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Abstract
Very few conventional micro-electro-mechanical systems as drug delivery devices have in-situ
dosage monitoring sensors, this thus brings inaccurate released dose, which results in either
inefficient pharmaceutical effects or over-dose induced side effects. In this work, we integrate a
low-cost piezoresistive sensor with an electrochemically actuated drug delivery device, and
investigate its dosage monitoring performance. Different from the conventional sensor
fabrication based on mixing conductive particles into liquid polymer, our proposed sensor is
constructed from solidified carbon ink film embedded in a polydimethylsiloxane (PDMS)
membrane, which can obtain an optimum tradeoff between the gauge factor and maximum
achievable displacement. An electrolytic reaction induces the electrolysis-bubble in the actuator
chamber with an increase in pressure, which causes displacement of the PDMS sealing
membrane. This provides the actuation force to deliver the drug solution. The displacement of
the PDMS membrane that determines the pumped volume of the drug solution is quantified
through a resistance change of the embedded piezoresistive sensor. We report a single pumping
volume of up to 7 µl, which is monitored by the resistance change ratio (∆R/R), ranging from
2% to 12% with a dosage sensing accuracy of ±6.5%.
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1. Introduction

Implantable drug delivery devices are gaining popularity for
use in various therapies [1], such as treatment for brain
tumors [2], prostate cancer [3], and anabolic osteoporosis [4].
As an important part of drug therapy, the drug concentra-
tion must be maintained within an effective therapeutic win-
dow [5], to reduce side-effects. Some potent drugs require
a precise dosage, for example, ∼300 µg of epinephrine
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is required to treat anaphylactic shock [6]. Moreover, the
flow rate of drug delivery devices must be consistent or
less than the flow rate of bodily fluids to reduce risks of
drug overdose to non-targeted cells. For example, the pre-
ferred flow rate of ocular drug delivery should be less than
2 µl min−1 [7], because the ciliary body of the eye produces
aqueous humor at a rate of 2.4 ± 0.6 µl min−1 in adults
[8]. Micro-fabricated, controlled release drug delivery devices
have addressed the dimensional requirements of implants [9,
10]; however, devices with integrated sensors that monitor the
actual dosage and flow rate have rarely been explored [11].
Previously, micro-electro-mechanical systems, based on an
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Figure 1. (a) Schematic exploded view of the pump showing major components: (b) cross-sectional view of the assembled pump showing
working principle; (c) the prototype of the thin PDMS membrane embedded with a conductive carbon ink layer and the actual functioning
part of the sensor; (d) the drug reservoir was simply fabricated from a PMMA board; (e) the assembled electrolytic actuator with a PMMA
sheet to hold the PDMS membrane; (f) layout of Nafion-coated Pt/Ti electrodes.

electrolytic actuator, was shown to delivery drug solutions
[5, 12]. Electrolytic mechanisms show significant advant-
ages in terms of low power consumption, high flow rate
(up to ∼142 µl min−1 [13]), and stability [14], when com-
pared to other actuations using magnetic [15, 16], electrostatic
[17], piezoelectric [18], electromagnetic [19], or osmotic [20]
mechanisms.

In this paper, we report a new electrolytic drug deliv-
ery device with an integrated dosage sensor. As shown
in figure 1, deformation of an elastic polydimethylsilox-
ane (PDMS) membrane caused by an electrolysis-bubble
induced pressure increase inside the electrolytic chamber,
which provides drug delivery actuation [5, 21]. The pumped
volume of the drug solution can be directly quantified via
the degree of membrane deformation. An ultra-thin sensing
film is embedded in the membrane, providing a signal output
that corresponds to the membrane deformation while driving
the drug solution. The transduction of the pressure sensor in
response to an external force (or mechanical strain) involves
a piezoelectric [22, 23], capacitive [24, 25], or piezoresist-
ive [26–28] mechanism. These transduction mechanisms have
their own merits, while the selection of a particular sensing
approach mainly depends on the target application [29–31].
For the purpose of diaphragm actuating the drug solution, the
membrane must be sufficiently elastic so that it can provide

a large achievable displacement under the electrolysis-bubble
pressure. Piezoelectric sensors that use a stiff piezoelectric
material layer [32] or that only work in dynamic tension
conditions [33] are not suitable. Capacitive sensors are made
of two parallel conductive electrodes and a compliant dielec-
tric layer that is placed between the two electrodes. Obviously,
this kind of sensor may not be sensitive to the displacement of
the diaphragm as the stretching over the surface of the elastic
membranewould dominate over the compression in the dielec-
tric layer.

