after prestretch is limited by design
considerations and to avoid membrane rupture. I will show that when the thickness reduction is
excluded from the prestretch, the actuation voltage increases due to stiffening of the elastomer at
high prestretch ratios. By theoretical analysis, I introduce the optimum prestretch ratio sufficient
to suppress the pull-in instability allowing large deformation with the lowest actuation voltage.
Compared to biaxial prestretch, uniaxial prestretch leads to a higher voltage-induced strain in the
transverse direction. However, the elastomer is more prone to lose tension in the direction with
small prestretch ratio and fail by forming wrinkles. I experimentally demonstrate that
miniaturization hinders the loss of tension and report up to 85 % linear voltage-triggered strain

with 300 um x 300 um actuators on PDMS-based elastomers.

4.3. Theoretical formulations

For the theoretical analysis, an elastomeric membrane is considered with initial dimensions of
Li, Ly, and to, which is then prestretched by ratios of A, and A, in directions 1 and 2,
respectively, to achieve the desired thickness t; for the device (Figure 4-1). To keep the prestretch
in the elastomer, it is normally fixed on a frame, which can be simulated by applying constant

forces of P; and P,, as shown in Figure 4-1 (b). The value of the forces corresponds to the
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prestretch ratios and the strain energy of the elastomer. Then, the compliant electrodes assumed
to cause no stiffening for this analysis, are patterned over the whole surface and a voltage is
applied to the electrodes reducing the elastomer’s thickness due to the Maxwell stress, which
results in planar expansion. Since the material is incompressible, A\, A3=1, where, A; is the

stretch ratio in direction i.

Figure 4-1- Schematic of a dielectric elastomer actuator; a) A membrane is of initial dimensions of L;, L,
and ty. b) The membrane is prestretched by ratios of A,; and A, in directions 1 and 2, respectively and is
subjected to constant forces corresponding to the prestretch ratios. ¢) Compliant electrodes are patterned
and a voltage is applied to the electrodes leading to planar expansion and thickness reduction.

The electrostatic pressure on the elastomer because of the applied voltage is equal to

2
P=ovs 5)
tf

where, V is the applied voltage, tris the final thickness, and ¢ is the permittivity of the elastomer.

4.3.1. Small actuation strain

For small strain levels (less than 10%) a linear correlation exists between stress and strain and
the elastomers follow Hooke’s law. In this case, the strain in the material is linearly dependent to

the principle stresses
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where, €)1, €, and €33 are the strains in directions 1, 2, and 3, respectively. 61, 6 22, and 6 33 are
the principal stresses in directions 1, 2, and 3, respectively. Y is the young’s modulus of the
elastomer calculated from the slope of the stress-strain curve at low strain levels, and v is the

Poisson ratio, which is equal to 0.5 for incompressible elastomers at small deformations.
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For non-prestretched elastomer, the stress in the thickness is equal to the Maxwell stress due to

the voltage and the in-plane stresses are equal to zero.

VZ
o11= (522=0, and O 33= —5—2 (7)
tf

The actuation strains are then calculated from Equation (6)

®)

However, for large deformations or for prestretched elastomers Hooke’s law is not valid and the
stress-strain relationship is highly nonlinear. The dielectric elastomer can be correctly modeled

with the hyperelastic material models.

4.3.2. Material modeling

I have characterized the stress-strain curve of each elastomer by uniaxial test using a pull-test
instrument (Instron® 3343, Noorwood, USA). A 100-150 pm thick elastomeric membrane is
prepared and cut to narrow strips with a laser cutter to avoid introducing defects. The length to
width ratio of the strips is chosen higher than 7, which is essential to simulate a uniaxial test. If
the width of the specimen is larger than the length, the experiment approaches to pure shear test
for rubbers [108]. The specimen is put between the grippers straightly to distribute the tension
uniformly over the cross-section. The grips are moving apart from each other at the rate of 25-50
mm/min and the force is recorded by a load cell at one of the grippers. Knowing the initial
dimensions of the specimen and the measured force-displacement data, the true stress in the
elastomer is calculated versus the strain. Figure 4-2, shows the stress-strain relationship of a 120

pum thick Sylgard 186 membrane, which broke at the strain of 317%.
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Figure 4-2- True stress respect to strain of Sylgard 186 membrane in a uniaxial test using a Pull-test
instrument.

The non-linear behavior of elastomers is described with hyperelastic models. The stress-strain
relationship of hyperelastic materials is defined by nonlinear strain energy functions. Different
hyperelastic material models have been developed, such as Neo-Hookean, Ogden [109], Yeoh
[110], Arruda-Boyce [111], and Gent[112]. Elastomers have a maximum elongation at break
limited by their polymeric chain length. Gent model is a simple approximation of the Arruda-
Boyce model that can well simulate the strain stiffening of the elastomers as it has a vertical
asymptote at the maximum elongation. In the theoretical calculations, in this thesis, I have used
the Gent model, which could best fit with the experimental data. In the Gent model, the strain

energy function is defined as [112]

2 2 2
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where, W (A1, A, A3) is the strain energy function, and Ay, Ay, A3 are the ratio of final length over
the initial length also called stretch ratios along directions of 1, 2, and 3 (see Figure 4-1). u is the
shear modulus and J,, is the other material constant related to the maximum stretch. When
M+ 323 approaches to I, the Gent model stiffens sharply. To determine the material

properties for each elastomer, p and J;,, the stress in the material by the uniaxial stretch is
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calculated using the defined energy function and fitted to the experimental stress-strain curves.

For the hyperelastic materials, the Cauchy stresses are defined by the following equations [109]
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where, p is the hydrostatic pressure, which is a constant depending on the boundary conditions.

In the case of uniaxial stretch

Oy =033=0 (13)
Resulting in

4= (14)

The elastomers are considered incompressible,

Ay =1 (15)
therefore,
1
A=A = (16)
2 3 M

The Cauchy stresses are calculated by combining equations (9)-(12) as follow
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The constant p is calculated from equation (18) and substituted in equation (17) to calculate the

true stress in the elastomer in direction 1 as a function of the stretch ratio
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Equation (19) is used to fit the uniaxial experimental stress-strain curve (Figure 4-2) to derive the

material properties, as shown in Figure 4-3. For Sylgard 186 p and J,,, are measured as 0.5966+
0.0006 MPa and 30.06+0.04, respectively .
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Figure 4-3- The material properties of Sylgard 186 is derived by fitting the uniaxial experimental stress-
strain curve with the calculated Cauchy stress using the Gent strain energy function.

4.3.3. Governing equations of DEAs

After deriving the strain energy function of the elastomer, the governing equations of the

dielectric elastomer actuator shown in Figure 4-1 containing a prestretched elastomer is as follow

OW(A,A,,A
R R 0)
1
OW(A,,4,,4
azzupﬁz,zo#z%—p:% 1)
2
6W(ﬂ'l>ﬂ'zvﬂ’3)_

033 (41,42, 4;) = A4 oA p=5E2 (22)
3

" The material properties depend on the curing conditions and the batch supplied by the manufacturer
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where, 6,1 and o, are the mechanical stresses due to the external forces in directions 1 and 2,
respectively. The stress in the thickness equals to the Maxwell stress. The hydrostatic pressure is

derived from equation (22) and substituted in equations (20) and (21)

oW (4,,4,,45) ) oW (4,,4,,45)
3

o (4,4, 43) = 4 EY) oA =‘("132""7131 (23)
1 3
OW (4,45, OW (4,4,,4
0y (A2, 25) = A, (81/1 2 3)—/13 (61/1 2 3)=5E2+0P2 (24)
2 3

The Gent strain energy function is differentiated with respect to the stretch ratios and then A5 is
substituted with 1/AA; based on the incompressibility of the elastomer to derive the state

equations for in-plane actuation of a prestretched dielectric elastomer actuator.

(A2 =224, V2
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1-(4+4,"+4, 74, " =3)/], to

The Maxwell stress and the mechanical stress by the external forces on the elastomer deform the
membrane until they balance with the Cauchy stresses in the elastomer. To simulate a
prestretched elastomer fixed on a frame, two external forces of P; and P, are applied to the
elastomer, which can be calculated from the Cauchy stresses at the stretch state of A=Ay, and

A=Ay and zero voltage, from equations (25) and (26). The mechanical stresses caused by the

prestretch in the elastomer are then calculated as

o = /u(/?’pl2 - ﬂ“pliz/?’p272) A (27)
I T R T T TR YA B
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4.4. Biaxial prestretch

For a biaxially prestretched elastomer, where A;=A;=A, the governing equation of the elastomer

simplifies to
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The electromechanical behavior of a 50 um thick Sylgard 186 membrane biaxially prestretched
at different ratios and exposed to a high voltage is calculated using equations (29) and (30) and is
plotted in Figure 4-4. The stretch ratio in the x axis is referenced to the non-stretched state, and

to calculate the actuation stretch, the stretch ratio should be divided to the prestretch ratio.
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Figure 4-4- Calculated electromechanical behavior of a 50 um thick elastomer before prestretch (Sylgard
186) at different biaxial prestretch ratios. The pull-in instability is suppressed by prestretching and the
actuation voltage is reduced due to thickness reduction because of prestretching. The x-axis is the stretch
ratio of the elastomer referenced to the non-stretched state. To calculate the actuation stretch the stretch
ratio should be divided to the prestretch ratio.

For a non-prestretched elastomer (Ay,=1), the actuation stretch increases with the applied voltage
up to A=1.26 and by further increasing the voltage, it snaps to A=3.8, where the device fails by
the electric breakdown. This mode of instability is called pull-in instability. Biaxially
prestretching the elastomer suppresses the pull-in instability. The required applied voltage to
actuate the device is also decreased when the elastomer with a fixed initial thickness is

prestretched, as shown in Figure 4-4. This is mainly due to the thickness reduction by
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prestretching and is mostly the case for VHB films which are available as films with fixed
thicknesses. This type of electromechanical response has been reported in several articles based
on theoretical or experimental results, in which VHB films were used in making the DEAs [46,
60, 107, 113-115]. However, silicones or polyurethanes are initially available as viscous liquids
and can be polymerized after casting to form membranes of any desired thickness. This
decouples the thickness of the elastomer from the prestretch ratio allowing to select them
independently. For most practical materials, the thickness of the elastomer after prestretch is
limited. When a constant thickness after prestretching (30 um) is considered for the actuator,
increasing the biaxial prestretch ratio leads to higher actuation voltage, as shown in Figure 4-5.
Biaxial prestretch of 1.5 is sufficient to suppress the pull-in instability and further prestretching
deteriorates the actuator’s performance by stiffening it and increasing the required actuation

voltage for a given displacement.
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Figure 4-5- Electromechanical behavior of a Sylgard 186 elastomer exposed to high voltage at different
prestretch ratios. Thickness of the actuator after biaxial prestretching is fixed to 30 um. A prestretch ratio
of 1.5 is sufficient to suppress the pull-in instability and a higher prestretch ratio is not desirable as it
stiffens the elastomer and deteriorates the performance of the actuator.

To easily compare the expansion of the elastomer due to the applied voltage, the stretch is
divided to the initial prestretch to calculate the actuation stretch (the visible stretch ratio due to
actuation), which is plotted in Figure 4-6. It can be seen that a slight prestretch of about 20%
pushes back the pull-in instability to 40% strain without stiffening or increasing the applied
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voltage. However, to completely suppress the pull-in instability, initial prestretch of 1.5 is
required. There is no reason to prestretch the elastomer more, as it will stiffen the elastomer and

increase the actuation voltage.
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Figure 4-6- Electromechanical behavior of a Sylgard 186 elastomer exposed to high voltage at different
prestretch ratios. Slight biaxial prestretch of 20% pushes back the pull-in instability to 40% actuation
strain without stiffening the elastomer and increasing the actuation voltage.

The calculated prestretch ratios to optimize the device performance are dependent on the
mechanical properties of the elastomer and should be recomputed for another elastomer type. I
have measured the stress-strain curve of another silicone elastomer, CF 18-2186 (Nusil, silicone
technology, USA) using the uniaxial pull-test. By fitting a line to the stress-strain curve for lower
than 15% strain, the Young’s modulus of this elastomer is derived and compared with the
Young’s modulus of Sylgard 186 obtained with the same technique. The Young’s modulus of CF
18 is 3.5 times lower than Sylgard 186 and has an elongation rate of 6.5, and therefore, it seems
that it is a good candidate for dielectric elastomer actuations. By fitting the calculated true stress
to the measured stress strain curve, the Gent material properties are derived as p=0.23 MPa, and
Jn=95.0. The voltage-induced stretch of this elastomer exposed to a high voltage when biaxially
prestretched at different stretch ratios (the thickness after prestretch is 30 um) is plotted in Figure
4-7 (a). It is observed that biaxial prestretch ratio of about 2.5 is required to suppress the pull-in

instability completely, while it is only 1.5 for Sylgard 186. Figure 4-7 (b) magnifies the same
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graphs at lower stretch ratios to investigate when the pull-in occurs. For zero prestretch ratio the
pull in instability occurs at stretch ratio of 1.26 and 2137 V. For all non-prestretched elastomers,
the pull-in instability occurs at the same actuation stretch but at lower voltages for softer
elastomers. When the elastomer is 1.5 times biaxially prestretched, the pull-in instability is
pushed back to actuation stretch of 1.44 at 2529 V. To completely suppress the pull-in instability,
biaxial prestretch ratio of 2.5 is required, which also highly stiffens the elastomer and increases
the actuation voltage, consequently resulting in failure at smaller actuation strain due to the
electric breakdown. The orange line in Figure 4-7 (b) represents when the electric field in the
elastomer reaches the breakdown electric field assumed to be 250 V/um. It should be mentioned
that the breakdown strength of the PDMS elastomers increases by the prestretch ratio and is
much lower for a non-prestretched membrane.
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Figure 4-7- (a) Electromechanical behavior of a Nusil CF-18 elastomeric membrane exposed to high
voltage at different biaxial prestretch ratios. (b) Magnified version of (a) at smaller actuation stretch
showing that the pull-in instability is pushed back to 1.44 by a prestretch ratio of 1.5. Further prestretch
although suppresses the pull-in instability but is not helpful as it stiffenes the elastomer leading to failure
by electric breakdown at lower actuation stretch. The orange line represents when the the electric field in
the elastomer approaches 250 V/um and the cross marks show when the pull-in instability occurs.

4.5. Uniaxial prestretch

Uniaxial prestretching offers larger actuation strain for DEAs in the case of fixed thickness after
prestretch. The elastomer stiffens in the prestretched direction leading to higher actuation strain
in the transverse direction. The pull-in instability is also suppressed but at higher prestretch ratios
compared to the biaxial prestretch. The electromechanical behavior of the dielectric elastomer is

derived by solving the equations (25) and (26). First two equations are subtracted from each
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other and numerically solved to obtain A, with respect to a defined A; and then the voltage is
calculated for each A; and X,. The minimum uniaxial prestretch ratio to achieve monotonic
voltage-strain curve is 2.75 for Sylgard 186, as shown in Figure 4-8. The actuation stretch along
and perpendicular to the prestretch direction respect to the applied voltage are plotted in Figure
4-8 (a) and (b), respectively. By increasing the prestretch ratio, the voltage-triggered stretch
reduces along the prestretch direction and increases in the transverse direction. In contrast with
the biaxial prestretch, the actuation voltage is not increased with the prestretch ratio and
therefore, much higher strain can be achieved in the transverse direction before electrical
breakdown of the elastomer. It should be noted that uniaxial prestretching leads to anisotropic

strain profile approaching to uniaxial at high prestretch ratios.
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Figure 4-8- Electromechanical behavior of uniaxially prestretched Sylgard 186 membranes exposed to
high voltage at different prestretch ratios. (a) Along the prestretched direction. (b) Perpendicular to the
prestretched direction. Higher voltage-triggered stretch can be achieved in the transverse direction
without increasing the actuation voltage. In the theoretical calculations, the thickness of elastomer is fixed
to 30 pm after prestretch.

