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In this work, a low power and robust electroactive microwell-based implantable drug delivery

system, intended for use with autonomous microsystems, is presented. The device comprises of an

upper silicon based structure in which the drug storage sites are defined and a lower electrically

functionalized PDMS (polydimethylsiloxane) backing. The drug ejection mechanism developed

here exploits localized electrokinetic effects to control both the release time and release rate of

chemicals stored in independent well sites. It is shown how this can reduce the dosage time from

hours to seconds over previous diffusion based approaches, using as little as 20 mJ of energy per

dose. This paper focuses on presenting the design and characterizing the electrokinetic transport

mechanics which govern the release time and dispersal pattern of the well contents using a series of

experimental and numerical techniques.

Introduction

Autonomous microsystems can be defined as ‘‘systems,

enabled through microfabrication technology, that function

of their own accord with the ability to interpret and interact

with their environment’’. Recent developments in micro-

electro-mechanical-systems or MEMS1,2 component-level

technology (including power generation,3 energy storage,

communications, sensing, and subcomponent assembly) have

brought the development of such systems closer to a reality.

While many of the initial thrusts into this field were directed

towards autonomous sensor networks,4 the integration of

bioMEMS5–8 and microfluidic elements9–12 in these types of

devices is increasingly finding application to in vitro and, in

particular in vivo, medical devices (mostly through various

‘‘smart-pill’’ type technologies).13,14 While such systems are

becoming increasingly functional, their primary use remains

diagnostic rather than therapeutic. One of the limitations of

these devices, and all autonomous microsystems, is that the

power load is relatively large compared with the amount of

energy available from current battery technology. This tends

to significantly limit the lifetime of the device.

Oral, nasal, intravenous, pulmonary and transdermal

methods represent the traditional and often preferred routes

for drug delivery. Broadly speaking, the advantage of the

former of these is its relative simplicity, while the later methods

have been developed to enable more rapid delivery and better

specific organ targeting.15 The advantages that emerging

MEMS based implantable drug delivery systems offer over

these conventional methods are controllability (i.e. the ability

to autonomously deliver very precise doses, either periodically

or in response to a sensor event), delivery speed and micro-

scopic localization.16,17 Such capabilities could have significant

impact on future human health.18

Current implantable drug delivery systems19–21 can be

categorized as either passive or active.16 Passive systems are

based on chemical release beginning immediately after

implantation (either through a diffusive processes or mechani-

cal pumping) and continuing until the ‘‘on-board’’ dose is

depleted. Though this offers control over the total dose,

neither the delivery timing nor its rate can be manipulated by

the physician, patient or the system itself.16

One of the first experimental demonstrations of an active

drug delivery was described by Santini et al.22–24 In their

system, an array of individually sealed reservoirs were

fabricated on a silicon microchip and filled with a series of

different chemicals. The system could then be implanted and

the contents of each reservoir released by applying an external

electric potential (which induced electrochemical dissolution of

the gold sealing membrane). This active control over the

delivery timing and dosage can have a significant effect on its

therapeutic efficacy in that the specific drug and its dosage can

be released rapidly in consideration of the patients’ current

condition. Such systems have the advantage of a relatively

simple construction, requiring only low voltage electrical

actuation as opposed to mechanical pumping.

Drug release from self-contained reservoirs rely on a

diffusive transport mechanism. This allows for continuous

releases of contents over an extended period of time, which

could take several hours to days depending on the diffusion

coefficient of the chemical.22–24 Thus, while the dose initiation

time can be manipulated, the delivery rate remains fixed to this

relatively slow rate. In certain cases it is desirable to possess

greater control over the release rate to allow for a more rapid

dosage (in order to better respond to the patient’s condition)
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or to better mimic a physiological release profile. For example,

insulin and other hormones are well-known to be secreted by

the body in a pulsatile manner. Deficiency in hormones of the

anterior pituitary gland, such as thyroid stimulating hormone,

growth hormone, luteinizing hormones regulated by the

hypothalamus may lead hypothyroidism (insufficient produc-

tion of thyroid hormone), hypoglycemia/dwarfism (inadequate

production of growth hormone) or hypogonadism (failure of

gonadal function). Pulsatile administration of small volumes

of thyroid releasing hormone, growth hormone releasing

hormone24 and gonadotropin releasing hormone24 can help

the severity of these deficiencies.