A piezoresistive sensor has a simple design structure and
read-out approach [34]. It can provide high pressure sens-
itivity and quick responses [35], all of which are desired
features for the dosage sensing in the new drug delivery
device. Unfortunately, piezoresistive materials are usually
stiff, which can reduce the flexibility and elasticity of the
final membrane after it is integrated with the piezoresist-
ive sensor. Considering that diaphragms must be stretchable
to meet the desired volume of drug delivery while main-
taining high sensitivity to strain, a flexible piezoresistive
pressure sensor would be necessary for this new device. Dif-
fering from the conventional approach of dispersing con-
ductive particles into liquid polymer (i.e. the carbon black
(CB)-PDMS composite [36]), we directly immerse solidi-
fied carbon ink film [37], comprised of CB nano-particles in
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tight contact [38] into liquid PDMS. The solidified carbon
ink film is ‘paper like’, ultra-flexible, and piezoresistive. It
provides a highly sensitive resistance change ratio (∆R/R)
corresponding to the displacement of the PDMS membrane
because the tension can lead to changes in the geometric
shape of the sensing film, and enlarged gaps between con-
ductive CB particles, thus resulting in an increasing tendency
of the resistance according to tunneling effects theory [39]. A
preliminary proof of concept for the electrochemically actu-
ated drug delivery device using a piezoresistive sensor pro-
totype is presented here, and its capability for tracking the
delivered volume is emphasized. The flow rate can be obtained
by dividing the pumped volume by the time spent pump-
ing. Our proposed dosage and flow rate sensing is straight-
forward and accurate technique would be appropriate for
future drug delivery devices with active control and real-time
monitoring future drug delivery devices with active control
and real-time monitoring.

2. Design and fabrication

2.1. Design of the drug delivery device

Figure 1(a) illustrates the design of our proposed drug deliv-
ery device, with its assembled structure shown in figure 1(b).
Components including the sensor (figure 1(c)), drug reser-
voir (figure 1(d)), and electrolyte chamber (figure 1(e)) were
not permanently bonded together to reduce the device’s size,
but they were assembled by tightening polymethyl methac-
rylate (PMMA) holders for the purpose of testing. A rectan-
gular solidified carbon ink layer (15 µm in thickness, 3.5 mm
in width, and 2.6 cm in length) was embedded into a PDMS
membrane (130 µm in thickness, 8 mm in width, and 2.2 cm
in length). The two ends of the carbon ink layer beyond the
PDMSmembrane were fabricated as contact pads. The PDMS
membrane was placed between the electrolyte chamber and
the reservoir, to avoid contaminating the electrolyte and the
electrochemical interaction with the drug solution. Only the
deformable part of the membrane that covered the bottom of
the drug reservoir was regarded as the actual functional area of
the piezoresistive pressure sensor (figure 1(c), to be explained
in the following subsections).

The drug reservoir was drilled in a 6 mm thick PMMA
board (Moden Glas Acrylic Co., Ltd) using a CO2 laser cutter
(Universal PLS6.75); its dimensions were 2.4 mm in radius
and 4 mm in depth. The electrolyte chamber was fabricated
by gluing a PMMA loop onto the electrolysis-electrode base
(figure 1(f)). The dimensions of the loop included an inner
radius of 2.5 mm and height of 2.7 mm. A thin PMMA sheet
(1 mm) including a hole with the same radius as the loop
was directly glued on the top of the chamber to support the
soft PDMS membrane. The electrode was fabricated by sput-
tering titanium/platinum (Ti/Pt) on a silicon wafer, having
an interdigitated layout with radius of 2.5 mm and height
of 300 nm. The electrode was coated with a Nafion film of
220 nm to improve the electrolysis efficiency. The detailed
fabrication process and dimensions of the electrode were
demonstrated [40].