Performing the same calculations for a Nusil CF-18 elastomeric membrane indicates a minimum
prestretch ratio of 5 to suppress the pull-in instability in the prestretched direction (A;), as shown
in Figure 4-9 (a). If the membrane can successfully be prestretched and fixed on a frame, large
actuation strain can be achieved in the transverse direction (A;) (Figure 4-9 (b)). However, at
high prestretch ratios, the membrane becomes very susceptible to rupture. I have not been able to
make stable actuators with prestretch ratios of higher than 3.5 with this elastomer. In conclusion,
although this polymer is softer than Sylgard 186 and needs less actuation voltage, it is not
possible to practically achieve large actuation strain in the uniaxial prestretch mode. That’s why;

I have chosen Sylgard 186 in the fabrication of the dielectric elastomer actuators.
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By comparing the electromechanical performance of two silicone type dielectric elastomer
actuator, it has been shown that the softest elastomer is not necessarily the best choice for
dielectric elastomer actuators. Looking back to section 3.3, where I reviewed the efforts on
designing the optimized polymer for DEAs, I would like to point out that for large deformation

(>20%) actuators, the hyperelastic properties should be optimized not only the Young’s modulus.
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Figure 4-9- Electromechanical behavior of uniaxially prestretched Nusil Cf-18 membranes exposed to
high voltage at different prestretch ratios. (a) Along the prestretched direction. (b) Perpendicular to the
prestretched direction. Minimum prestretch ratio of 5 is required to suppress the pull-in instability in the
Ay direction. The thickness of elastomer is fixed to 30 um after prestretch.

4.6. Optimum prestretch conditions

As shown in the previous section, prestretching the elastomer is a key factor for enhancing the
electromechanical response of dielectric elastomer actuators as it suppresses the pull-in
instability and allows higher actuation strain. However, there is an optimum prestretch ratio
sufficient to suppress the pull-in instability for each type of elastomer and prestretch mode.
Higher prestretch ratios will unnecessarily stiffen the elastomer and increase the actuation
voltage. The voltage-induced stretch (Ax/Apy) of Sylgard 186 elastomer at the optimum ratios
(where the pull-in instability is suppressed) under different prestretch modes (biaxial, pure shear,
uniaxial) is plotted in Figure 4-10. Above the optimum ratios, there is no instability and the
Hessian of the free energy function is definite positive, as first introduced by Zhao et al. [116].
For Sylgard 186, that has elongation at break of 4, a biaxial prestretch of 1.5 is enough to achieve
monotonic voltage-strain curve. Higher prestretch ratios are required for pure shear (A,,=1) and
uniaxial prestretch modes. The maximum response is then limited by breakdown voltage of the

elastomer. The uniaxial prestretch mode allows the highest actuation stretch (2.38) in the
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transverse direction, where the membrane is the softest. It should be noted that the theoretical
actuation strains are calculated by assuming free boundary conditions and no stiffening impact
by the compliant electrodes. The compressive stress by the passive membrane when the

electrodes are patterned on the center of a membrane fixed on a frame is neglected.
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Figure 4-10- Theoretical prediction of voltage-induced stretch defined as A/A, is plotted at the optimum
prestretch ratios for biaxial, pure shear and uniaxial prestretch modes. Further prestretching ratios will
redundantly stiffen the elastomer. The red crosses indicate the breakdown electric field of 250 V/um. The
highest actuation strain is predicted in the transverse direction of a uniaxially prestretched membrane,
where the membrane is the softest. The calculated ratios are for a Sylgard 186, 30 pum thick after
prestretch.

In this section, I considered the prestretch required to suppress the pull-in as the optimum
prestretch. However, it should be mentioned that for elastomers with longer polymeric chain
length and elongation at break, such as Nusil CF-18, higher actuation strain can be achieved

when the pull-in is not completely suppressed, as discussed for Figure 4-7.
4.7. Experimental verifications

I have made several 100 um x 100 um dielectric elastomer actuators with different uniaxial
prestretch ratios and obtained 80% actuation strain for the prestretch ratio of 2.75. The
performance of these devices is discussed, in detail, in section 7.4. The compliant electrodes

were patterned by ion-implantation and therefore, the exact stiffening impact of the 100 um wide
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electrodes on the dielectric elastomer is not known to compare with the theoretical calculations
(refer to the next chapter for more detail on the stiffening impact of the ion-implanted

electrodes).

To verify the theoretical predictions, I have fabricated and tested different actuators with carbon
based electrodes at multiple prestretch modes. A thin layer of carbon elastomeric matrix (~2 pm)
is patterned using a commercially available Pad printer [94]. Since the stiffness of the elastomer
used to make the carbon based ink is 6 times lower than the main dielectric elastomer and the
electrodes are very thin, the stiffening impact of the electrodes are neglected. Therefore, the

presented theoretical calculations can be compared with the experimental measurements.

Silicone membranes (Sylgard 186) with various thicknesses are casted using an applicator and
prestretched with different prestretch ratios to achieve 30 um thick elastomer and then fixed on a
frame [106]. Carbon powder is dispersed in an elastomeric matrix and stamped at the center of
the frame to pattern thin compliant electrodes [92] on both sides of the membrane, as shown in

Figure 4-11.

Bottom electrode

Figure 4-11- Fabricated 1.5 mm diameter DEA with carbon based compliant electrodes

Then, the in-plane voltage-induced stretches of the actuators are recorded and compared with the
theoretical calculations depicted in Figure 4-12. I have observed that the electric field strength of
the elastomer is enhanced from 100 V/um for non-prestretched films [68, 74, 106] to 250 V/um
by 1.75 biaxial prestretch.
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Figure 4-12- Voltage-induced of dielectric elastomer actuators made with two different prestretch
conditions . The x and o data points are the measured linear stretch expansion on 1.5 mm diameter and
300 x 300 um’ actuators, respectively. The actuator under biaxial prestretch is failed at 1.32 stretch (32%
strain) due to electric breakdown at 250 V/um. The actuators with anisotropic prestretch mode failed due
to the loss of tension at 20% and 85% strain for 1.5 mm diamter and 300x300 um’ actuators, respectively.

Since a thin membrane cannot sustain compressive strain, the actuators are prone to lose tension
in the direction with a small prestretch ratio in the anisotropic prestretch mode. As the actuated
area expands due to the voltage, it experiences compressive stress from the passive area till the
tensile stress on the actuator becomes zero and the membrane buckles out of plane in the form of
wrinkles [117], as shown in Figure 4-13. The actuator is 1.5 mm diameter patterned on a 20 mm
diameter membrane fixed on a frame. The prestretch ratios are 2.75 and 0.9 in the y and x
directions, respectively. The loss of tension occurs at 20% strain (1.2 actuation stretch) and
prohibits higher actuation stretch predicted by the theoretical analysis, in which the

electromechanical equations were solved under free boundary conditions.
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Figure 4-13- 1.5 mm diameter DEA is made on a membrane with prestretch ratios of A,,=0.9, A,,=2.6 and
fixed on a 20 mm frame. The actuator experiences loss of tension at 23% linear strain and wrinkles appear
on the membrane.

4.8. Miniaturization of the actuators

Miniaturization of the actuators fixed on the same frame effectively holds back the loss of
tension allowing higher actuation strain. I fabricated 300 pm x 300 um actuators on a 30 um
thick elastomer with prestretching ratios of A,,=2.8 and A,=0.9, which is fixed on a 40 mm
diameter frame. The actuation strain enhanced by 4 times compared to the 1.5 mm diameter
actuator and 85% linear strain (1.85 stretch) achieved till the wrinkles appeared, as shown in
Figure 4-14. In a simplified model, when the linear stretches are matched between the passive
and active regions at the equilibrium, we have

L
ﬂ’lpas =1- LlaCt (ﬂ’lact - 1) (€29)
Ipas

where, L. and Lip,s are the initial lengths, and Ajae; and Ajpas are the linear stretch ratios of the
active and passive regions in direction 1. Decreasing the size of the active to passive area reduces
the stretch ratio and the consequent Cauchy stress in the passive region. Therefore, the effect of
the passive region on the actuator diminishes by scaling down the actuator, holding back the loss
of tension. The same effect can be achieved by enlarging the passive area. To precisely analyze

effect of the passive region, its inhomogeneous stress field should be analyzed considering a



39 4.9. Conclusion

continuous deformation between the passive and active region as demonstrated by Koh et al. [60]

and Plante et al. [114].

Figure 4-14- 300 um x 300 pum dielectric elastomer actuator, showing up to 85% linear strain (1.85
stretch) till loss of tension in the form of wrinkles. The actuator is made on a 32 um thick silicone
elastomer with prestretch ratios of A,,,=0.9, A,,,=2.8.

4.9. Conclusion

I demonstrated that the existing theoretical guidelines for large actuation strains based on VHB
films cannot be directly implemented for silicone elastomers. Since silicones can be casted at any
thickness, it is more effective to select a thinner membrane rather than highly prestretching, as
recommended for VHB based DEAs. I theoretically analyzed electromechanical performance of
two different silicone elastomers at various prestretch modes and ratios to present new guidelines

for large actuation deformation of silicone based DEAs;

e Uniaxial prestretch mode, allows higher actuation deformation in the transverse direction

compared to biaxial and pure shear mode.

e The softer elastomer is not necessarily the best choice for large deformation of dielectric
elastomer actuators. Nusil CF-18 which is softer than Sylgard 186 and has higher
elongation at break, but requires minimum uniaxial prestretch ratio of 5 to overcome the
pull-in instability. Since the elastomer becomes very sensitive to rupture at high
prestretch ratios, practically, it is not possible to achieve larger than 50% actuation strain

with this material.

e There is an optimum prestretch ratio, which is sufficient to suppress the elastomer and
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above which the elastomer gets stiff increasing the actuation voltage.
Miniaturization hinders the loss of tension failure mode allowing higher actuation strain.

It is observed that prestretching increases the breakdown strength of silicone elastomers.



Chapter 5 Compliant electrodes by low energy ion-

implantation

5.1. Summary

In most of this thesis, low energy ion-implantation is used to pattern compliant electrodes on
silicone membranes. In this chapter, I will briefly discuss the operation principle of this
technique and address how to 1) pattern homogenous electrodes in the scanning mode, 2)
minimize the stiffening of the electrodes, and 3) pattern as small as 100 um wide electrodes for

dielectric elastomer actuators.
5.2. Introduction

Implanting gold ions into the PDMS membrane at low energies is an efficient technique to
pattern compliant electrodes on soft elastomeric membrane [92, 96, 101, 118]. In our lab, we use
a filtered cathodic arc vacuum source (FCVA) to sputter the gold ions and implant them into the
PDMS membrane [96, 101, 119]. Our experimental FCVA implanter has a beam size of 1 cm®
and operates in a pulsed mode (Figure 5-1(a)). Due to an electric discharge between the gold
source (cathode) and anode, a dense gold plasma is created. A bent magnetic filter attracts the
sputtered macroparticles and guides the gold ions into a 1 cm® beam. The ions are then
accelerated by the voltage applied to the substrate and implanted into the polymers’ surface at

energies lower than 10 keV. Figure 5-1(b) schematically explains the operation principle of the
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FCVA implanter. The ion beam leads to nanometer size gold clusters in the top 20-100 nm of the
PDMS surface that create a conductive path sustaining up to 175% uniaxial stretch before break
[96, 120]. Increasing the gold dose increases the conductivity, but also increases the stiffness of
the gold-PDMS composite. Just above the percolation threshold, the conductivity is good enough
for the dielectric elastomer actuators (1 k€/square) and the Young’s modulus of the gold

implanted PDMS is increased about 40% compared to non-implanted PDMS [96, 101].
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Figure 5-1- (a) Picture of our FCVA implanter during a pulse. (b) Schematic operation principle of our
FCVA implanter [120]. A high voltage impulsion on the trigger electrode initiates the main arc between
the source and the anode. The electrons, ions and macroparticles produced by the arc enter the filter
which traps the unwanted macroparticles. The substrate holder is negatively biased to accelerate the
positive ions through the plasma sheath.

The key point of the ion implanted electrodes resides in the fact that implantation does not form
a continuous polycrystalline film in which grains are attached to each other at the grain
boundaries, thus forming a rigid film capable of only a few percent strain before breaking.
Instead, ion implantation leads to the formation of small size (2-20 nm) clusters in the polymer
matrix (Figure 5-2) [119].These clusters can touch each other thus providing a conducting path
without forming a strong mechanical bond. The absence of a strong bond between clusters
allows them to slide relative to each other. This leads to a reduced impact on the stiffening
(increase of Young’s modulus) of the PDMS due to the inclusion of the metallic particles, and an

ability to withstand high strains before losing electrical conduction.
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Figure 5-2- The implantation leads to the creation of nanometer-size clusters which extends from the
surface of the PDMS down to approximately 50 nm [119]. The clusters slide relative to one another,
allowing conduction at large strains, but much less stiffening than a continuous metallic thin film.

Our group has shown that ion-implantation is an effective technique for making mm-scale EAPs,

for instance buckling mode actuators [74] or tunable lenses [75] or tunable acoustic filters [105].

The smallest electrode patterned by ion-implantation in aforementioned actuators, was 1.0 mm
diameter and here, I have further miniaturized the implanted features to pattern 100 um wide
electrodes. I have addressed how to pattern homogenous electrodes as small as 100 um wide

with minimized stiffening impact on the dielectric elastomers.
5.3. Homogenous electrodes in the scanning mode

The ion beam diameter of our implanter is about 1 cm® leading to a Gaussian distribution for the
sputtered gold. To pattern homogenous large electrodes, two motorized X, y stages were added to
the implanter by Rosset et al. and a Labview based program allows to control each implantation

pulse with the scanned length.

Figure 5-3(a) shows a typical gold distribution profile after 350 implantation pulses on a glass
slide in the static mode of operation (the ion beam is still). The spot center is goldish inside a 10
mm diameter circle and as the gold dose decreases moving apart from the center of the beam the

color of the implanted area transforms to a bluish color. To simulate the ion beam based on this
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observation, I have assumed a Gaussian distribution with the variance (6°) of 10, as mentioned in

Equation (32).

xen)?
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(32)

f(x;p,0°) =

1
e
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where, f is the probability distribution of the gold ions, u is the spot center considered as zero, x
is the distance from the center of the beam, and o’ is the variance or the standard variation
considered equal to 10 based on our experimental observation. The normal distribution of the
gold ion beam is plotted in Figure 5-3(b).
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Figure 5-3- (a) Gold distribution on a glass slide after 350 pulse of implantation with a still ion beam; the
spot center is goldish in a 10 mm diameter circle and the gold concentration decreases moving apart from
the spot center. (b) A gaussian distribution of ion-beam profile assumed based on the experimental
observations.

Although the exact gold distribution profile is not experimentally measured, assuming a
Gaussian distribution for the beam provides an insight on the homogeneity of the electrodes in
the scanned mode. As the ion-beam moves, the implanter pulses at a fixed frequency. The
motor’s speed can be adjusted to control the spacing between the spots. The final gold
distribution after scanning is the sum of all spots’ distribution, as shown in Figure 5-4. Red
curves represent the gold distribution of one pulse. Total gold distribution when the ion-beam
moves from -7 to 7 mm and pulses each 1 mm is shown as black. The gold distribution along a
14 mm wide line is non-homogenous, leading to non-homogenous stiffness and resistance along

the line, and therefore non-homogenous actuation strain.
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Figure 5-4- Simulated total gold ion distribution in the scanned mode of implanter. Red lines represent the
gold distribution of one pulse. The black line corresponds to the total gold distribution when the ion
source moves from -7 mm to 7 mm and pulses each one millimeter. The total gold distribution is not

uniform in scanning length of 14 mm.
In Figure 5-5, the total gold distribution is plotted for scanning length of 14, 24 and 40 mm. To
acquire a homogeneous electrode, a larger area than the electrodes’ area should be implanted.

For example to have a 25 mm wide homogenous electrode, the scanned length should be around

40 mm.

~ Gold ion distribution

0
Distance (mm)

Figure 5-5- Simulated gold ion distribution in the scanned mode for the scanning length of 14, 24, and 40
mm. the spots’ center are one millimeter apart. Larger scanned area is required to acquire homogenous

electrodes.
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In the presented simulation, the sputtered ion-dose from the source is assumed constant over the
scanning period. However, I have observed that the ion-dose degrades as the source wears
leading to variation in the ion-dose in implantation cycles with large scanning area or high
number of pulses, making it more complicated to calibrate the implanter to pattern homogeneous
electrodes. The ultimate calibration of the implanter can be achieved by real-time monitoring the
sputtered ion-dose from the beam, inside the chamber, and developing a mechanism to

compensate the dose degradation for example by moving the source.