In this work, we present an electroactive microwell25 based

drug/chemical delivery system which provides this active chip

control over the delivery rate, timing and speed without the

need for significant additional on-chip architecture or large

power consumption. A series of single and multiple well chips

were fabricated, all of which used the two component

construction. As shown in Fig. 1, the silicon layer contained

the drug well(s) and the upper set of electrodes, while the

PDMS layer served to seal the well and hold the lower

electrode. The device structure is a modification of that

presented by Santini et al.,22 exploiting the same electro-

chemical dissolution technique to expose the contents, but

incorporating electrical functionality onto a flexible PDMS

backing to enable control over the electrokinetic transport. As

will be described below, the technique is based on exploiting

highly localized electrokinetic transport to rapidly exchange

the contents of the well with the external environment. This

allows for a controlled reduction in the total dosage time to

seconds rather than hours, as will be demonstrated. Here we

focus on presenting the overall design and construction of the

device, and detailing the delivery rate and drug dispersion

pattern as a function of the strength of the applied electric

field. A detailed 3D finite element analysis of the transport

dynamics of the system is conducted in order to better

understand the governing mechanisms behind the ejection

process. As alluded to above, this device is designed for use

in autonomous microfluidic systems and thus a detailed

analysis of the voltage, power and energy requirements is

also conducted.

Materials and methods

In this materials and methods section we begin with a detailed

description of the device fabrication and assembly procedure

(a detailed process diagram of the fabrication and assembly

procedure is also included in the electronic supplementary

information{). The final two subsections describe the device

operation and experimental procedure.

Microfabrication

In our device we have used double side polished, (100) n-doped

silicon wafers with a thickness of 500 mm. In general, thicker

wafers were preferred in order to maximize the well volume.

To fabricate the devices, we first used low pressure chemical

vapour deposition (LPCVD) to deposit a 200 nm thick layer of

silicon nitride on both sides of the wafer. 760 mm squares were

then reactive ion etched into the back side silicon nitride layer

defining the eventual location of the wells. Following this, a

300 nm layer of gold was evaporated and patterned using

image reversal contact lithography process on the top surface

to form the electrode leads and well membrane. A polyimide

(Durimide1) passivation layer was then deposited on the

topside of the wafer, which served to electrically isolate the

electrodes from the electrolyte solution during membrane

dissolution. The passivation layer was patterned using an

aluminium mask and oxygen plasma etching process, so that

only the eventual location of the membrane and surrounding

C-shape gold features would be exposed to the solution (see

Fig. 2c). The microwells were then defined by immersing the

wafer in KOH for roughly 8 h. During this process, the

exposed silicon was etched along the crystal plane, resulting in

the square pyramidal shape shown in Fig. 1a. Lastly, the

remaining nitride on the backside of the wafer and underneath

the gold membrane was etched by reactive ion etching. The

resulting drug wells were 760 mm square at the base and 52 mm

square at the top, resulting in a total cavity volume of

approximately 100 nL.

To create the lower gold patterned PDMS layer we used a

similar technique to that described by Lee et al.26 100 nm thick

gold features were first patterned on a silicon substrate. After

the gold features were created, an MPTMS (3-mercaptopro-

pyl-trimethoxysilane) film was deposited onto the top surface

of the wafer using molecular vapour deposition (MVD). The

MPTMS layer served as an organic adhesion layer aiding with

the transfer of the gold features from the silicon wafer to the

Fig. 1 (a) Schematic representative section of an electroactive

microwell drug delivery system developed here. Inset: cross sectional

view of the system. (b) Fabricated and assembled device with electrical

leads connected to thin copper wires.
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PDMS.27 After surface modification, a 5 : 1 (base : linker)

mixture of PDMS was spin coated at 100 rpm for 30 s onto

the wafer to a final thickness of approximately 580 mm. The

PDMS was then cured at 80 uC for 90 min and the final

structures were cut out of the mold (Fig. 2d).