Figure 2. (a) Flow diagram of the sensor membrane fabrication
procedure; (b) the cross-sectional view of the PDMS membrane
embedding the solidified carbon ink layer; (c) illustration of the
functional part of the sensor membrane.

2.2. Fabrication of the sensor membrane

The integration of the carbon ink film with the PDMS mem-
brane that uses resistance change as a sensing parameter to
characterize the pumped volume of drug solution is the focus
of this work. Figure 2(a) illustrates the fabrication process of
an ultra-thin carbon ink film embedded between two PDMS
layers. The first process step was to prepare the solidified car-
bon ink film. Its fabrication began by preparing a polyacrylic
acid (PAA) solution and the carbon ink. The PAA solution was
synthesized by dissolving PAA powder (Mw = 1800, Sigma-
Aldrich) in distilled water at a 25% w/v concentration and it
was then filtered through a sterile 0.45 µm PVDF syringe fil-
ter (Millipore Corporation, USA). The carbon ink used in this
work was made by mixing CB nano-particles with ethylene
glycol (∼18 wt.%), with a viscosity of about∼22 cP [38]. The
PAA solution was spun onto glass substrates at 500 rpm for
10 s and then at 800 rpm for 30 s. The glass slides were then
baked at 150 ◦Con a hotplate for 5min. The dried PAA coating
was used as a sacrificial layer for the following carbon ink film
and PDMS membrane. The carbon ink was then spun-coated
on the glass slide (20 s at 500 rpm, 1min at 1500 rpm) and then
dried at 120 ◦C for 5 min. The solidified carbon ink layer was
peeled off from the glass slide after immersing it into water for
3 h, and tailored into a rectangular shape. Finally, conductive
copper tapes were bonded to the ends of the rectangular carbon
ink film, as contact pads for resistance measurements.

The second process step was an integration of the above-
processed carbon ink film with the PDMS membrane. Liquid
PDMS was spun onto the other PAA-coated glass substrate
(20 s at 400 rpm, 1 min at 1500 rpm), and followed by pla-
cing the carbon ink film on the top of the PDMS. The new
PDMS was then poured to cover the entire carbon film and
spun again (3 min at 400 rpm) to form a uniform membrane

3



Smart Mater. Struct. 30 (2021) 055003 Y Yi et al

surface. After a drying process (150 ◦C, 5 min) and immers-
ing the sensor membrane in water for 5 h, the PDMS mem-
brane was cured and peeled off the glass substrate, showing
a ‘sandwich’ structure of carbon ink film embedded in two
PDMS layers. The corresponding SEM image is shown in
figure 2(b). The porous structure of the inner solidified car-
bon ink film is formed when the solvent in the carbon ink
evaporates during the drying process. The fabricated sensor
membrane was deployed in between the PMMA holder of the
electrolytic chamber and the drug reservoir, the red round ring
(schematically illustrated in figure 2(c)). It shows the func-
tional sensor area that was sealed by the drug reservoir and
electrolytic chamber, as well as the corresponding carbon cov-
erage ratio. The whole PDMS membrane was not covered by
carbon ink film in consideration of the elasticity (or the achiev-
able deformation) of the sensor device. Following the fabrica-
tion procedure, a batch of five sensor samples were produced
and tested under different levels of strain.