5.4. Miniaturized ion-implanted compliant electrodes

There is a linear correlation between the ion dose and the number of implantation arc pulses for
the mm scale electrodes, which is no more valid for the microelectrodes and a new calibrations
curve is required depending on the thickness of the shadow mask and the electrode size. Due to
geometrical effect of the shadow mask and charge trapping during the implantation, the aspect
ratio of the mask affects the ion dose implanted in the elastomer. During the implantation the
mask is negatively charged as it is connected to the negative bias voltage and therefore, the
mask’s walls attract the positive gold ions reducing the dose of the gold ions passing through. A
100 pm thick shadow mask with 4 different openings is used to pattern 500 um, 200 pm, 100
pum, and 50 pm wide electrodes by ion-implantation with the energy of 5 keV shown in Figure
5-6 (a). Patterning all the electrodes in one implantation cycle eliminates the possible variation in
ion-dose in different batches due to the gold source wear. To facilitate measuring the resistance
of the electrodes, a thin layer of gold is sputtered on both ends of the electrodes. Resistances of
the electrodes are measured and the corresponding resistivity is calculated and listed in Figure
5-6 (b). The resistivity of the 100 um wide electrodes is two orders of magnitude larger than the
200 um and 500 um wide electrodes.
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Width Resistance | Resistivity

500 ym 174 Q 10.5 Q/square
500 ym
— -
200 pm 495 Q 12 Q/square
200 pm
— 100 pm 262 kQ 3.16 k Q/square
100 pm
s |—

50 ym 50 pm > 30 MQ -

(b)
(a)

Figure 5-6- (a) schematic drawing of the ion-implanted electrodes with different widths through a shadow
mask. Two contact pads are sputtered at the both ends of the electrodes for ease of measurement of the
resistance. (b) Resistance and the calculated resistivity of the ion-implanted electrodes for different widths
are listed. The resistivity of the 100 um wide electrodes is two orders of magnitude larger than the 200
um and 500 pm wide electrodes.

The gold atoms in 500 um, 100 um and 50 pm wide ion-implanted electrodes are detected with
an Energy Dispersive X-ray Spectroscopy (EDS) in an Environmental Scanning Electron
Microscope (ESEM) and mapped in Figure 5-7°. The impact of the shadow mask on the
electrodes is significant for aspect ratios below one; the gold concentration decreases and the

electrodes become non-homogenous as more ions pass and accumulate in the center.

" Thanks to Dr. Massoud Dadras from center of microscopy and nanoscopy at CSEM for his help in the EDS
measurement
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Figure 5-7- EDS mapping of amount of gold atoms in the ion-implanted electrodes vs. position from the
center of the line. The ion-implantation is performed through 100 um thick shadow mask of width 500
pm, 100 um and 50 pm. The aspect ratio of the mask affects the maximum concentration: if the aspect
ratio of the shadow mask is less than one, a significant portion of the ion beam no longer reaches the
PDMS.

In principle, there is no limitation in down scaling the ion-implanted electrodes. It is only
required to use a shadow mask thinner than the size of the electrode to minimize its impact on
the homogeneity and ion-dose. In this thesis, I have patterned compliant electrodes for DEAs as
small as 100 pm wide electrodes using a 50 um thick shadow mask. Since the masks are cut by a
laser cutter on a steel plate, it is not technically feasible to pattern smaller than 100 pm wide
electrodes on thinner than 50 pm thick shadow masks. To pattern smaller electrodes, it is
recommended to pattern photoresist on the silicone as a mask or to fabricate shadow masks using

SOI wafer and dry etching.

5.5. Energy of ion-implantation

Using a lower bias voltage for the implanter decreases the energy of the ions implanted in the
PDMS. This reduces the charging of the mask and therefore, its impact on the implanted
electrodes. To pattern 100 um wide electrodes with a resistivity of 5 k€)/square with the same

shadow mask, 800 pulses are required at the energy of 5 keV and 450 pulses are sufficient at the
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energy of 2.5 keV. Moreover, as previously shown by Niklaus et al., decreasing the ions energy

decreases the stiffening impact of the electrodes on the elastomer, shown in Figure 5-8 [101].
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Figure 5-8- (a) Stiffening impact of ion-implantation on PDMS membranes at different ion-energies. The
lower energies have a lower impact on the stiffness of the elastomer. (b) Resistance of the ion-implanted
PDMS at different ion-energies, showing that decreasing the ion-energy from 5 to 2.5 doesn’t influence
the correlation between the dose and the resistance [101].

I also performed a quick test to verify this; three electrodes are patterned at ion-energies of 5
keV, 2.5 keV and 0 keV with about 400 pulses. The electrodes are highly conductive and the
resistance is about 33 Q on a 1 mm diameter electrode. The Young’s modulus of the implanted
PDMS is then measured using a bulge test setup [96]. Young’s modulus of pristine PDMS made
of Dow corning Sylgard 186 with 1:10 mixing ratio is 1.4 MPa. The Young’s modulus of the
elastomer implanted with the ion energy of 2.5 keV is half of the one implanted at the energy of
5 keV. At lower ion-energy the size of gold clusters inside the PDMS are smaller decreasing the
stiffening impact of the gold-PDMS composite on the elastomer [101]. It is worth to mention that
when no voltage is applied to the substrate, the ions are not penetrating the elastomer and are
mostly coating the surface forming a thin layer leading to a higher stiffness, as listed in Table 5-1.

Table 5-1- The stiffening impact of the ion-implanted electrodes on the elastomer at different ion-
energies. The elastomer is made of Sylgard 186 with mixing ratio of 1:10 with 24 um thickness.

Pristine Implanted
lon-Energy -5 keV -25keV | 0keV
Y (MPa) 1.4 1.7 6.8 3.5 8.8
R (ohm) 215 33 33 33
Pulses 360 440 400 400
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To pattern compliant electrodes with minimum stiffening impact on the elastomer and
conductive enough to bring and remove the charges for dielectric elastomer actuators, a dose
slightly higher than the percolation threshold should be chosen. In this case, the conductivity of
the electrodes is at the order of 1 k()/square and the Young’s modulus of PDMS is increased
about 40%. As listed in Table 5-1, the Young’s modulus is only increase 21% when the

resistivity of the electrode is 215 kQ/square at the ion energy of 5 keV.

5.6. Conclusion

I have shown how to pattern homogenous long narrow compliant electrodes for DEAs using low

energy ion-implantation.

1) Simulating the ion-beam distribution of our implanter with a Gaussian distribution, it
demonstrated that at least 40 mm long line should be scanned to acquire uniform ion-dose on a

25 mm long electrode.

2) Impact of the shadow mask on the ion-dose on the patterned electrodes is investigated using
Energy Dispersive X-ray Spectroscopy (EDS). Mask thickness should be smaller than the

electrode’s size to minimize the shadowing effect and charge trapping the mask.

3) There is no limit in down scaling the electrode’s size. Only a thin enough shadow mask is

required.
4) Decreasing the ion-energy to 2.5 keV, the charge trapping in the mask considerably decreased.

5) Decreasing the ion-energy to 2.5 keV minimized the stiffening impact of the ion-implantation

on the elastomer.

The ion-implantation is employed to pattern the compliant microelectrodes for the dielectric

elastomer microactuators discussed in the next chapter.



Chapter 6 Generation I: Pyrex bonded pDEAs

6.1. Summary

This chapter focuses on the first generation of DEA microactuators (WDEAs) for mechanical
stimulation of single cells. An array of 72 100 pm x 200 um electroactive polymer actuators
which expand uniaxially when a voltage is applied is developed. The device is fabricated by
patterning compliant microelectrodes on both sides of a 30 pum thick polydimethylsiloxane
(PDMS) membrane, which is bonded to a Pyrex chip with 200 um wide trenches. Low-energy
metal ion-implantation is used to make stretchable electrodes and I demonstrate here the
successful miniaturization of such ion-implanted electrodes. The top electrode covers the full
membrane area, while the bottom electrodes are 100 um wide parallel lines, perpendicular to the
trenches. Applying a voltage between the top and bottom electrodes leads to uniaxial expansion
of the membrane at the intersection of the bottom electrodes and the trenches. To characterize the
in-plane strain, an array of 4 um diameter aluminium dots is deposited on each actuator. The
position of each dot is tracked, allowing displacement and strain profiles to be measured as a
function of voltage. The uniaxial strain reaches 4.7% at 2.9 kV with a 0.2 s response time,
sufficient to stimulate mostly stiff cells such as bone cells with relevant biological strains and
frequencies. The design principle, microfabrication, and characterization of this generation will
be discussed here, which is also published in Journal of Micromechanics and Microengineering
2012, 22 (4), 045020. This article was selected by IOP publisher, JMM highlights and research
highlights of EPFL.
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6.2. Actuation principle

The micro-actuator consists of a 30 um thick non-prestretched PDMS membrane (Sylgard 186)
with a 100 um wide compliant microelectrode on one side and a blanket compliant electrode on
the other side, as schematically shown in Figure 6-1. To have uniaxial in-plane strain when a
potential difference is applied between the blanket electrode and the microelectrode, the y-axis
displacement is limited by bonding the membrane to a Pyrex chip with a 200 um wide and 100
um deep trench, which is perpendicular to the microelectrode. The actuator is thus at the
intersection of the microelectrode and the 200 um channel over which the electrostatically

compressed membrane is free to expand in-plane.

Once the actuator is fabricated, a single cell will be attached on the actuator and stretched
uniaxially when the membrane expands over the trench. This is feasible by either patterning cell
adherent extracellular-matrix protein on the actuator or patterning protein repellent co-polymers
such as poly-l-lysine grafted polyethylene glycol (PLL-g-PEG) on the surface except on the

actuators by micro-contact printing [121, 122].

The cells will be immersed in conductive cell culture medium, which will be grounded with the
top electrode and the high voltage is applied to the bottom microelectrodes. This configuration
ensures that the electric field reaching the surface by fringe field through the air is eliminated and
the cells’ behavior is only affected by the mechanical field as the cells are sensitive to the electric

fields of higher than 1 V/cm [123].
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Off state: Actuated state:

Top ground electrode

(a)
Top ground Channel
electrode in Pyrex
P, 2 = S /
Section A-A Bottom Bottom
(b) microelectrode (0 V) (d) microelectrode (2 kV)

Figure 6-1- (a) Schematic of one cell-stretcher, consisting of a 30 um thick PDMS membrane bonded on
a Pyrex chip with a 200 um wide trench. The red line represents the 100 pm wide ion-implanted gold
electrode on the bonded side (bottom) of the membrane and there is a blanket ion-implanted electrode on
top (brown rectangle). (b) Cross section view (section A-A) of the device showing a single cell adhered
on top of the actuator at the off state. (c) Actuated state of the device, explaining that when a high voltage
is applied to the bottom microelectrode, the membrane compresses in thickness and expands uniaxially
over the trench. Thus, the actuator is at the intersection of the microelectrode and the trench. (d) Cross-
section view of the actuated state of the cell-stretcher, showing that a single cell attached on the actuator
is stretched with the substrate.

6.3. Design considerations

Dielectric elastomer actuators are particularly well suited to cell stretching devices as they can be
made on soft biocompatible silicone membranes on which cells are cultured. Besides the cells
are much softer (Young’s modulus 0.2-40 kPa [124]) than the polymer membranes used in EAPs
(Young’s modulus of order 1 MPa), thus imposing a negligible effect on the actuation strain of

the actuators.
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The size of the actuator is defined by the width of the microelectrode and the width of the trench.
The actuator size has a minor impact on the actuation strain based on my finite element analysis
published in SPIE Proceeding in 2010 [125]. The actuator’s size is designed close to the size of
the single cells, which vary from 10 pm to 50 pum depending on the cell type. One limiting factor
in downsizing the microactuator is the aspect ratio of the shadow mask used to pattern the ion-
implanted electrode as it affects the concentration of the gold dose for the aspect ratios of less
than 1, as discussed in the last chapter. Since I am using 50-70 um thick shadow masks, I have
chosen 100 pum wide ion-implanted electrodes. My FEM based geometrical optimization has
shown that the actuators with wider trenches have higher actuation strain at a certain voltage

[125]. That’s why, 200 um wide trenches are selected for the actuators.

As discussed in section 4.4, pre-stretching the membrane modifies the performance of the
dielectric elastomer actuators by increasing the breakdown electric field and hindering the pull-in
instability [60, 95, 106, 126, 127]. However, I have noted a low yield in bonding of the
prestretched membranes (>20%) to the Pyrex chips by oxygen plasma activation. Therefore,
here, I use a non-prestretched membrane for the actuators. In the next generation of actuators in
next chapter, I make benefit of the advantages of prestretching the membrane to generate up to

80% planar actuation strain.

6.4. Finite Element Analysis

Numerical analysis of one single actuator is carried out in ANSYS [128] to study strain and
deflection of the device vs. voltage and geometry, and to predict the critical buckling voltage
beyond which uniaxial strain is no longer possible. I have not included the geometrical
optimization of the actuator performed by Finite Element Method (FEM) model and published in
SPIE proceeding [125]. In this thesis, I have performed more accurate simulations on the
optimized geometry using similar material properties as the fabricated device. The comparison of

the numerical and experimental results is discussed in section 6.6.2.

A coupled field element Solid 226 is used to mesh 1 mm x 1 mm elastomer with a 100 pm x 200
pum actuator at the center. The geometrical dimensions and the material properties used in the

simulation are listed in table 6-1, which are close to the fabricated actuators in order to compare
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the numerical and experimental results. The dielectric constant is taken from the published
datasheet of Sylgard 186 [129]. For the ion-implanted PDMS, I have not modeled the nanometer-
scale gold clusters inside the PDMS, as the relevant point is that patterning the compliant
electrodes by implanting gold ions into the PDMS membrane increases the Young’s modulus of
the gold-elastomer composite. I have considered different Young’s moduli for the area that is
implanted on one or both sides. Due to the difficulties in measuring the Young’s modulus of our
100 um wide ion-implanted electrodes, I used the Young’s modulus of a 2 mm diameter 30 um
thick PDMS membrane with one side and both side ion-implanted electrodes at similar doses
measured using a bulge test setup [96, 101]. A linear stress-strain relationship and a Poisson ratio

0f 0.49 are assumed, which is a valid assumption for our case with less than 10% strain.

Table 6-1. Geometrical dimensions and material properties used in the FEM simulation

Geometrical dimensions Material properties
Width of high voltage 100 um Young’s modulus of 2.5 MPa
ion- implanted double side ion-implanted
electrodes elastomer
Width of channels in the 200 pm Young’s modulus of one 1.8 MPa
rigid substrate side ion-implanted
elastomer
Thickness of membrane 30 um Relative permittivity of 2.7
elastomer

To model the actuator as described in figure 6-1, a voltage is applied between the 100 um wide
electrode on the bottom surface of the 30 um thick elastomer and the top electrode. The nodes on
the bottom layer of the membrane are fixed in all 3 directions except over the 200 um wide
channel, as it well simulates bonding of the membrane to a Pyrex chip with etched channels.
Along the 100 um wide electrodes, the Young’s modulus is higher, as in this area, both sides of

the elastomer are ion-implanted.

Following a coupled field analysis, the computed x-axis displacement profile of the top surface
of the membrane is plotted in Figure 6-2(a), showing that the displacement is maximum at the
edges of the 100 um wide electrode. The displacement along the channel on the center line of the

actuator is plotted in Figure 6-2(b).
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Figure 6-2- (a) Simulated x-axis displacement profile of the top surface of a 30 um thick membrane when
2.6 kV is applied between the electrodes. (b) Simulated x-axis displacement along the channel along the
centerline of the actuator (red dot-dashed line in the right picture). The x-axis displacement is zero at the
center of the actuator and increases linearly toward the edges of the electrodes.

The computed x-axis strain profile is plotted in Figure 6-3(a), showing that the x-axis strain is
maximum and constant over the actuator. The strain along the centerline of the actuator is plotted
in Figure 6-3(b), showing that 4.1% strain is predicted at 2.6 kV using the material properties

listed in Table 6-1. Having a constant strain on an area of 100 um” on the actuator ensures that a

cell will sense a uniform strain.

100 pm wide electrode

Sx (b)
-015 4 r i w
B -.009 "
g -.003 -
@ R 2
2 .003 =
é .009 % 1
- 015 5 .
: ! | e U B D
S 028 -
025 273200 100 _0 100 200
041 X fim)

Figure 6-3- (a) Simulated x-axis strain profile of the actuator, when 2.6 kV is applied between the
electrodes. The strain is constant over the actuator i.e. over the intersection of the 100 um wide electrode
and the 200 um wide trench. (b) Computed x-axis strain plotted on the centerline of the actuator, showing
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that the strain is maximum and constant on the actuator. 4.1% strain is obtained using the material
properties listed in table 6-1.