Microchip assembly

The microwell reservoir was filled with a phosphate buffered

saline (PBS) using 36G blunt syringe (NanoFil
TM

, World

Precision Instrument). A PBS buffer solution concentrated

such that it had a similar chloride ion concentration to

that found in human sera28 was used here. For the flow

visualization experiments, 1.9 mm fluorescent polystyrene

microspheres (Duke Scientific) were added to the PBS

solution. Once filled, the upper (silicon) and the bottom

(PDMS) substrates were placed in conformal contact with each

other and bonded together.

The use of a PDMS substrate greatly facilitated robust

sealing of the device. In general, as long as wells were not

overfilled, the conformal contact the PDMS formed with the

polished bottom of the silicon microchip was sufficient to

ensure a watertight seal. Significant overfilling of the wells

tended to result in bursting of the gold membrane when the

PDMS backing was applied. This is a result of the liquid being

largely incompressible and thus very little overfilling was

required in order to increase the internal pressure above that of

the membrane burst pressure. To avoid this here, we slightly

under filled the wells (leaving a small compressible air pocket).

Detailed device operation

Device operation occurs in two stages. As shown in Fig. 2a,

in the first stage the potential is applied between two

electrode pads on top of the microchip serving to electro-

chemically dissolve the membrane,29 exposing the contents

to the external environment (this was similarly demonstrated

by Santini et al.22). To electrokinetically eject the contents

from the well, in the second stage a potential field is

applied between one of the upper electrodes and that on the

PDMS at the bottom of the well, as illustrated in Fig. 2b.

The application of this DC voltage (between 3–4 volts)

over the relatively small wafer thickness results in extremely

high electric field strength (just under 105 V m21) localized

in the well.25 As will be characterized in detail below, the

resulting electrokinetic transport dramatically reduced the

amount of time required to eject the contents of the well over

diffusive transport22–24 (from hours to minutes) with very

little energy consumption. In all cases a Hewlett–Packard

6234A dual output power supply was used to apply these

potentials and a Keithley 236 SMU (Source-Measure Unit)

was used to record the current load. The transport of the

microspheres was recorded using Unibrain Fire-i
TM

software

and a Sony XCD-X710 camera.

Biocompatibility

Although the focus of this paper is on device design and

transport analysis, it is important to briefly discuss the

biocompatibility of the architecture introduced here. In a

recent paper, Voskerician et al.30 reported on the in vivo

biocompatibility and biofouling of many of the fabrication

materials used here (i.e. gold, silicon nitride, silicon) in the

context of similar microsystem drug delivery devices. In

general, it was found that of these materials, silicon was

the least biocompatible, though it can undergo a number of

simple surface passivation processes, such as silanation, to

improve its performance. For the remaining materials used

here, Richardson et al.31 and Belanger and Marois32 have

reported polyimide and PDMS respectively as exhibiting good

biocompatibility.

Results and discussions

The electroactive microwell drug delivery system described

here allows the well contents to be stored indefinitely until a

dose command is given, after which it can be rapidly released.

As mentioned above, the use of an electrochemical membrane

dissolution technique to expose the contents of a microwell to

the external environment was previously demonstrated by

Santini et al.22 In the following two subsections, therefore, we

focus on characterizing the novel aspects of the device reported

here, namely, the electrokinetically enhanced ejection and low

power operation consumption.

For completeness, however, we report that for our device

a 5.0 V dc bias was applied between the upper electrodes,

as shown in Fig. 2a, in order to initiate membrane dissolution.

At this potential, the resulting electrochemical reaction

required 6 to 7 s to release the membrane, exposing the

well contents to the external environment. Lower biases

resulted in much longer membrane release times. Further

details on the process are available in the ‘‘Power consump-

tion’’ section below.