3. Experimental analysis and results

3.1. Sensor characterization

The stress–strain curves of all PDMSmembranes with embed-
ded carbon ink layers with different coverage ratios (25%,
50%, 75%, and 100%) were measured using a dynamic mech-
anical analyzer (DMA Q8000, PerkinElmer Inc., Waltham,
MA, USA). The tested samples were tailored into a rectangu-
lar shape with 15 mm in length, and 10 mm in width to meet
the physical testing requirements of the DMA. The two ends
of the sample were clamped and stretched with a ramp force of
4.5 N min−1 to achieve up to a 8.5% strain. After testing in air,
the sample was kept clamped and switched to immersionmode
in a water bath. The same DMA setup was also executed for
the pure PDMS sample with the same dimensions as those in
the control experiments. A digital multimeter (Keithley 2110,
Tektronix, Beaverton, OR, USA) that was electrically connec-
ted to the two conductive pads of the sensor was used to record
the sensor’s output resistance.

Figure S1 (available online at stacks.iop.org/SMS/30/
055003/mmedia) demonstrates the elasticity of the PDMS
membrane embedded with different coverage ratios of carbon
ink layer, as well as the∆R/R as a function of strain (denoted
as ‘ε’). The coverage ratio of the carbon ink from 25% to
100% corresponds to an increasing gauge factor from 1.9 to
21.1. Obviously, for the same weight of sensing material, the
sensor that was fabricated using the above-mentioned proced-
ure provides a higher gauge factor than ones that mix CB
into liquid PDMS [36]. Although the PDMS membrane with
higher coverage ratio of carbon ink provides higher sensitivity
to strain, its mechanical elasticity is reduced accordingly. The
sensor device with a carbon coverage ratio of 50% (L1/L2 as
shown in figure 2(c)) was selected as a compromise between
mechanical elasticity and sensitivity. The measured ∆R/R as
a function of strain is shown in figure 3. The sensor has a
linear relationship with the strain up to 8.5%, beyond which
the carbon layer would break. Within the safe strain range, a
mean ∆R/R of 4.4%–33.25% was achieved for a strain from

Figure 3. The ∆R/R of batch-fabricated sensors at different levels
of strain.

1.7% to 8.5%, respectively. Once the tension was removed, the
sensor exhibited an excellent recovering ability (<1% of error).
The slight∆R/R difference of the sensor under stretching and
recovering indicates that the sensor behaves elastically within
the safe strain limit.

To test the stability, recovering time, and repeatability of
the sensor, figures 4(a) and (b) show the∆R/R of the sensor at
different levels of tensions and its stability under static strain.
The sensor outputs were measured with a strain starting from
0% and progressing to 8.5% in steps of 1.7%, with 8 s for
each transition followed by 22 s of holding. During the hold-
ing time, the resistance of the sensor wasmaintained at a stable
level (figure 4(a) inset). To further verify the repeatability of
the sensor and reliability of the proposed fabrication approach,
a repeated ‘stretching and releasing’ test was performed. The
DMA was used to repeatedly stretch and recover the pro-
posed sensor device 300 times, with each cycle being 30 s.
The PDMS membrane was stretched to a maximum strain of
5.1%, and then released to its original state. Figure 4(c) shows
the resistance change of the sensor for 300 cycles, with each
cycle of 15 s for stretching and another 15 s for releasing.
No significant resistance shift was observed in the operation
cycle, this result implies that the sensor can maintain excellent
repeatability as long as it is stretchedwithin a safe limit. Zoom-
ing in the measurement data shows six mechanical cycles and
the corresponding∆R/R (figure 4(d)). The resistance output of
the sensor increased to the peak and dropped to its base level
corresponding to the sensor being stretched to the maximum
strain and then released to the un-tensile level. Overall, the
peak ∆R/R at a strain of 5.1% was maintained at an average
level of about 17.2% over the cyclic operations.