The actuation strain of the dielectric elastomer actuator can be increased until it fails due to
breakdown of the dielectric, instability mode, rupture of the membrane or loss of tension. In this
case, the buckling threshold is added to the list too. Since the membrane is not pre-stretched, the
actuator buckles at a certain strain, when the compressive force in the non-implanted membrane
exceeds the buckling limit. A linear buckling analysis is performed to estimate the critical
buckling voltage for these actuators. The first buckling mode is shown in Figure 6-4, which
occurs at 3.97 kV. The computed actuation uniaxial strain before buckling at 3.8 kV is 12%
which is a promising value that can cover the desired strain for stimulating most cell types. The
same buckling mode is also experimentally observed but at lower strain values, which is

discussed in section 6.6.2.
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Figure 6-4- Simulated first buckling mode of a 100 pm x 200 pum actuator on a 30 um thick PDMS
membrane at 3.97 kV. The contour legend shows the relative displacement of the mode shape.

6.5. Microfabrication

A schematic diagram of an array of 72 microactuators composed of a 30 um thick PDMS
membrane with 9 microelectrodes bonded on a Pyrex chip with 8 trenches is shown in Figure
6-5. The device is electrically grouped into three groups of 24 actuators, to allow three different

frequencies or amplitudes on a given chip. Electrical contact to the bottom ion-implanted lines is
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an important aspect, and the Pyrex chip serves both as a support for the EAP device, but also as a
support for thicker gold pads to which wirebonded connections can be made. As the actuators
operate independently, their quantity in the array can easily be increased by adding more
microelectrodes on the membrane or more channels in the Pyrex chip, without influencing the

actuation strain of individual actuators.
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Figure 6-5- Array of 72 microactuators

The fabrication process of the array of uniaxial cell stretchers is shown in Figure 6-6. The main
fabrication steps are summarized in this paragraph, and then discussed below. First, Pyrex chips
with patterned gold electrodes and etched 200 um wide trenches are fabricated. Then, a 30 um
thick PDMS membrane is prepared and 100 um wide compliant electrodes are patterned on it
with low-energy ion-implantation. Finally, the membrane is bonded to the Pyrex chip and a

blanket electrode is ion-implanted on the top surface.
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Figure 6-6- (a) Gold electrodes are patterned on a Pyrex substrate and 200 pm wide 100 um deep trenches
are etched by powder blasting. (b) 30 um thick PDMS membrane is casted over a support film
(polyimide, Upilex®-5085). (c) The gold ions are selectively implanted through a shadow mask in our ion-
implanter at the energy of 2.5 keV and the gold contacts at the end of the implanted lines are deposited.
(d) A thin layer of PDMS is casted over the main film and cured while the contact pads are protected. (¢)
The PDMS membrane is chemically bonded to the substrate. (f) The support film is removed and the top
layer of the membrane is ion-implanted and the top gold contacts are deposited by sputtering.

6.5.1. Fabrication of Pyrex chips with patterned gold electrodes and etched

channels

In order to confine the in-plane expansion of the membrane along one axis, the membrane is
bonded to a rigid substrate with channels inside. Previously, I have reported using a 2 mm thick
PDMS (Sylgard 184) substrate with 100 um wide channels, which were patterned by molding
the uncured PDMS over a SU-8 mold [125]. In this design, I have used 500 um thick Pyrex chips
with 200 um wide trenches. Pyrex is much stiffer than PDMS and it is easier to make reliable

electrical contacts on it.

The Pyrex chips are fabricated at the wafer level,; first, gold electrodes are patterned on a 500 um
thick Pyrex wafer using a lift off process with a negative photoresist (AZ 5214). The thickness of

the evaporated gold is 200 nm on a 20 nm thick chromium adhesion layer. This thickness is
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sufficient to connect to wires using wire bonding or low temperature soldering. Then, 200 pm
wide and 100 um deep channels are etched in the wafer by powder blasting [130]. Powder
blasting leads to sidewalls with an approximately 15° angle, with a roughness of order 0.8 pum.

Finally, the wafer is diced to 20 mm x 20 mm chips.

The gold electrodes patterned at two edges of the Pyrex chip will serve to contact the
microelectrodes patterned on the bottom (bonded) layer of the membrane. The Pyrex chip is
slightly larger than the membrane so that the gold electrodes on the Pyrex can be easily contacted

after assembly.

6.5.2. Fabrication of 30 um thick PDMS membrane

The two components of Sylgard 186 from Dow Corning are mixed with 10:1 weight ratio as
recommended by the manufacturer and diluted with iso-octane (PDMS: Solvent 10:9 weight) in
order to decrease its viscosity. The mixture is degassed for 30 minutes until all the trapped air
bubbles are removed. A universal applicator ZUA 2000 from Zehntner GmbH Testing
Instruments is used to cast the PDMS mixture on a 55 um thick polyimide film as a support. The
parameters are adjusted to have 30 um thick membranes. The film is cured at 100°C for 40

minutes in the oven. The PDMS membrane is then cut to 17 mm x 17 mm pieces.

6.5.3. Compliant electrodes by low energy ion-implantation

Based on the main points discussed in the last chapter for patterning compliant electrodes with
ion-implantation, to decrease the mask’s effect on the ion dose, 70 um thick shadow masks are
used to pattern 100 um wide electrodes on a 17 mm x 17 mm PDMS film. The implantation
energy is decreased to 2.5 keV as it reduces the attraction of the positive gold ions to the
negative mask walls. With these modifications, half of the previous implantation pulses are
sufficient to pattern electrodes at a dose slightly higher than the percolation threshold. In this
case, the conductivity of the electrodes is at the order of 1 k{)/square and the Young’s modulus
of PDMS is increased about 40%. Afterward, gold electrodes with the same shape as the ones on
the Pyrex chip are patterned at the ends of the ion-implanted electrodes using a sputter coater
through a shadow mask. After bonding the membrane to the Pyrex chip, the patterned gold

electrodes on the chip create a conducting path to access the bottom implanted electrodes.
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6.5.4. Bonding

A high bond strength between the PDMS membrane and the Pyrex chip is required at the edges
of the actuators to ensure reliable operation. Both pristine PDMS as well as the ion-implanted
electrodes should bond to the Pyrex chip. Traditional plasma O, bonding methods do not activate
the surface of gold ion-implanted PDMS and hence it is not effective for to bond Pyrex to ion-
implanted PDMS bonding. Other techniques have been reported to bond two PDMS microfluidic
chips, such as using uncured PDMS or curing agent of Sylgard 184/186 as an adhesive [131-
133]. These techniques do not bond the PDMS to Pyrex as they only react with the uncured
polymeric chains of PDMS and not Pyrex. My solution is to cast a thin layer of uncured PDMS
over the ion-implanted film and let it cure. This thin PDMS layer is well bonded to the ion-
implanted PDMS, and the non-implanted PDMS layer on top bonds to the Pyrex chip by Plasma
O, activation (See figure 6-6(d)). As this “passive” layer reduces the strain, it is important to
minimize its thickness and stiffness, and hence the two components of Sylgard 186 are mixed
with 20:1 weight ratio as this makes a much softer film [134] and the PDMS is diluted with two
times more solvent (PDMS: Solvent 1:2 weight) as it results to a thinner film. While casting the
uncured PDMS with the applicator, the contact pads are protected with a 25 um thick Teflon film
(PFA from Dupont). The thin layer is cured at 65°C for 4 hours. It is important to keep the curing
temperature lower than 80°C to not lose the conductivity of the ion-implanted electrodes on the
PDMS due to different thermal expansion coefficients between gold and PDMS. The resulting
“passive” PDMS layer is 2.5 um and it is well bonded to the main ion-implanted PDMS

membrane.

The pristine top of the “passive” film is then bonded to the Pyrex chip by exposing both of them
to oxygen plasma (15 s at 400 W and 2.45 GHz, with an O, flow of 400 sccm and at a pressure
of ~500 mtorr). Before bonding, the Pyrex chips are washed with iso-propanol and then
deionized water and dried completely with nitrogen gas. Without using the intermediate layer
and by directly bonding the ion-implanted PDMS membrane to the Pyrex chip by plasma O,, the
100 um wide electrodes do not bond to the Pyrex chip. This results in unstable actuation strain
and lower buckling voltages, reducing the maximum achievable in-plain strain by 50%, as will

be discussed in section 6.6.5.
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At the final step of fabrication, the polyimide support film is removed and the compliant
electrodes on top are patterned by ion-implantation and two small gold contact pads are
deposited by a sputter coater. To characterize the device, without the cell culture medium, a
blanket electrode is implanted on top, otherwise the conductive liquid will be used as the ground

electrode, avoiding the slight stiffening effect of the top electrode.

Figure 6-7(a) shows a fabricated device consisting of 72 100 um x 200 um actuators in three
independently controlled groups. Each group of 24 actuators is contacted by one trident-shape
electrodes. The second trident-shape electrode is used to measure the resistance of the 100 um
wide ion-implanted wires to characterize the implantation dose. Each of the three groups can be
actuated with different voltages and frequencies making it possible to stimulate different groups
of cells with various strains in the same cell culture. The chip holder shown in figure 6-7(b) is
designed to allow electrical contacts and safe operation when the top of the chip is immersed in

conductive cell culture medium.

Figure 6-7- (a) Fabricated array of 72 100 um x 200 pum dielectric actuators. (b) Device in its holder
designed for ease of liquid handling. The green wires are connected to the ground electrode on top and the
red ones are connected to the high voltage to the bottom electrodes.

6.6. Characterization

The static and dynamic uniaxial strain profile of the actuators is measured optically as a function
of the drive voltage. The uniformity of the actuators in the array is verified by comparing the

actuation strain of 15 out of 24 actuators in one group of a device. The dynamic behavior of the
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actuators is studied, actuating them with square signals at frequency of 0.5 Hz and 1 Hz, showing
that the response time of the actuator is sufficient for stimulating the cells with relevant

biological frequencies. The measured data match well with the FEM predictions.

The conventional method to measure the deflection of dielectric elastomer actuators is to track
the edges of the electrodes before and after applying the voltage. In our actuators, detecting the
edges of the ion-implanted electrodes, which are at the bottom layer of the membrane covered
with a blanket ion-implanted electrode on top of the membrane does not lead to accurate
measurements specially for strain levels lower than 10%. To accurately characterize the in-plane
strain of the actuated devices, an array of 100 nm thick 4 pm diameter aluminum dots, are
deposited through a stencil mask on each actuator (Figure 6-8). The holes in the stencil are
etched in a 500 nm thick silicon nitride membrane that enables depositing micrometer features
using a thermal evaporator [44-45]. The stencil mask is carefully aligned with the device to have
an array of dots on each actuator, as seen in Figure 6-8(a). The dots are spaced 14 pum apart and
cover an area of 500 um x 400 um to monitor the deflection of the membrane on and around the

100 pm x 200 pm actuators.

(a)

Figure 6-8- (a) Optical micrograph of four 100 um x 200 pm actuators. Arrays of 4 um diameter
aluminum dots are deposited on the actuators through a stencil mask. (b) SEM micrograph of four 100 nm
thick deposited aluminum dots.

It is important that the aluminum dots do not stiffen the membrane and reduce the actuation. To

gauge this, I have performed a static finite element analysis in ANSYS to compute the effect of

" Thanks to Dr. Oscar Vazquez Mena previous member of LMIS1 lab at EPFL for fabrication of the stencils.
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dots on the Young’s modulus of the PDMS membrane: A clamped plate is subjected to a static
tensile force and the deformation of the tip is compared between the plates with or without the
aluminum dots, as shown in Figure 6-9. Ratio of the tip displacements in patterned and pristine
plates is inversely proportional to the ratio of their Young's modulus. The effective Young’s
modulus is increased by 1% when the 4 um diameter dots are spaced 14 um, and by 6.7% when

the dots are spaced 9 um apart.
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Figure 6-9- Simulated longitudinal deformation of a clamped PDMS elastomer with/without patterned
aluminum dot array subjected to a tensile force. The tip displacement is inversely proportional to the
Young's modulus of the elastomer. (a) Pristine PDMS plate. (b) 4 um diameter, 100 nm thick Aluminum
dots are patterned on the PDMS membrane in array with 14 pm spacing. (¢c) The Aluminum dots are
spaced 9 um apart from each other.

The dots are only deposited to characterize the strain of the device and will not be deposited on

the devices made for cell stretching experiments.

6.6.1. Image processing

An image is recorded at each voltage step before and after actuation through a microscope at 20
times magnification (Figure 6-10(a)). Based on the clear contrast between the dots and the
background, by transferring the image to a binary image, each dot corresponds to a distinct
particle (Figure 6-10(b)). X and y coordinates of center of mass of the particles are saved in an
array using Labview Vision software. For each image, the program randomly stores the position
of the particles in an array. To be able to compare the position of the dots before and after
actuation, position of the particles are sorted and stored into matrices of Xi(I, x Ji,) and Yi(In X Jn)
for the image at zero voltage and into X«(I,x J) and Y1, x J) for the image after actuation. I,
and J,, are the number of dots in x and y directions. In this case, each index(i, j) corresponds to a

distinct particles. After organizing the particles, subtracting the X; and X; matrices gives the
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deformation in the x direction and subtracting the Yrand Y; matrices gives the deformation in the
y direction. To calculate the strain, the deformation field should be differentiated. The finite
difference method to numerically differentiate the deformation matric is not precise as the dots
are not tightly enough spaced to prevent stiffening of the membrane. That’s why, I have first
smoothed the deformation curve for each row of dots by fitting a 10™ order polynomial and then
differentiated the fitted curve to calculate the strain in that row. To calculate the strain in the y

direction, the process is repeated for a column of the dots.

Figure 6-10- (a) An image is recorded at each voltage step through a microscope at 20 times
magnification. (b) The image is transferred to a binary image, where each dot represents a particle.

It is possible that a dot is not well deposited due to a defect in the stencil mask or a dust particle
and consequently, the detected particles cannot fill a two dimensional matrix (Figure 6-11). This

should be compensated so that the deformation and the strain fields can be calculated.

Figure 6-11- Due to a defect or a dust particle, it is possible to not detect all the dots. (a) Recorded image.
(b) The transferred binary image.
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The program that I have written is fault tolerant; it identifies the undetected particle and

associates the average position of the adjacent particles to it, as shown in Figure 6-12. The circles

are the particles initially detected and the crosses represent the two dimensional mesh matric that

is built by estimating the position of the undetected particles from the adjacent particles. The

program covers for up to two adjacent undetected particles and also for the particles in the edges.

0000000000000 00000000000000000
0000000000000 00000000000O00000
0000000000000 0000000O000000O00
00000000000000000Q - 00000000000
000000000000000000000000 00000
0000000000000 0000O00O00O000OD - «
0000000000000 00020000O00OO00 x < O
000000000 0000000000000000000 Q0
©000000000000000000000000000 00
000, ., 0000000000000000000000000
0000000000000 000000O00O0C0000000
©000000000000000000000CO0000Q0O0
000000000000 00000000OOOO000000
000000000000 000000000000000000
0000000000000 0000Q000000000000
0000000000000 000C0000000000000
0000000000000 0000O0CO0OO0000000
0000000000000 00000000000000000
©00000000000000000000000000000
©0000000000000000000000O0000000
0000000000000 00000000000000000
000000000000 000000000000C00O000
000000000000 00000000000C0R0000
0000000000000 00000000000000000
0000000000000 00000000000000000
000000000000000000000000000000
000000000000000000000000000000
0000000000000 000000 00000000 0CO
0000000000000 00C0C0000000QQO0000
000000000000 00000000000000 000
000000000000 00000000000OOOO0OO x
0000000000000 000O0000000000000
0000000000000000000000000Q00C00
000000000000 000000000000OOO000
0000000000000 00000000000000000O
000000000000000000000000000000
0000000000000 0000000000000OR00

500

o - o o
o o (e)
< N -~

&
(wri) A

200 300 400 500 600

100

X (um)
Figure 6-12- The black dots are the detected dots from Labview based image processing program. The red

crosses represent the two dimensional mesh that have replaced the undetected dots with the average of the

position of adjacent dots. The red points are then organized in a matric and used to calculate the

deformation and strain fields.