Fig. 2 System operation. (a) Stage 1: to electrochemically dissolve the

membrane a potential is applied between the two upper electrodes. (b)

Stage 2: after dissolution to eject the contents, the potentials applied

between the upper electrode and the lower one on the PDMS. (c)

Magnified view of microchip from above looking at the region near the

membrane. Pale yellow regions (membrane and C-shape gold features)

are gold where the polyimide layer was etched. (d) An example of

gold–PDMS bottom substrate.
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Electrokinetically enhanced ejection

Immediately following dissolution of the membrane, the

applied potential field is switched to the configuration

shown in Fig. 2b (i.e. between the upper and lower electrodes)

and the resulting electrokinetic transport ejects the stored

contents from the well to the external environment. Time

lapse images in Fig. 3 illustrate the effect for the case of an

applied potential of 4.0 V using the fluorescent flow tracers

described above (see movie in the electronic supplementary

information{). As can be seen, the process results in an

approximately radial dispersal pattern. To characterize the

dispersal pattern as a function of applied potential, the

maximum dispersal radius was recorded as a function of

time for 3.0 V, 3.5 V, 3.75 V and 4.0 V, respectively. These

measurements were performed using a similar set of images to

those shown in Fig. 3, which were processed using ImageJ

(http://rsb.info.nih.gov/ij/) and a self-written MATLAB

routine (Mathworks, Natick, MA, USA). This range of

applied potentials was used as they represent an optimal

between expected ejection time25 and power consumption

(which will be characterized in the following section).

The results of these experiments are presented in Fig. 4a

and 4b, which show the dispersion radius and instantaneous

transport front velocity as a function of time for different

voltages. In all these cases the front was tracked to a distance

of 500 mm, limited by the field of view of our microscope.

As can be seen, there exists an extremely strong dependence

of the system dispersion on the applied electrokinetic

potential, with the 4.0 V case representing an average of a

15 fold improvement in both front velocity and dispersion

radius over the 3.0 V case. A detailed analysis of the super-

position and relative importance of the electroosmotically

induced convection and electrophoretic transport during the

ejection process is provided in the ‘‘Characterization of

electrokinetic transport’’ section below.

Fig. 3 Time lapse illustrating repulsion the ejection of 1.9 mm fluorescent polystyrene microsphere particles from an electroactive microwell. (a)

After dissolution of the membrane, the fluorescent particles can be seen in the well. White lines outline the gold electrodes features. (b)–(f) frames

taken every 2 s (total of 10 s) after application of a 4.0 V potential.

Fig. 4 (a) Dispersion radius vs. time for different applied potentials.

(b) Instantaneous front velocity as a function of time.
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The time required to empty the microwell of its original

contents is plotted in Fig. 5, again as a function of applied

potential. The well was determined to be empty when

fluorescent tracer particles could no longer be seen exiting

the well. As can be seen at 3.0 V, roughly 10 min was required

to completely exchange the contents, which was reduced to

just over 2 min at 4.0 V. Earlier diffusion based approaches

required several hours22–24 to completely eject the contents

and thus, for cases where rapid on-command chemical delivery

is required, this represents an improvement on the order of

approximately 130 fold.

As is apparent from the above, in addition to reducing the

overall ejection time, the electrokinetic technique also provides

a method for controllably modulating the delivery rate

through simple adjustment of the applied potential. While

some existing transdermal microneedle systems33 also posses

this capability, the simplicity of the fabrication, assembly

and operation (no fragile or moving parts nor complex or

pulsatile pumping procedures) suggest that this approach

may be more robust. The approach presented fuses the

advantages of microwell devices, in terms of simplicity and

storage stability, with the delivery flexibility afforded by

microneedle systems.

Power consumption

As mentioned in the introduction, one of the most significant

limitations to the development of autonomous microsystems

is the relatively small amount of energy which can be stored,

and voltage which can be generated, with existing battery

technology. As such, minimizing voltage, power and energy

requirements becomes a critical aspect of sub-component

design. The small distance over which the potential is applied

allows us to generate high field strengths (and therefore rapid

electrokinetic transport), without the need for large applied

potentials. To determine the power requirements and energy

consumption of both the membrane dissolution and electro-

kinetic ejection stages used here, a Keithley 236 Source-

Measure Unit was used to monitor the current load. Over the

course of the 7 s required to dissolve the membrane at an

applied potential of 5.0 V, an average power load of 3.70 mW

was recorded, resulting in 26 mJ of energy consumed. Fig. 6

plots the power load (a) and energy consumption (b) for the

same ejection voltages used in Fig. 4. The energy consumption

was obtained by multiplying the average power load (Fig. 6a)

by the time required to completely empty the well (Fig. 5). As

can be seen for 3.0 V, an average power load of 44 mW was

measured, resulting in a total energy consumption of 26 mJ.