6.6.2. Static response

In Figure 6-13(a) the deflection profile of one actuator is plotted when a 2.6 kV dc voltage is

applied. In the contour plot, each node of the mesh represents one aluminum dot and the x-axis

displacement of the dot is mapped on the mesh. Figure 6-13(b) shows the displacement of the

dots along the channel on the centerline of the actuator. The displacement is zero at the center

and is increased linearly toward the edges of the electrodes to 2.2 um.
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Figure 6-13- (a) Measured deformation profile of one actuator, at 2.6 kV, derived by subtracting positions
of dots before and after actuation; Center of the actuator is at (0, 0). The actuator is 100 pm x 200 um in a
device with 30 um thick Sylgard 186 membrane. The intermediate PDMS layer used for bonding is 3 um
thick (Sylgard 186, mixing ratio 1:20, (PDMS: Solvent, 1:2)). (b) X-axis displacement profile of dots
along the channel on the centerline of the actuator (dashed line in (a)), showing 2.2 um symmetrical
displacements at the edges of the electrode. The displacement shape matches very well the FEM results in
Figure 6-2.

In order to calculate the x-axis strain, x-axis displacement along the x-axis is plotted for each
row of dots and smoothed. The smoothed curve is then differentiated and the strain is plotted in
the color map in Figure 6-14(a) for one actuator at 2.6 kV. The results confirm that the in-plane
strain exists along the electrode and reaches to the maximum over the channel on the actuator.
The strain variation at the center of the actuator is negligible (0.2%) for an area of 50 um?. It
means that a single cell attached on the center of the actuator will sense a constant strain. The x-

axis in-plane strain along the channel on the centerline of the actuator is plotted in Figure

6-14(b).
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Figure 6-14- (a) Measured x-axis strain of a 100 um x 200 um actuator on the same device as in figure
6-13; Center of the actuator is at (0, 0). (b) Measured x-axis strain along the channel on the centerline of
the actuator at 2.6 kV. The in plane uniaxial strain at a 50 pm?”area on the center of the actuator is 3.7% to

3.9%.

The numerical results of x-axis strain and x-axis displacement presented in Figure 6-2 and Figure
6-3 are in excellent agreement with the experimental results presented in Figure 6-13 and Figure
6-14 qualitatively and quantitatively, despite the uncertainty in the exact Young’s modulus of the
ion-implanted electrodes. There are some details such as the electric field spread through the air
in the channel and different Young’s modulus of the 3 um thick intermediate layer that are not

considered in the FEM model.

The actuation strain increases quadratically with the applied voltage as expected since the
electrostatic pressure is proportional to the square electric field (Figure 6-15). I achieved 4.7%
strain at a voltage of 2.9 kV before the membrane buckles and the actuation mode switches to
biaxial out of plane strain from uniaxial in-plane strain. The strain level of our device is

sufficient to mechanically stimulate most of cell types.
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Figure 6-15- Measured x-axis in-plane strain vs. drive voltage, showing the expected V2 scaling. A
maximum strain of 4.7% is observed at 2.9 kV.

The critical buckling voltage varies from 3 kV to 4.5 kV for different fabricated devices
depending on their initial thickness and thickness of their passive layer. Besides, the internal pre-
stress caused during cross-linking of the main film or the passive layer influences the critical
buckling voltage, which is not considered in the FEM simulations. Due to this fact, the value of
the computed critical buckling voltage is not the same as the experimental buckling voltage and
the membrane buckles at lower voltages. Figure 6-16 demonstrates the measured buckling
profile of one of the devices at 4.5 kV using a white light interferometer (WYKO NT1100,
Veeco, USA). The membrane is squeezed along the electrode and buckled on the actuator at the
intersection of the electrodes and the channel. The intermediate layer for bonding on this device
is made of Sylgard 186 with mixing weight ratio (cross-linker: oligomers) of 1:13.5, which
explains the higher buckling voltage of this device compared to the device in Figure 6-15 with
mixing ratio of 1:20 for the bonding layer. However, the experimentally observed buckling mode
is the same as the computed mode shape (Figure 6-4). The ultimate failure of our dielectric
elastomer actuators based on non-prestretched membranes with strain of lower than 10 %, is due

to the electrical breakdown of the PDMS membrane.
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Figure 6-16- Buckling profile of an actuator at 4.5 kV measured using white light interferometer. The
membrane is squeezed along the electrode and buckles at the intersection of the electrode and the channel.
The dots on the membrane are the aluminum dots patterned for in-plane strain measurements. The
intermediate layer for bonding of this device is made of Sylgard 186 with mixing ratio of 1:13.5.

To verify the uniformity of the actuation strain of the actuators on the array of one device, I
randomly tested 15 actuators in one of the three groups of the device at 2 kV. A histogram of the
measured strain is plotted in Figure 6-17, showing that 10 out of 15 actuators have the strain
between 1.9-2.15% and the strain of the other 5 actuators is 0.2% lower. Considering 0.1-0.2%
error in strain calculation of our image processing technique, I believe that this strain disparity is
very promising for an array of dielectric elastomer micro-actuators having polymers as their
main components that can have non-uniform stiffness/ thickness due to non-uniform cross
linking. Other sources of strain difference between multiple actuators in the array can be the
stiffness inconsistency of the ion-implanted electrodes or thickness variation of the passive

intermediate PDMS layer used for bonding.
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Figure 6-17- Histogram of x-axis strain of 15 out of 24 actuators of one group of the device at 2 kV,
showing consistent actuation strain over the multiple actuators. The actuator is 100 um x 200 um on a 25
um thick Sylgard 186 membrane. The intermediate PDMS layer used for bonding is 2.5 um thick
(Sylgard 186, mixing ratio 1:20, 200% iso-octane solvent).

6.6.3. Dynamic response

The dynamic behavior of one actuator driven with a 2.6 kV square signal at 1 Hz and 0.5 Hz
using a high voltage amplifier (Model 609E-6 from TREK, Inc.) is shown in Figure 6-18. 25
frames per second are recorded with a Basler A622f camera connected to the microscope, and
the images are analyzed with our image processing program to characterize the actuation strain
over time. One of the images at zero voltage is used as the reference off state image to measure
the dots’ displacement of other images. The response time is 0.2 s, which is sufficient to actuate
the cells with relevant biological frequencies (0.05 Hz-5 Hz) [3]. The response time is limited
here by the electrical RC time constant of high resistive electrodes. There is a tradeoff between
the response time and the achievable strain of the actuators due to the inverse link between the

resistance and Young’s modulus of ion-implanted electrodes.
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Figure 6-18- Dynamic response of one 100 um x 200 um actuator. The electrical excitation is a 2.6 kV
square signal at 1 Hz for the dashed red line and 0.5 Hz for the solid blue line. The response time of the

actuator is 0.2 s.

To actuate the device at low frequencies or even at a static mode, the actuation strain should
remain constant when the voltage is kept constant. In Figure 6-19, the actuation strain in x and y
direction are measured and plotted over time when the voltage is kept at 2.4 kV showing a stable
steady state response. This result confirms that our silicone elastomer (Sylgard 186) exhibits

negligible viscoelastic and creep behavior making it a good choice for making reliable devices.
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Figure 6-19- The actuation strain in x and y directions over time when the voltage is kept at 2.4 kV.

6.6.4. Life time measurement

Cells regulate their biochemical responses over a time scale of a few minutes to a few hours for
periodic strains [2, 3]. I actuated our devices with a 2.6 kV square signal at 1 Hz for 130 minutes.
Every 10 minutes 100 frames, corresponding to 4 seconds of operation, are recorded and
analyzed. Figure 6-20 shows the actuation strain of an actuator at the beginning of the test, after
70 minutes and after 130 minutes. The strain level and the response time have not changed over
the test period. Lifetimes of more than 1.3 million cycles have been reported for buckling-mode
DEA actuators made from non-prestretched silicone membranes with ion-implanted electrodes
operated at 1.5 kV [135]. In our group, tunable lenses with ionic liquid electrodes have also been
successfully operated for thousands of cycles. However, to operate the device in salt water
(similar to the cell culture medium) it will be necessary to seal the PDMS membrane, as it is
porous and absorbs the ions, leading to breakdown after half an hour periodic actuation (at 1 Hz).
One approach is to deposit a 100 nm thick Parylene layer on the PDMS membrane and later etch
this layer away with plasma O;. It has been reported that this procedure caulks the PDMS pores
and thus seals the membrane minimized impact on stiffness [136]. Another approach is to add

another passive elastomeric layer on top of the actuators to increase the life time in conductive
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liquid environment. However, adding a passive elastomeric layer on top or coating the elastomer
with a thin Parylene layer decreases the actuation strain. To fulfill the requirements for a reliable
cell stretcher device, operating in conductive cell growth medium for hours, it is required to
develop actuators with higher than 40 % actuation strain. In this case, even if half the actuation
strain is sacrificed by the passive layer, the device can stretch the cells with up to 20% strain. In

the next chapter, I will discuss development of actuators with actuation strain of up to 80%.
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Figure 6-20- Life time measurement: Actuation strain of a 100 um x 200 pm actuator with an excitation
voltage of 2.6 kV square signal at 1 Hz frequency is measured initially, after 4200 cycles and after 7800
cycles. The strain level is reproducible within 0.2 % strain.

6.6.5. Direct bonding

In this section, I briefly discuss the reason behind the developed bonding technique, where a 2-3
pm thick PDMS layer is used between the ion-implanted electrodes and the Pyrex chip, as
illustrated in Figure 6-7. When no intermediate layer is used, the ion-implanted electrodes do not
bond to the Pyrex chip by plasma O, activation. This leads to lower in-plane actuation strain as
the membrane deforms out of plane and buckles inside the channels. Figure 6-21 shows the
actuation strain in both x (along the channel) and y direction for a device with identical

fabrication parameters as the device shown in Figure 6-15, except that no intermediate layer is
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used to bond the ion-implanted electrodes to the Pyrex chip. The device exhibits lower actuation

strain and buckles at 2.6 kV, where the actuation strains in x and y directions are equal.
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Figure 6-21- The strain along the x and y directions when the applied voltage is incremented. The
membrane buckles at 2.6 kV as the strain in x and y direction are equal. The in-plane actuation strain
before buckling is 50% lower for this device (without the intermediate layer for bonding) compared to the
device in Figure 6-15 (with the intermeidate boding layer with mixing ratio of 1:20).

Figure 6-22, depicts the out of plane deformation of the actuator measured with white light
interferometer. The actuator buckles inward the channel at 2.5 kV and deforms more out of plane
at higher voltages. Although the actuator has not broken, the out of plane mode of actuation is
not of our interest for stretching cells. When the membrane is not well bonded on the electrodes
to the Pyrex chip, the membrane slips inside the channel and deforms out of plane rather than in-

plane along the channel.
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Figure 6-22- The out of plane deformation of an actuator when the ion-implanted electrodes are not well
bonded to the Pyrex chip. (a) at 2.5 kV, (b) at 3 kV.

The plotted actuation strains in Figure 6-21 are measured after 2 seconds that the voltage is
applied. However, the actuation strain is not stable over time when the voltage is kept on. The
time response of the maximum displacement along the channel is measured when the voltage is
kept at 1.5 kV and plotted in Figure 6-23. The actuation x-axis deformation vanishes completely
after one minute the voltage is on. Since the membrane is not well bonded along the electrodes to

the Pyrex chip, the membrane de-bonds with time and deforms out of plane inward the channels.
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Figure 6-23- Maximum displacement along the channel when the voltage is kept on at 1.5 kV for 60
seconds. The in-plane strain relaxes by time for the devices with direct bonding technique.
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6.7. Conclusion

I have presented the microfabrication and characterization of an array of dielectric elastomer
microactuators that can serve as a tool to study the mechanotransduction of individual cells. The
chip consists of an array of 72 100 um x 200 um electroactive polymer actuators in three
separate groups, making it possible to actuate three different groups of single cells with different
strain levels and frequencies in a single experiment. This array of microactuators used as a high
throughput single cell stretcher device can play an important role in understanding how cells

decipher and respond to a mechanical stimulation.

The chip represents a new geometry for EAP devices, with chip-scale actuators only free to
move over microfabricated trenches, thus delivering uniaxial strain over 50 pm x 50 um areas. I
have shown that low-energy metal ion-implantation is an effective and reliable technique to
fabricate 100 um wide compliant electrodes for DEAs. This addresses the lack of suitable
microfabrication techniques to pattern um scale compliant electrodes on silicone membranes,

which was a major limiting factor in the miniaturizing dielectric elastomer actuators.

The displacement and strain profile of the actuators was measured by tracking the position of an
array of 4 um diameter dots deposited on the actuators. At the center of the actuator, the in-plane
uniaxial strain is maximum and the strain variation is negligible (0.2% variation) over area of 50
um?, comparable to the size of a single cell. The experimental results are in excellent agreement
with the FEM simulations. The response time of the actuator is 0.2 s amply sufficient to
stimulate cells at relevant biological frequencies. The in-plane uniaxial actuation strain reaches
4.7% at 2.9 kV, which is sufficient for stretching stiff cells such as bone cells. However, larger
actuation strain is required to be able to use the actuators to stretch all cell types such as the
muscle cells. A new generation of DEA based microactuators are developed in the next chapter
with higher actuation strain of up to 80% allowing adding passive sacrificial layers required for

long time operation in conductive environment.

The material in this chapter is published in Journal of Micromechanics and Microengineering
2012, 22 (4), 045020. This article was selected by IOP publisher, JMM highlights and research
highlights of EPFL.
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Selected sections of this chapter are also published in Proceeding of SPIE 2012 (Vol 8340,
83401R-1) and 2010 (Vol 7642, 76420H).



Chapter 7 Generation I1: Freestanding uDEAS

7.1. Summary

In this chapter, the design principle and performance of the second generation of dielectric
elastomer microactuators capable of generating up to 80% strain is discussed. The miniaturized
DEAs are made by patterning perpendicular 100 pum wide compliant ion-implanted gold
electrodes on both sides of a 30 um thick polydimethylsiloxane (PDMS) membrane. The
important impact of uniaxial prestretch of the elastomer on the microactuators’ performance is
reported; the largest actuation strain is achieved by prestretching uniaxially by 175%. Each
actuator is intended to have a single cell adhered to it in order to periodically stretch the cells to
study the effect of mechanical stimulation on its biochemical responses. To avoid short-
circuiting all the top electrodes by the conductive cell growth medium, a 20 pm thick
biocompatible PDMS layer is bonded on the actuators. In this configuration, 37% strain is
achieved at 3.6 kV with sub-second response. The passive layer also allows longer life time
operation in liquid environment. This device can be used as a high throughput single cell
stretcher to apply relevant biological periodic strains to individual cells in a single experiment.
This generation is called a universal cell stretcher as the actuation strain delivered by the device

is above 20% and can be used to mechanically stimulate any cell type.

Most of the material in this chapter is published in Journal of Sensors and Actuators A: Physical

2012, Vol. 186, Pages 236-241 and selectively in Procedia Engineering 2012, Vol. 25, 693-696.
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7.2. Actuation principle

In this section, the operating principle of a dielectric elastomer microactuator and the

modifications required for cell stretching applications are explained.

The dielectric elastomer microactuator consists of a thin soft PDMS membrane. Two
perpendicular compliant microelectrodes are patterned on top and bottom layers of the
membrane, as shown in Figure 7-1. When a high voltage is applied between the electrodes, at the
intersection of the electrodes, the membrane is squeezed in thickness due to the Maxwell stress

and expands in-plane since it is incompressible.
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Figure 7-1- Operating principle of a dielectric elastomer microactuator: (a) Two perpendicular compliant
microelectrodes are patterned on top and bottom layers of a thin PDMS membrane. (b) A high voltage is
applied between the electrodes, squeezing the membrane in thickness and expanding it in-plane. (c) Cross
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section view of the actuator in the actuated state, showing the electric field at the intersection of the
electrodes and the fringe fields as the aspect ratio of the electrodes’ width to its thickness is about 3.

The dielectric elastomer actuators are generally modeled by applying a pressure equal to the
Maxwell stress to the electrodes (P= €E?, where E is the electric field in the elastomer). The

Maxwell stress is increases quadratically with the applied electric field.

Scaling the dielectric elastomer actuator to micro scale, the electrodes dimensions become
comparable to the elastomer’s thickness, hence assuming parallel electric field in the elastomer is
erroneous. In this case, fringe field should be taken into account in the modeling. I compared
FEM simulations of the actuators with a) a voltage applied to the electrodes and b) no voltage
and instead a mechanical pressure equal to the Maxwell stress (P= ¢E?) derived for parallel
electric field between the electrodes. The FEM simulations predicts 13% higher strain at the
center of 100 x 100 pm? actuator on a 30 um thick PDMS membrane for the full model including

fringe fields compared to the assumption of constant parallel electric field.

The actuators are fabricated on uniaxially prestretched membranes. As theoretically analyzed in
Chapter 4, prestretching the elastomeric polymer has a significant influence on the performance
of the actuators such as the actuation strain [40, 60, 95, 137]. I experimentally report the effect of

uniaxial prestretch on the performance of our 100 x 100 pm” actuators in section 7.3.1.

The cells will be attached on top of each actuator by patterning a cell adherent extracellular
matrix using micro-contact printing [138]. The objective is to have actuators generating up to
20% strain in order to cover the desired strain levels to stimulate most cell types [139]. To avoid
stimulating the cells with high electric field, the high voltage will be applied to the bottom
electrode and the top electrode will be grounded. The cells must be kept in the conductive cell
culture medium, which will be grounded. If the cell culture medium is directly applied on the
active membrane, the possible electric field reaching the cells through the air will be ruled out,
but the top ground electrodes of the actuator will also short-circuit, resulting in 100 um x 1 cm

actuators instead of 100 um x 100 pm actuators.

To solve this, another PDMS layer (with comparable thickness to the actuator) is bonded on top
of the actuators as shown in Figure 7-2(a). The high voltage is applied to the bottom
microelectrode, the perpendicular microelectrode is grounded and the top layer of the second

PDMS layer is also grounded by the conductive liquid. This leads to three different zones of
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electric field inside the elastomer along the high voltage electrode, neglecting the fringe field
effect, as illustrated in Figure 7-2(b). At the intersection of the electrodes, the electric field is
maximum in the first PDMS layer (E;=V/t;) and is zero in the second layer. The electric field
elsewhere along the high voltage electrode is E; which is equal to E;.ti/(t;+t;). Therefore, the
electrostatic stress at the intersection of the electrodes in the first layer is (t,+t,)*/t; times higher
than electrostatic stress along the high voltage electrode (equation 1). Since the force on the

active layer due to E; has to deform both active and passive layers, the strain on the actuator
(Sactuator) 18 (ti+t2)/t; times higher than the strain elsewhere along the electrode (S;), considering

small deformation and constant Young’s modulus. I will show later in section 7.4.2, that in the

case of large deformations in our actuators with 80% strain, due to the hyperelastic stress-strain
relationship and thickness reduction of PDMS membrane, much higher ratios of S,ctuator/S2 18

obtainable compared to the simple small deformations model. Therefore, adding a passive layer
on top of the actuators leads to the dominant strain on the 100 x 100 pm® actuators while

allowing operation in conductive liquid.
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Figure 7-2- Modified double-layer actuators for cell stretching applications; (a) A thin layer of PDMS is
coated on top of the actuators to avoid short circuit of the ground electrode due to the conductive cell
culture medium. (b) Cross section view of the actuator along the high voltage electrode, showing three
different zones of electric field.
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7.3. Fabrication

I will briefly discuss the fabrication process for making arrays of single layer and double layer
DEAs. The reproducible method of fabrication of cell stretching devices based on these actuators

will be explained in the next chapter.

7.3.1. Fabrication of single-layer actuators

First, a thin film of PDMS membrane is prepared. The two components of Sylgard 186 from
Dow Corning are mixed with 10:1 weight ratio as recommended by the manufacturer, and
diluted with iso-octane (PDMS: Solvent 10:9 weight) in order to decrease its viscosity. The
mixture is degassed for 30 minutes until all the trapped air bubbles are released. A universal
applicator ZUA 2000 from Zehntner GmbH Testing Instruments is used to cast the PDMS
mixture on a 55 um thick polyimide film as a support. The parameters are adjusted to have
several films with thicknesses ranging from 30 um to 60 pum after curing at 100°C for 40 minutes
in the oven. To avoid having dust particles in the membrane which will decrease the breakdown
voltage, the process is performed in a clean environment. The films are then uniaxially stretched
from 1 to 2.75 times of their initial lengths and transferred to a frame with help of a double sided
adhesive. The initial thickness of the films was varied in order to keep the final thickness of the

stretched membrane at 30 um.

Two arrays of perpendicular 100 um wide electrodes are patterned on top and bottom surfaces of
the PDMS membrane with low energy ion-implantation as explained in the previous chapters to

achieve compliant electrodes.

Figure 7-3 shows four 100 x 100 pm? actuators of the array of nine actuators. The bright lines are
the ion-implanted electrodes on top and the perpendicular dark lines are the electrodes on the
bottom layer of the membrane. The actuators are at the intersection of the electrodes, where the

electric field squeezes the membrane in thickness leading to in-plane expansion.
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Pre-stretch
direction

Figure 7-3- Top view of a portion of a single-layer device showing four actuators. The bright horizontal
lines are the 100 um wide ion implanted electrodes on the top side of the PDMS membrane and the dark
vertical lines are the bottom electrodes. The actuators, where the electrostatic pressure is applied, are at
the intersection of the electrodes.

7.3.2. Fabrication of double-layer actuators

First, a single-layer device is made on a 160% uniaxially prestretched membrane. Then, the
electrical contacts at the outer edges of the electrodes on the top layer is protected with a 25 um
thick Teflon film (PFA from Dupont) and a 20 pm thick PDMS layer is spray coated on top
using an airbrush with a tip diameter of 300 pm. The PDMS mixture is highly diluted
(PDMS:Solvent 1:3 weight) to be able to spray coat it. Then, the Teflon films are removed and
the PDMS layer is cured in the oven at 60°C for 4 hours. Higher curing temperatures should be
avoided: 1) to not lose the conductivity of the electrodes due to different thermal expansions of
the PDMS and gold, and 2) to not tear the highly prestretched membrane due to the extra stress
caused by shrinkage of the liquid PDMS or the thermal stress during curing.

7.4. Characterization

In this section, four different single-layer actuators with uniaxial prestretch levels ranging from 0
to 175% are tested and their in-plane actuation strain with respect to the applied electric field is
characterized. Then a double-layer actuator compatible with cell stretching application is

characterized showing up to 37% strain.
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7.4.1. Characterization of single-layer actuators

To characterize the in-plane strains of the microactuators, microscope images are recorded for
different actuation voltages. The widths of the electrodes before and after actuation are compared
with the ImageJ software [140]. The displacement field is assumed to be linear and the relative
strain is calculated by dividing the electrode’s width increase to the initial width. The strain
levels discussed in this chapter are all the voltage-induced strains relative to the existing
prestretch. Figure 7-4, shows the optical micrograph of a 100 x 100 um” actuator made on a
PDMS membrane initially 175% prestretched in Y direction. The large expansion of the
electrode is clearly observed in Figure 7-4(b) at 4.0 kV. The x-axis and y-axis strain are

measured by detecting edges of the top electrode and the bottom electrode, respectively.

Figure 7-4- (a) Optical micrograph of a single-layer microactuator at zero volt at 20X magnification. The
membrane is pre-stretched by 175% along the y axis. (b) When 4.0 kV is applied to the electrodes, the

membrane expands by 80% along the x-axis.

The x-axis strain of different actuators with three different prestretch levels versus the applied
electric field is plotted in Figure 7-5. The applied voltage is increased till the actuators fail.
Uniaxially prestretching the membrane enhanced the maximum actuation strain; up to 80% strain
is generated on a film with 175% prestretch level, while only 7.7% strain is obtained for 0%

prestretch.
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Figure 7-5- Voltage respect to the actuation strain of the actuators; the actuation strain is increased 10
times with prestretching the elastomer uniaxially 2.75 times.

The experimental observations are in well agreement with the presented theoretical calculations
in section 4.5. Since the exact stiffening of the ion-implanted electrodes is not measured, the
comparison of the theory and experiment is uncertain. However, I assumed stiffening impact of 2
for ion-implanted membrane and calculated the theoretical actuation strain for the three samples
to be able to discuss the failure mode (Figure 7-6). The non-prestretched membrane is stiffer in
the transverse direction (perpendicular to the prestretching direction, A;) compared to the
prestretched membranes. The membrane fails before the pull-in instability, at 7.7 % actuation
strain, due to electric breakdown. Prestretching the elastomer 2.75 times in the A; direction has
suppressed the pull-in instability and also increased the breakdown electric field of the elastomer

allowing 80% actuation strain in the transverse direction.
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Figure 7-6- The theoretical calculated actuation strain (plotted in continuous lines) compared with the
measured data (plotted as points); the actuator with the non-stretched membrane fails before pull-in
instability due to the electric breakdown. The pull-in instability is suppressed by prestretching the
elastomer 2.75 times allowing up to 1.8 actuation stretch (80% actuation strain). The theoretical
calculations are uncertain as the exact stiffening impact of the ion-implanted electrodes is not known. The
calculations are performed considering stiffening impact of 2 to discuss the failure mode.

It bears noting that the sustainable electric field of the PDMS membrane has also significantly
increased. To calculate the true electric field at large deformations, the thickness reduction of the
membrane must be considered. I have calculated the thickness at each voltage step from the in-

plane strains and assumed incompressibility for the elastomer.

A A, =1 (33)

where, A; is the stretch ratio along the i direction (i=x, y, z) and is equal to 1+strain;. Here, the
reference state for strain calculation is considered the prestretched state. Thus, the true electric
field can be computed as

o VA
-

(34)

where, tj is the initial thickness of the films after prestretching and V is the applied voltage.
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In Figure 7-7, the measured actuation strain respect the true electric field in the elastomer is

plotted, showing that the breakdown electric field is enhanced more than two times by

prestretching.
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Figure 7-7- The x-axis strain of the single-layer actuator versus the true electric field. The PDMS
membrane is pre-stretched uniaxially along the y-axis. The x-axis strain is increased up to 80% by pre-
stretching the membrane 175% in the y axis.

The x and y-axis actuated strains of the microactuator on a non-prestretched PDMS membrane
are equal as shown in Figure 7-8(a), while an anisotropic actuation strain is observed on 175%
uniaxially prestretched actuator, as plotted in Figure 7-8(b). Due to hyperelastic behavior of
PDMS, uniaxial prestretching leads to anisotropic stiffness of the membrane. Therefore, the
membrane expands less along the prestretched direction, which is stiffer. The ratio of x-axis
strain to the y-axis strain of the actuators at their maximum sustainable electric field is listed in
Table 7-1. The ratio of the strain in x to strain in y direction is increased up to 5.6 with 175%
uniaxial prestretch. Therefore, purely biaxial or semi-uniaxial stretchers can be made by

introducing isotropic or anisotropic prestretch in the elastomer.
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Figure 7-8- Actuated strains in the x and y direction versus the true electric field for a single-layer
actuator. (a) Non-prestretched membrane. (b) The membrane is prestretched by 175% along the y
direction. The ratio of x to y axis strains is tunable by adjusting the prestretch level in x and y directions.

The effect of uniaxial prestretching on performance of the microactuators is summarized in
Table 7-1. The sustainable electric field and the strain level are enhanced by prestretching as the

pull-in instability occurs at higher strains [60] when in the hyperelastic regime.

Table 7-1- Effect of uniaxial prestretch level on performance of the microactuators.

Prestretch level Maximum

Strain, Maximum
alongy axis (%)  straininx (%) Strain, ~ Sustainable electric
field (V/um)
0 7.7 1 106
60 14.5 1.2 124
100 29.2 2 140
175 80.7 5.6 241

7.4.2. Characterization of double-layer actuators

As described in section 7.2, in order to use the abovementioned actuators for cell stretching
applications, a 20 um layer of PDMS is bonded on the actuators to avoid short-circuiting of the
top microelectrodes in the conductive cell growth medium which would lead to actuation over

the full length of the electrode and not only at the intersection of the top and bottom electrodes.



Generation II: Freestanding uDEAs 90

The passive layer enables having the dominant strain at the 100 x 100 um” electrode intersection
area, especially at large deformations. In Figure 7-9, the x-axis strain of one actuator on a 175%
uniaxially prestretched membrane is plotted versus the nominal electric field, which is the
applied voltage divided by the initial thickness. Assuming the same thickness for the passive
layer, when the electric field at the intersection of the electrodes in the first layer (E;, shown
Figure 7-2(b) is 111V/um resulting in 63% strain, the electric field elsewhere along the high
voltage electrode (E;) is 55.5 V/um generating only 5% strain. As the electrostatic force on the
active layer should stretch both passive and active layers, the final strain on the 100 x 100 pm® is
half of the strain generated in the active layer (31.5%), which is still 6.3 times more than the
strain elsewhere along the electrode. The small deformation calculations presented in section 2,

predicts only 2 times higher strain.

100
*175% uniaxial prestretch|

80r

.. 60t

40r

Strain_ (%)

20

80

40 60 120
Nominal electric field (\//um)

Figure 7-9- X-axis strain of a single-layer 100 x 100 um’ actuator versus the nominal electric field on a
175% uniaxially prestretched membrane. The arrows show the strain on 100 um x 100 um area in the
first layer (S;) and elsewhere along the high voltage electrode (S,), assuming the same thickness for both
PDMS layers (refer to Figure 7-2 for S; and S;).

The actuation strain of the two-layer actuator fabricated with 20 um thick passive layer versus

the applied voltage is plotted in Figure 7-10. Up to 37% in-plane strain is achieved at 3.6 kV.
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Figure 7-10- X-axis strain of a double-layer 100 x 100 pm’ actuator versus the applied voltage, showing
up to 37% relative strain. The first layer is uniaxially prestretched 160%, thickness of the stretched
membrane is 34 pm after prestretching and thickness of the coated passive layer is 20 pm.

7.4.3. Dynamic response

Dynamic response of a double layer 100 pum x 100 um actuator is measured, using a Basler
A622f camera capable of grabbing 25 frames per second, and plotted in Figure 7-11. The
response time of the actuator is about 50 ms, allowing actuating at frequency of up to 40 Hz,

amply sufficient for stretching biological cells.
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Figure 7-11- Dynamic response of a double layer actuator measured in air. Data points are the measured
actuation strain at each recorded frame. The response time of the actuator is about 50 ms.
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7.5. Conclusion

Employing the non-linear mechanical properties of dielectric elastomers, I developed an array of
100 x 100 pm? dielectric elastomer actuators generating up to 80% in-plane strain. The elastomer
was uniaxially prestretched 2.75 times its initial length to suppress the pull-in instability allowing
high actuation strain in the transverse direction which is softer. The experimental data are in well

agreement with the theoretical calculations delivered in Chapter 4.

The compliant 100 um wide electrodes were patterned by gold ion-implantation and remained
conductive and functional up to 118% area strain, at which point the actuators fail. Low energy
ion-implantation is a very effective method to pattern compliant microelectrodes, addressing the

lack of suitable fabrication techniques to pattern um scale electrodes on silicone membranes.

The array of microactuators was designed to stretch single cells attached on top of them in order
to study the mechanotransduction in single cell level. To avoid short-circuiting the top
microelectrode in the conductive cell culture medium, a passive biocompatible PDMS layer was
bonded on top. In this configuration, up to 37% in-plane strain was achieved at 3.8 kV with 50
ms response time, which adequately meets the desired strain levels and frequencies for
stimulating all cell types. The fabrication process of this device is further developed in the next

chapter to use it in the biological experiments.