By comparison, at 4.0 V the average power load was 497 mW,

resulting in 68 mJ of energy consumed. As can be seen from

Fig. 6b, which plots the total energy required to empty the well

as a function of applied voltage, there exists a clear minimum

of around 20 mJ in the region between 3.0 V and 3.5 V.

Note that this minimum is based on an interpolation of the

quadratic curve fit used in Fig. 6b. The lowest actual measured

power consumption was 22 mJ at 3.5 V. Although not optimal

for rapid delivery, this region would be the best operational

zone for low energy consumption. As can be seen from Fig. 6a,

the power load begins the increase quite dramatically after

3.5 V. This is partially due to the fact that power should vary

with the square of the applied voltage (for fixed resistance),

however, there is also likely additional effects which con-

tribute, like ohmic heating. Ohmic heating would serve to

Fig. 5 Time required to completely empty the contents of the

microwell as a function of applied potential.

Fig. 6 (a) Average power load during ejection process. (b) Total

energy consumed to completely empty the well using the times from

Fig. 5. The line through the data points in this Figure represents a

quadratic best fit.
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decrease the well’s resistivity and therefore increase the current

load on the system, resulting in a larger than squared

dependence on applied voltage. The minimum energy load

region observed here represents the regime before the power

load begins to spike and after the time required to empty the

well has begun to drastically decrease from that observed at

lower applied potentials.

For comparison, representative existing drug delivery dosing

actuation systems34 are shown in Table 1. As can be seen, they

typically require on the order of 100 s of mW for operation or

relatively high voltage. The device presented here represents a

good combination of low voltage requirements and power

draw. Based on these results the electroactive microwell system

developed here appears to be a good candidate for adding

drug delivery functionality to next generation autonomous

microsystems.

Characterization of electrokinetic transport

To characterize the various electrokinetic transport processes

involved in the ejection stage, a three-dimensional finite

element model (FEM) of the system was constructed.

The computational domain used here matched exactly

that shown in Fig. 1a, comprising of both the well and a

large exterior domain selected to be large enough to mimic

the external environment. For reasons that will be expanded

on later, the upper electrodes were also incorporated into

the model.

Details of the modelling procedures and general assump-

tions are available in earlier works40 and thus here we focus

on the specifics of this implementation. For the purposes

of this model, we assume that the solution’s electrical and

thermophysical properties are the same inside and outside the

well and thus the applied potential field, w, can be modelled

with a simple Laplacian

+2w = 0 (1)

Matching the experimental conditions as closely as possible,

cathodic potentials were applied along the upper electrode

and a ground (0 V) potential was set along the bottom of the

well. With the exception of the electrode domains, electrical

insulation conditions were applied along all other boundaries

(hw/hn = 0, where n is the surface normal). Fig. 7 illustrates

the potential field lines obtained from these simulations. All

calculations shown here and below were implemented using

the COMSOL finite element package.

The electroosmotic flow field, v, was computed by

solving the low Reynolds number incompressible Stokes flow

equations,

g+2v 2 +p = 0 (2a)

+?v = 0 (2b)

(where g is the viscosity and p is the pressure) subject to

electroosmotic slip, veo, conditions at the four walls of the

microwell and the top surface of the device. The slip velocity

was calculated using the Helmholtz–Smoluchowski equation

veo = 2efE/g, where e is the permittivity of the medium, f is the

surface zeta potential and E is the field strength (E = 2+w)

evaluated tangential to the boundary. For the purposes of

these simulations f = 260 mV was used, as has been reported

for silicon dioxide surfaces under similar electrolyte conditions

to those used in our experiments,39 due to the expected growth

of a native oxide layer on the silicon after exposure to air.

The remaining surfaces were assigned free slip (hv/ht = 0,

where t is the tangential to the surface), zero penetration

(v?n = 0) boundary conditions.