Most of the material in this chapter is published in Journal of Sensors and Actuators A: Physical

2012, Vol. 186, Pages 236-241 and also Procedia Engineering 2012, Vol. 25, 693-696.
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8.1. Summary

Up to now, I have mostly focused on development of dielectric elastomer microactuators with
fast and large actuation deformation. In this chapter, to use the actuators for cell stretching
applications, I first address how to make a cell-friendly environment. The biocompatibility of the
elastomers used in the fabrication is investigated and the solution to eliminate the electric field
approaching the cells is discussed. Then, a reproducible fabrication process for making double
layer DEAs is presented and life time of the device in conductive liquid is studied. Finally, we
have cultured myoblast cells on the device and stretched them by applying 4.2 kV to the
actuators for 4 hours. The cells were healthy after operation and some of them have even divided
during this period. Also the device had well operated in the required living conditions for cells at

relatively high humidity and temperature, while covered with conductive cell growth medium.
8.2. biocompatibility of elastomers

To avoid short circuiting the top ground electrodes in the second generation of devices with
perpendicular electrodes by the conductive ground electrode, I have coated a passive PDMS

layer on the actuators (section 7.2). This layer also enhances the life time of the actuators

" The biological experiments are performed in close collaboration with Space Biology group at ETHz. Thanks to Dr.
Alfredo Franco-Obregon and Mr. Krzysztof Krawczyk.
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operating in the conductive medium. I have used Sylgard 186 or RTV 734 (Dow Corning®),
which is a flowable sealant curing by exposure to the moisture [141] for fabrication of the
passive layer. Since the cells will be cultured on this layer, the elastomeric PDMS layer should
be biocompatible. I have verified the biocompatibility of the elastomers by performing a live
dead assay. 5 mm thick PDMS layer from Sylgard 186 and RTV 734 were prepared and cut in to
5 cm x 5 cm pieces and placed in a sterile petri dish. To sterilize, 1-2 ml of ethanol 70% is
poured on the PDMS pieces and aspirated. The PDMS parts are then washed by adding 1-2 ml
phosphate buffered saline (PBS) and removing it, for three times. Next, the C2C12 Mouse
myoblast cells are added on the PDMS layers and 6 ml cell growth media containing 79%
DMEM high glucose (Invitrogen [142]), 20% Fetal bovine serum (FBS), and 1 % penicillin and
Streptomycin is poured in the petri dish. The cells are incubated for one day in an incubator at
37°C and 5 % CO,. Then, the cells are detached from the PDMS layers by adding 1 ml of
Trypsin enzyme diluted in 3 ml PBS after 10 minutes of incubation. The cells are pelleted by
centrifuging to remove the trypsin and the old media and re-suspended in 1 ml of fresh media by
gently pipetting up and down. Next, 10 pl of the media with suspended cells is mixed with 10 pl
of Trypan blue dye and then, 10 pl of the solution is inserted in a hemacytometer. In theory, only
the dead cells, having a permeable membrane, take up Trypan blue and become blue. The
number of live and dead cells found in the hemacytometer are counted for each elastomer and
listed in Table 8-1. The cell viability is 94% for Sylgard 186, 97% for RTV 734 and 96% for a
control sample on a traditionally used sterile plastic petri dish for cell culture. These results
confirm that both Syglard 186 and RTV 734 are not harmful to the cells and can be used in the

biocompatible cell stretching device.

Table 8-1- Biocompatibility of the elastomers used in fabrication of cell stretching device

Material Live cells | Dead cells | Viability
RTV 734 206 6 97%
Sylgard 186 161 11 94%

Control (plastic petri dish) | 225 10 96%
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8.3. Electric field elimination

To make a cell stretcher device based on dielectric elastomer actuators operating at a couple of
kVs voltage, cells should be protected from the electric shock and electric field. As previously
described, the high voltage is always applied to the electrode on the bottom surface of the PDMS
membrane. In this case, the cells are protected from the high voltage; however, the electric field
can reach the top surface through the air which should be shielded assuring the cells are not
stimulated with an unknown electric field. For predicting this fringe-electric field, a simplified
model of the actuators as the worst case scenario is modeled in ANSYS and analyzed
electrostatically. A 60 pm thick and 2 cm wide silicone membrane with a high voltage applied to
the bottom surface and a ground electrode on top is modeled. To allow modeling the fringe
electric field through the air, the silicone membrane with relative permittivity of 3 is placed in air

(e~1), as shown in Figure 8-1.

Air (¢.=1)

= V=0
é": . DC 186 (¢.=3 < V=V0

20 mm

Figure 8-1- schematic of the simplified model of the actuators for electrostatic analysis; A 60 pm thick
and 2 cm wide silicone membrane is placed in air. The high voltage is applied to the bottom electrode and
the top electrode is at OV.

The calculated electric field by FEM simulation at 15 um distance above the top layer of the
silicone membrane is plotted in Figure 8-2, when 2 or 3 kV electric voltage is applied to the
bottom electrode. The electric field is higher at the edges of the membrane due to the fringe field
effect. At the center of the membrane, the electric field is 65 V/mm when 2 kV is applied to the
electrode. Biologists accept 1 V/mm as a sustainable electric field for cells and the cells respond

to the electrical stimulation of above 10 V/mm [123]. Based on our calculation, the approached
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electric field to the cells is higher than the acceptable threshold, making it possible that the cells

sense and respond to the electrical stimulation as well as the mechanical stimulation.
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Figure 8-2- The computed electric field on 15 um above the top ground electrode using ANSYS. The
electric field approaches the surface through the air. The electric field is about 100 V/mm which is above
the acceptable threshold.

The performed simulation is the worst case scenario as the conductive liquid covering the cells is
not simulated. To be fully assured that the electric field reaching to the top surface is confined
and the mechanical field is the dominant field sensed by the cells, I connect the cell growth
media it to the ground while the device is operating. This eliminates all the possible approaching

electric field to the cells.

8.4. Device fabrication

In Chapter 7, the fabrication steps for dielectric elastomer actuators generating large deformation
was briefly mentioned. In this section, I will discuss reliable fabrication steps making a cell
stretching device compatible with the biological equipment. The device that I have developed is
a chip scale device that can fit in the conventional incubators and doesn’t need a mounted heat

chamber. Moreover, it can fit on the inverted microscopes and since the dielectric elastomers
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used are transparent and the ion-implantation leads to semi-transparent electrodes, it can be used

for live microscopy without any further modification.

First, 50 um thick Sylgard 186 membrane is fabricated on a polyimide sheet with the same
technique as described in section 6.5.2. The membrane is prestretched 2.7 times its initial length
using a small uniaxial prestretcher made by CNC, as shown in Figure 8-3. The membrane on the
polyimide film is cut and fixed with double sided film on the two plastic rods in Figure 8-3 (a).
The polyimide film is then removed by mechanical force leaving a suspended membrane on the
rods. Next, one of the rods is fixed in the groove of the stretcher and the other one is stretched
and fixed in the next groove, as shown in Figure 8-3 (b). The orange kapton tape fixes the four
edges of the elastomer on the frame after prestretch (Figure 8-3 (c)). The ratio between the
distance between the grooves on the stretcher and the initial length of the membrane defines the

uniaxial prestretch ratio in the elastomer.

Figure 8-3- (a) A small uniaxial prestretcher is used to uniaxially prestretch the elastomer. (b) The
elastomer is fixed on the two rods with double sided tape and one rod is fixed in the upper groove and the
membrane is uniaxially stretched till the second rod fits in the second groove. (¢) Shows the prestretched
membrane fixed on the frame.

In the next step, ion-implanted electrodes are patterned on the elastomer. A 50 um thick laser cut
stencil mask is used to pattern 25 mm long 100 pm wide electrodes by ion-implantation. As
mentioned in section 5.3, to pattern uniform electrodes, the scanning length should be 40 mm.
The acceleration voltage of the implanter is set to -1.25 kV and the ion-dose is close to the
percolation threshold to minimize the stiffening impact of the electrodes. The shadow mask fits
in the opening of the prestretcher and is directly placed on the prestretched elastomer. The
PDMS elastomer sticks well to the mask eliminating the gap between the mask and the

elastomer.
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After patterning two perpendicular arrays of electrodes on both sides of the elastomer, two
printed circuit boards (PCBs) are bonded to the prestretched frame to fix the prestretch and to
enable the electrical contact with the ion-implanted electrodes. To effectively fix the PCBs on
the prestretched elastomer, RTV 734 elastomer is dispensed around the inner and outer boundary
of the PCB and cured at room temperature for half an hour, as shown in Figure 8-4 (a). It is
necessary to wait till the top PCB is well fixed and the RTV glue is cured and then fix the bottom
PCB, otherwise, the membrane ruptures. Next, the membrane is separated from the prestretching
frame and is clamped between the two PCBs (Figure 8-4 (b)). To ease the electrical connections
to the backside of the membrane and minimize the total thickness of the device to be in the

working distance of the inverted microscopes, another PCB is added to the bottom PCB, as

shown in Figure 8-4 (¢).

Figure 8-4- (a) after patterning perpendicular arrays of electrode on both sides of the elastomer, a PCB is
attached on each layer to the membrane to fix the prestretch and enable electrical connection to the
electrodes. (b) The prestretched elastomer is clamped between two PCBs. (c) To ease the electrical
connection to the bottom electrodes, another PCB is added to the device.

As the last fabrication step, it is required to bond the passive elastomeric membrane on the
actuators. Spray coating or spinning the polymer on the actuators does not give uniform layers
therefore; an elastomeric membrane from either RTV 734 or Sylgard 186 is made on the
polyimide films with the desired thickness (25 pm-30 um). Then, the membrane is bonded on a
glass or PDMS dish and bonded to the prestretched actuators. When the elastomer is removed
from the substrate it doesn’t form a flat surface, as shown in Figure 8-5 (a). Therefore, the
elastomer is first bonded to the plastic ring using a double sided tape and removed from the

polyimide substrate and then again placed on the substrate to show that the membrane is not
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perfectly flat. The creases on the surface will inhibit the bonding to the prestretched layer and
jeopardize the microscopy. To solve this issue, the membrane is slightly (10 %) biaxially
prestretched before bonding. The membrane is transferred from the plastic ring and attached to
the rods on a biaxial stretcher using double sided kapton tape. Then, the metallic rods on the
stretcher are moved apart mechanically to add 10% biaxial prestretch to the elastomer (Figure
8-5 (b)). Next, a glass dish or a molded PDMS dish is bonded on the prestretched membrane
using stamp stick method [132]. A thin layer of RTV 734 glue is casted on a glass cover slip, and
the glass or PDMS dish is stamped on it and placed on the prestretched membrane letting the
intermediate PDMS layer to cure at room temperature for half an hour (Figure 8-5 (c)). The
prestretched membrane suspended on the dish is separated from the prestretcher and bonded on

the actuators with the same stamp-stick method, as shown in (Figure 8-5 (d)). Plasma O, can

effectively replace the stamp-stick bonding techniques mentioned above.

Figure 8-5- Fabrication steps to bond the passive layer on the actuators; (a) the casted membrane is
transferred to a plastic ring. With no prestretch in the membrane, the elastomer is not flat. (b) The
elastomer is transferred from the plastic ring to a biaxial prestretcher by sticking it to the metallic
movable rods. The membrane is then biaxially prestretched for 10 % by mechanically moving the metallic
rods apart from each other. (c) A PDMS molded dish is bonded on the prestretched membrane using the
stamp-stick technique. (d) The suspended passive layer on the PDMS dish is bonded on the actuators.

It is important to consider that the high voltage electrode on bottom layer of the elastomer should
be along the prestretched direction while clamping the PCBs. This arises from the existing
electric field along the high voltage electrode (E, in Figure 8-6 (a)) when the top electrode is
grounded with the conductive liquid. Due to this electric field, the membrane along the high
voltage electrodes expands in the softest direction. If the high voltage electrode is perpendicular

to the prestretch direction like Figure 8-6 (b) the expansion of the electrode resist the expansion
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of the membrane on the actuators and decrease the actuators’ strain. To avoid this phenomenon,
the high voltage electrodes should be along the prestretch direction to not influence the actuation

strain on the actuator, as shown in Figure 8-6 (c).
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Figure 8-6- (a) Schematic cross section of the double layer actuator. When the top electrode (conductive
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liquid) is grounded, the electric field along the high voltage electrode is E, (b) If the high voltage
electrode is patterned perpendicular the prestretch direction, expansion of the membrane on the HV
electrode resists the expansion on the membrane. (c) The HV electrode should be patterned along the
prestretch direction to not decrease the actuation strain on the actuator.

In Figure 8-7 (a), the fabricated array of 25 100 um x 100 um dielectric elastomer actuators is
shown. Each group of 5 actuators can be operated at a different voltage or frequency allowing
high throughput studies. The double layer actuators are shown in Figure 8-7 (b), where the cells
are cultured in the glass dish. The conductive cell growth medium is connected to zero voltage to
eliminate the chance of reaching the electric field to the cells. A small lid is placed on the glass

dish to avoid contamination while the cells are cultured and incubated.
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Figure 8-7- (a) The fabricated prototype of arrays of 25 100 um x 100 pm dielectric elastomer actuators.
(b) Double layer cell stretching device; the cells are cultured in the glass dish and the cell growth medium
is grounded to eliminate the chance of approaching the electric field to the cells through the air. Each
group of 5 actuators can be actuated independently at a different voltage or frequency.

8.5. Operating in conductive liquid

Cells regulate their biochemical responses over a time scale of a few minutes to a few hours for
periodic strains [2, 3]. During this time period, the cells should be incubated in sterile living
conditions; covered with cell growth medium at 37°C temperature and 5% CO,, which is
required to adjust the pH of the cell growth medium. In our cell stretching device that the cells
are stretched with the flexible actuators to which they are attached, it is required that the
actuators can operate in liquid environment for at least a few hours. Dielectric elastomer
actuators normally have a short life time when they are exposed to conductive liquid. Typically,
the ions diffuse in the elastomer leading to break down at lower working cycles compared to the
DEAs operating in dry environment. Kornbluh et al. investigated the life time of VHB based
DEAs operating at different humidity ratios and strain rates [85, 143]. They have observed two
orders of magnitude higher working cycles for the devices operating in dry conditions compared
to the ones operating in open air. At 100 % relative humidity, the devices have failed after 3000
of cycles at 42 V/um and after 5 cycles at 64 V/um. In our lab, the break down strength of
Sylgard 186 was measured after immersing the elastomer in salt water for few hours. The
elastomer was taken out from the liquid, dried and then the breakdown voltage was measured.

We observed no degradation in breakdown strength of the elastomer. However, when the
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actuators operate exposed to conductive liquid, the ions diffuse in the elastomer and decrease

their life time.

In the first generation of cell stretching devices, my device failed by an electric breakdown after
30 minutes of operating at 1 Hz frequency (1800 cycles) when salt water was used as the top
electrode [68]. In the second generation of the cell stretchers, the actuators are coated with a 25-
30 pum thick passive PDMS layer, allowing higher working cycles. However, since the
conductive liquid (cell growth media) has to be grounded to eliminate the approaching electric
field to the cells, a considerable electric field still exists along the high voltage electrode (E,), as
shown in Figure 8-8. This electric field is lower than the actuation electric field of the actuators

by the ratio of the thickness of the active to the thickness of the total thickness (t;/(t;+ty)).

(b) (section A-A)

Figure 8-8- (a) schematic of the 2™ generation of cell stretching device. (b) Cross section along A-A; The
electric field is maximum on the actuator at the intersection of the high voltage and ground electrode. The
electric field is zero on top of the actuator and is equal to V/(t;+t,) elsewhere along the high voltage
electrode.

To study the life time of our device operating in conductive liquid, a device is prepared with a 25
pm thick Sylgard 186 membrane prestretched uniaxially by 165% ratio. After patterning the
electrodes, a 26 pm thick membrane made of RTV 734 is bonded on top using a stamp stick
method [132]. Then, salt water is poured in the culture dish shown in Figure 8-7 (b) and high
voltage is applied to the electrodes. Since our culture dish is only 20 mm in diameter, the liquid
forms a lens shape due to surface tension between the liquid and the glass walls, which leads to
distorted images recorded from top using an optical microscope, as shown in Figure 8-9 (a). For
these measurements, a piece of transparent Pyrex plate is used to flatten the liquid enabling clear

images required for image processing to measure the actuation strain, as shown in Figure 8-9 (b).
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(a) (b)

Figure 8-9- (a) Distorted images due to the lens effect of the liquid in the cell growth dish on the actuators

when looking from top using an optical microscope. (b) A transparent Pyrex plate is used to flatten the
liquid enabling clear images to be recorded.

The actuation strain of one of the actuators at 3.8 kV and 1 Hz is measured and plotted in Figure
8-10. The actuation strain is increased initially and then decreased to the initial strain after 1
hour. Afterward, the strain remained constant till hour 5.5 and finally degraded to half of the

initial actuation strain after 8 hours of actuation.
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Figure 8-10- Actuation strain of an actuator operated at 3.8 kV and 1 Hz while covered with grounded

conductive liquid on top measured over time. The actuation strain degrades to half of the initial strain
after 8 hours of operation (29040 cycles).

To fully understand the mechanism behind this strange behavior, more experiments should be

performed. I speculate that diffusing the ions in the elastomer modifies the stiffness and/or the
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permittivity of the elastomer leading to the observed variation of the actuation strain over time.
To enhance the life time of the device operating in conductive liquid, the most effective method
is to find or develop an impermeable elastomer for the passive layer. It is also recommended to
deposit a 100 nm thick Parylene layer on the PDMS membrane and later etch this layer away
with plasma O;. It has been reported that this procedure caulks the PDMS pores and thus seals

the membrane without stiffening it [136].
8.6. Biological experiment

In our initial assay to stretch living cells using our device, we randomly cultured myoblast cells
on the membrane. We let the cells rest on the membrane for a day to well expand and adhere on
the membrane and then stretched them for four hours with a periodic strain at 1 Hz. First, I

describe the protocol for the biological experiment and then discuss the results.

First, the top membrane and the culture dish are sterilized by filling the dish with 70% ethanol
and empting it after 10 seconds. Then, the membrane is washed with PBS (phosphate buffered
saline) for three times. The ethanol should not remain on the membrane for a long time as the
PDMS membrane takes up the alcohol and swells. The resulting internal stress then breaks the

prestretched membrane.

A thin layer of extracellular matrix, Collagen I (Gibco®, Invitrogen Corp, USA), is coated on the
elastomer to enhance the adherence of the cells to the PDMS membrane. To improve uniformity
of this layer, the PDMS membrane is exposed to UV for one minute in the cell culture hood to
render the surface hydrophilic. Then, 5 pg/cm? is coated on the membrane following the protocol

recommended by the manufacturer [144].

C2C12 mouse myoblast cells are detached from their initial flask and transferred to the device
and covered with 1 ml of cell growth media containing 79% DMEM high glucose (Gibco®,
Invitrogen Corp, USA [142]), 20% fetal bovine serum and 1% penicillin and streptomycin. The
culture dish is covered with a lid allowing oxygen in and prohibiting the contamination from the
cells. The cells are incubated at 37°C and 5% CO, for a day to let them expand and adhere well

to the membrane.
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High voltage is applied to the bottom electrode and the top electrode and the cell growth medium
are grounded. Since the elastomers used in fabrication of the device are transparent and ion-
implantation leads to semi-transparent electrodes, it is possible to image the cells live while they
are actuated. The rigid PCBs required to connect to the electrodes and to fix the prestretch of the
elastomer are carefully designed to be in the working distance of conventionally used inverted
microscopes. Figure 8-11 shows the cells that are randomly cultured on the device. One of the
cells is placed on one of the electrodes. The cell is well attached to the membrane and is

stretched when the membrane expands by applying 4.2 kV to the electrode.

Figure 8-11- Cells are randomly cultured on the device. One cell is adhered on the high voltage electrode
and stretched with the membrane when 4.2 kV is applied to the electrode.

The device is then put back in the incubator and operated at 4.2 kV for four hours. Each actuator
is named to be able to monitor the cells performance before and after actuation. Figure 8-12
shows the images taken before and after actuation for four hours at one Hz on two of the
actuators (C3 and B2). The images are recorded in the differential interface contrast (DIC) and

the phase contrast modes and are shown in two consequent rows.

The cells are healthy after 4 hours of operation at 4.2 kV and some of them have even divided
during this period. Also the device had well operated in the required living conditions for cells at
relatively high humidity and temperature, while covered with conductive cell growth medium.
To quantitatively study the biochemical response of the cells in response to the applied
mechanical strain with the device, more detailed experiments should be carried out with defined

protocols.
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Figure 8-12- Images recorded on actuators C3 and B2 in the DIC and phase contrast mode are shown
before and after 4 hours of actuation at 4.2 kV at 1Hz.
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8.7. Conclusion

The 2™ generation array of DE microactuators was further developed to fulfill the requirements
for a cell stretching device. Biocompatibility of the elastomers used in the fabrication was tested
and proven, and a solution to eliminate the possible approaching electric field to the cells was
discussed. A reproducible fabrication process with a high yield for developing DEA based cell
stretchers on highly prestretched elastomers was developed. The life time of the device operating
in conductive liquid at 3.8 kV and 1 Hz for 8 hours was investigated. The actuation strain
remained around the same level between time 1 hr and 5 hr, which is a great progress compared
to the first generation of cell stretching device. Finally, cells were grown and stretched on the
device at 4.2 kV. The cells were healthy after 4 hours of operation and the device had well
operated in the required living conditions for cells at relatively high humidity and temperature.
To quantitatively study the biochemical response of the cells to the applied mechanical stretch,

more detailed experiments should be carried out with defined protocols.
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9.1. Summary

In this chapter, I summarize the main achievements of this thesis and present an outlook for the

future research in this field.
9.2. Main achievements

I have successfully developed a high throughput cell stretching device based on dielectric
elastomer actuators that addresses the limitations of the available cell stretching devices. Arrays
of microactuators are integrated in the cell growth culture plate and can selectively stimulate
different cells with various strain levels. The actuation strain is adjustable with the applied
voltage simplifying the integration of many actuators in the same device without complexity of
other techniques such as the pneumatic actuation. The actuators are miniaturized to 100 pm x
100 pum to stretch isolated or small colonies of cells. Moreover, the actuation strain generated by
in-plane DE microactuators is uniform allowing stretching single cells with a predefined and

uniform strain.

I have developed two generations of uDEA arrays. The first generation consists of 100 um x 200
pum actuators on a non-stretched PDMS membrane with patterned ion-implanted microelectrodes
bonded on a Pyrex chip with etched trenches. The conceptual design, finite element simulation,

fabrication and characterization of the actuators have been presented. Up to 5% uniaxial strain
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can be generated with this device allowing to stretch the cells from stiff tissues with relevant
biological strains and frequencies. The actuation strain is enhanced up to 80% in the second
generation of cell stretchers by taking advantage of hyperelastic behavior of the dielectric
elastomers. The elastomeric membrane is uniaxially prestretched 2.75 times its initial length
stiffening the membrane in the prestretched direction and allowing large deformation in the
transverse direction. A 25-30 um thick passive layer is bonded on the actuators to increase the
life time of the actuators while operating in conductive cell growth medium and to avoid short
circuiting of the actuators. Up to 37% strain can be generated with this generation which amply
meets the required relevant biological strain for all cell types. I further developed the second
generation actuators to develop a chip scale (4 cm x 4 cm) cell stretching device that easily fits in
the conventional incubators and can be used for live microscopy using the traditional inverted
microscopes. Finally, myoblast cells were cultured on the device and stretched at 4.2 kVs for 4
hours. The cells were clearly stretched with the substrate when the voltage was applied. They
were healthy after 4 hours of actuation, proving that the device is well compatible with biological
experiments. Moreover, the device had well operated in the required living conditions for cells

meaning at 37°C and high humidity covered with conductive cell growth medium.

Table 5-1Table 9-1 compares the developed cell stretcher in this thesis with the commercially
available and the laboratory developed cell stretching devices. The commercially available cell
stretchers have Cm” stretching area much too large to monitor single cell response. They also
suffer from low throughput as only a specific mechanical stress can be applied to all groups of
cells. Several researchers have introduced new approaches to address the limitations of the cell
stretchers by either increasing the throughput or miniaturizing the actuators to stretch isolated
cells. Up to now, there is only our device that can stretch arrays of isolated cells with a high
throughput with uniform mechanical strain at relevant biological frequencies and strains.
Moreover, our device is chip scale and portable that can fit in the conventional incubators. The
membrane is also transparent and the ion-implanted electrodes are semitransparent making it
possible to observe the cells through the membrane using conventional inverted microscopes.
Furthermore, thanks to the in-plane actuation strain, the cells remain in the focal plane during

stretching facilitating the live microscopy of the cells.



Chapter 9 Conclusions 110
Table 9-1- Performance comparison of the existing cell stretching devices
) Stretch Strain ) Max
Authors | Throughput Size ) ) . Max strain
isolated cells | uniformity frequency
Flexcell INC Low Cm’ No 33%
[25]
Strex [26] Low Cm’ No Yes 20% 1
Kamotani et High ®1.7 mm No No 30% 5
al. [33] (elongation)
Simmons et High 1.0 mm No Yes 10% 1
al.[38]
Moares et High 500 um No Yes 26%
al.[37]
Zhao et al. Low 200 pm No No 8.5% 0.1
[35]
Sarrel et al. Low Single cell Yes Yes >20% ~250 Hz
[27]
This work High 100x100 Yes Yes 37% 20 Hz
pm?

In this thesis, I have also provided theoretical guidelines for enhancing the actuation performance

of silicone based dielectric elastomer actuators, which paved the path towards developing the

uDEA array meeting the requirements for cell stretching application. The theoretical analysis is

targeted to castable dielectric elastomers such as silicones that are polymerized after casting to

make membranes of any desired thickness. When the thickness of the elastomer is decoupled

from the prestretch ratio, it is more effective to select a thinner membrane rather than highly

prestretching which unnecessarily stiffens the elastomer and deteriorates its performance. By

theoretical and experimental means, I have shown that uniaxial prestretching is an effective

technique towards large actuation.
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It should be mentioned that a provisional patent is filed on the high throughput cell stretching
device based on DEAs and the material presented in this thesis has been published in 3 Journal

articles and 4 Conference proceedings as listed in list of publications.

9.3. Future outlooks

Now that the preliminary biological experiments confirm that the device is compatible with
biological experiment, it is time to perform more quantified biological experiments and study the
cells’ response to the applied mechanical stimulation. Further engineering development is
required till a biologist can use it independently. The life time of the actuators operating exposed
to conductive liquid needs to be improved by finding/developing an impermeable passive layer.

It is ideal to have reproducible and repeatable week-long actuation.

For the first generation of cell stretcher, I have shown consistent actuation strain on the actuators
of one device (see Figure 6-17). For the second generation, operating in the large deformation
regime after the peak of voltage-strain curve (refer to section 4.6 or Figure 4-10 for example) a
slight change in voltage or material properties leads to significant difference in actuation strain.
Therefore, it is required to carefully control and homogenize the material properties, the
prestretch state, and the stiffening impact of the electrodes on all the actuators to achieve
consistent actuation strain on the device. Although low-energy metal ion-implantation allows
patterning microelectrodes (< 100 um wide) with stiffening impact of less than 2, the stiffening
impact of the ion-implanted electrodes is nonlinearly dependent to the ion-dose; around the
percolation threshold, a slight difference in the dose leads to a large difference on the stiffness
(Figure 5-8). Furthermore, the ion-dose degrades during one implantation cycles due to several
known and unknown reasons such as the source wear. To control the ion-dose and the stiffness
of the ion-implanted electrode, additional hardware should be added to the implantation chamber
to monitor the sputtered dose of the beam, in real time, and to compensate for the dose

degradation if necessary.

As an alternative and more reliable approach than modifying the implanter, I recommend
patterning carbon-based electrodes, which have negligible stiffening impact on the elastomer.
Using a commercially available pad printer I have patterned compliant electrodes as small as 150

um in width. For a cell stretching device, carbon-black should be replaced with carbon
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nanotubes or a mixture of them to develop semi-transparent electrodes required for microscopy

of the cells using inverted microscopes.

Following the theoretical guidelines given in Chapter 4, devices with uniaxial and biaxial
actuation strain can be developed by prestretching the elastomer in different modes to investigate
the cell response to various types of mechanical stimulation. Moreover, by patterning compliant
electrodes with different geometries, single cell sized actuators together with mm-size actuators
can be integrated on the same device to distinguish the effect of mechanical stimulation on a

single cell or on a group of cells in one experiment.

Due to the ms response of the actuators, the actuators can also be used to apply a mechanical

impulse to the cells to simulate e.g. brain injury in accidents or explosions.

Incorporating a self-sensing mechanism in the device is another interesting feature that enables
precise and real-time measurement of the sensed strain by the cells. Deformation of the actuators,
leads to change in the electrodes’ resistance and also the capacitance between the two compliant
electrodes, which could be used as a feedback for indirect measurement of the strain. To make a
resistance sensor, degradation of the compliant electrodes should be investigated and calibrated,
while the capacitive sensor requires precise noise-free Pico-farads measurement. It would be
particularly exciting to measure the force exerted by the cells in response to e.g. drugs as a high
throughput diagnostic tool or to measure the evolution of the cell stiffness over the actuation

period to study the cell differentiation.
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Appendix: Internship at Harvard University

I had the opportunity to join Weitzlab at the school of applied engineering of Harvard University

from April to October 2012. Here, I will briefly discuss the research I carried out during my visit.

I developed a droplet based microfluidics for high throughput encapsulation of single cells in
alginate microparticles with high cell viability. Then, I used this system for high throughput

screening of antigen-specific antibody secreting cells.
Cell-encapsulation in Alginate microparticles

Cell encapsulation in hydrogel microbeads has promising applications in tissue engineering,
regenerative medicine and cell-based drug delivery [145-150]. Encapsulated cells can secrete
therapeutic proteins in response to an external stimulus over an extended time period to treat
various diseases including renal failure and diabetes [151, 152]. In cell transplantation therapy
for ischemic heart diseases, while direct injection of cells results in limited cell survival,
encapsulation in hydrogels improves cell growth and transplantation efficiency [153, 154]. Of all
hydrogels, alginate is one of the most suitable biomaterials for cell encapsulation due to its
biocompatibility, biodegradability, similarities to the natural extracellular matrix, and ease of
gelation[155]. Alginate is a naturally derived polymer which can physically cross-link with
divalent ions to provide an ideal three-dimensional scaffold for cells that allows bidirectional

diffusion of nutrients and waste products.

Alginate beads are typically produced by ejecting drops of alginate solution into a bath of
divalent ions resulting in millimeter-sized polydisperse beads [156-158]. As carriers of drugs,
proteins or cells, it is crucial to precisely control particle size, monodispersity and generation
frequency to perform high throughput studies in a quantitative fashion and at low cost. To
address this need, droplet-based microfluidics offers a powerful method to produce

monodisperse alginate microdroplets [159-164].

I developed an improved droplet-based microfluidic device for encapsulation of mammalian
cells in monodisperse alginate microparticles of 26-41 um diameters with high viability. I

encapsulated antibody-secreting hybridoma cells (9E10 cell line) and mouse breast cancer cells
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(M6C cell line) within alginate microparticles. Droplets containing the cells and CaCOs;
nanoparticles as gelation agents are shown in oil prior to gelation (Fig. 1 (a)), and microparticles
containing cells after gelation and transfer to cell growth medium are shown in Fig. 1 (b). To
evaluate cell viability, the cells are stained with calcein AM (live stain, green) and ethidium
homodimer (dead stain, red). Over 84% of the cells from both cell types were viable when

assayed immediately after the encapsulation and washing process.
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Fig. 1. (a): Bright field image of 35 pm alginate droplets in oil, prior to gelation. Droplets contain cells
and CaCOj; nanoparticles. (b): Confocal microscopic image of the encapsulated cells inside the alginate
microparticles after gelation and transfer to cell growth medium. Green fluorescence represents live cells
stained by calcein AM. (¢): Percentage cell viability determined from the fraction of live cells. The scale
bars are 25pum.

An article is written on the encapsulation technique and will be submitted soon.
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High throughput screening of target-specific secreting cells

After successful encapsulation of mammalian cells in alginate microparticles, I used this

technique to screen the antigen-specific secreting cells.

Screening single cells secreting target-specific antibody is the first step to produce monoclonal
antibodies that are becoming the fastest growing class of human therapeutic. Antibodies can bind
to specific target proteins or cells and stimulate the immune system to attack those cells or

pathogens.

We introduced a novel technique to functionalize the hydrogel microparticles (patent pending) to
entrap the antigen-specific secreted antibodies. I encapsulated two different antibody secreting
mouse hybridoma cell lines (TNF-a and 9E10) in 40 um diameter alginate particles. 9E10 cell
lines are labeled with CMRA orange dye before encapsulation as shown in Fig. 2 (a) and (b).
Protein molecules binding specifically to the secreted TNF-o antibody are labeled with a green
fluorescent molecule and encapsulated in all the particles initially. After washing the particles
after incubating the cells for 2 hours, to allow enough antibody secretion, only the particles
containing TNF-a cells are labeled as green meaning that they secret the antibody against the

target molecule as shown in Fig. 2 (c).

Fig. 2- Screening of target-specific antibody secreting cells. (a) Two different mouse hybridoma cell lines
secreting different monoclonal antibodies are encapsulated in hydrogel microparticels. (b) The 9E10 cells
are labeled as red before encapsulation. (c) Only the particles containing the TNF-a cells secreting against
the green antigen have retained the green color.
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