Transient species transport was modelled using the modified

convection diffusion equation,

Lc

Lt
~D+2c{ vzvep

� �
:+c (3)

where c is the local species concentration, t is the time and D is

the diffusion coefficient. The convective component from

eqn (3) comprises of both the bulk electroosmotic flow, v from

eqn (2a), and the electrophoretic velocity of the transported

species evaluated using vep = mepE, where mep is the electro-

phoretic mobility. For the polystyrene fluorescent micro-

spheres used here, the electrophoretic mobility was computed

using mep = ef/g with f = 240 mV.41

Fig. 8 shows a two dimensional cut view of the electrical

potential distribution and transport streamlines (v + vep)

during the ejection process. To better understand the ejection

process we consider two cases: Fig. 8a, pure electroosmotic

flow, and Fig. 8b, both electroosmotic and electrophoretic

components. From Fig. 8a it can be seen that the applied

potential induces a strong electroosmotic flow component very

near the wall, dragging fluid from the external environment

Table 1 Comparison of power consumption of dosing systems

Working principle Voltage/V Power/mW

Electrostatic micropump35 200 1
Thermo-pneumatic36 15 450
Magnetohydrodynamic micropump37 10 18
Bubble-type planar micropump38 40 1000
Ionic conductive polymer film
Micropump39 1.5 180
Electroactive microwell 4 0.5

Fig. 7 Computed electric field lines in electroactive microwell.
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into the well. This then displaces the contents of the well,

which is ejected through the middle of the outlet. The dragging

of the fluid from the external environment back into the well

is demonstrated experimentally in the second supplemental

movie (movie2.wmv).{ In this movie the motion of the

tracer particles back into the well is clearly illustrated,

suggesting the flow mechanism described above is qualitatively

accurate.

This is also illustrated in Fig. 9a, which plots the transient

convection–diffusion solution, eqn (3), in the well for a

species with a diffusion coefficient equivalent to that of the

polystyrene spheres used in the experiment and an applied

potential of 3.5 V. When the electrophoretic component is

included, Fig. 8b, the electroosmotic recirculation regions

become confined to an area very near the wall. This is

reflected in Fig. 9b, where the much more rapid ejection of the

contents is apparent, since the electrophoretic ejection process

dominates. Note that while the majority of the well contents

are emptied after 25 s, the electroosmotic flow tends to pull

back into the well some of the ejected species resulting in the

more concentrated regions along the wall, most evident in the

final two timeframes. This accounts for the experimental

observation that while the initial dispersion occurs quite

rapidly (Fig. 3), the amount of time to completely empty

the well is much longer (Fig. 5). Since these simulations

suggest that the majority of the contents are ejected during

the first 20 s to 25 s the empty times shown in Fig. 5 represent

an upper limit.

To further validate the numerical results, we compare the

dispersion radius measured experimentally with that obtained

from the simulations shown in Fig. 9b. The results are shown

in Fig. 10 for the 3.5 V case. As can be seen, the trends between

the two cases are very similar, with the numerical results

tending to over-predict the dispersion radius over the first 8 s

of the process. The reason for this is likely due to uncertainties

in the electrophoretic mobility of the polystyrene beads in the

buffer solution used here and an over estimate of the applied

potential (we ignored any potential drops along the leads or

at the solution–electrode interface). In general, however,

neither of these would affect the overall transport mechanisms

described above.

Fig. 8 Finite element simulations of the transport process. (a)

Transport streamlines for pure electroosmosis. (b) Streamlines when

all electrokinetic effects are considered. Colour contours show applied

potential ranging from blue (ground) to red (maximum potential).

Fig. 9 Finite element analysis of time-dependent species transport. Images show cut view of species concentration every 5 s up to 25 s after the

ejection process (a) electroosmosis only (b) electrophoresis and electroosmosis.
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Summary and conclusion

We have demonstrated here an implantable, low power and

rate controllable drug delivery device incorporating an

electroactive microwell structure. This approach serves to

actively repel the drugs inside the well using a combination

of electroosmotic and electrophoretic effects, which are

controlled through an electric potential applied between the

top and bottom of the well. The contents dispersal rate and

energetic consumption of the device were characterized

experimentally. It was found that the ejection process could

be completed in less than 2 minutes or using as little as

20 mJ of energy, both of which compared favourably to

the state of the art microsystems. Detailed 3D numerical

simulations were used to model the electrokinetic transport

involved in the ejection process. In addition to providing a

physical insight in to the transport mechanism, the simulations

revealed that the majority of the contents are ejected early

in the process.
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