3.2. Displacement measurements of the sensor

Figure 5(a) shows the measurement setup to demonstrate the
characterizations of the sensor. The measurement setup was
composed of a laser Doppler vibrometer (LDV) (OFV-5000,
Polytec Inc., Irvine, CA, USA), an oscilloscope (Tektronix UK
Limited, Bracknell, UK), a DC power source (E3631A, Key-
sight Technologies, Santa Rosa, CA, USA), and a digital mul-
timeter. The LDVwas used to make non-contact displacement
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Figure 4. (a) The∆R/R measurement of the sensor under increasing strain and followed by a static tension condition; (b) the corresponding
strain as a function of time; (c) the∆R/R of the sensor under 300 cycles of stretching and releasing operations of the PDMS membrane; and
(d) magnified image of the first six cycles of the operations.

measurements of the PDMS membrane. When DC power was
applied to the electrolysis-electrode, the Deionized water (DI)
water in the electrolyte chamber is electrolyzed into hydrogen
(H2) and oxygen (O2). Consequently, the pressure inside the
chamber increases. The PDMSmembranewas tightly clamped
between two PMMA holders, and only the part of the mem-
brane that covered the top of the chamber was deformed during
the electrolysis-bubble expansion, which acted as the dosage
sensor. This displacement of the membrane determines the
delivered drug volume. The digital multimeter that electrically
connects with the pads of the sensor canmeasure the resistance
change as a function of the membrane displacement.

The displacement and the ∆R/R of the sensor membrane
were measured at different levels of power applied to the elec-
trolytic actuator electrodes. As shown in figure 5(b), the max-
imummembrane displacements using a power of 2.5 mW, and
5 mW were 0.96 mm and 1.62 mm within 30 s, respectively.
Apparently, higher power applied to the electrolysis-electrode
causes a faster electrolysis-bubble generation rate, which in
turn, results in faster membrane deformation. Moreover, when
5 mW was applied, the displacement reached the peak in
about 28 s, while no significant displacement change was
observed in the following 2 s of ‘power on’. This implies
that 1.62 mm is the displacement limit of the designed sensor
membrane. The upward displacement provides the actuation
force to deliver the drug solution, but after turning off the
power, the membrane slowly reverts towards its flat state,
reflected by a downward trend of displacement. This occurs
because the electrolysis-bubbles (O2 and H2) are recombined
into water in the presence of the Pt electrode that has the
catalytic property of reversing the electrolytic reaction [5].
Note that the step-shaped decreasing curve is mainly caused

by the limited resolution of the LDV, rather than the non-
continuous bubble recombination. The expansion and restora-
tion of the membrane are precisely presented by the sensor’s
signal output. The peak ∆R/R were 2.1% and 9.3% for cases
that applied powers of 2.5 mW and 5 mW, respectively. As
can be seen, ∆R/R linearly increased with the time when a
power of 2.5 mWwas applied, this resistance change is caused
by the changes in the geometric shape of the sensing film
and enlarged gaps between conductive CB particles. When a
high power was applied (e.g. 5 mW),∆R/R sharply increased
with time because electrolysis-bubble generation rate would
be high to cause cracks in the carbon ink layer due to the
stretchable nature of the substrate under high tension in an
ultra-short period, the principle of the resistance change is
mainly depending on the disconnection and reconnection of
the crack fractures in the conductive links [37]. Moreover, a
noise test was implemented to clarify the measurement noise,
as demonstrated by figure S2.

It is challenging to obtain the actual pressure change inside
the electrolytic chamber and the resulted deformation shape
of the membrane, therefore, a simulation was implemented to
demonstrate the displacement of the membrane as a function
of the pressure. A pressure range of 4–215 KPa was chosen
for the simulation. As illustrated in figure 5(c), the shape
of the membrane was demonstrated by a finite element ana-
lysis performed using COMSOL Multiphysics. An irregular
dome-shape of the membrane under the applied pressure can
be seen because Young’s modulus of the pure PDMS mem-
brane part is much smaller than that of the solidified carbon
ink film embedded area (as shown in figure S1(a)), result-
ing in different deformation levels in these two areas. It can
be seen that the carbon ink is stretched in accordance with
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Figure 5. (a) Schematic diagram of the experimental setup to characterize the displacement of the membrane (without drug reservoir) and
sensing performance; (b) displacements of the sensor membrane caused by the electrolysis-bubble with different input powers and the
corresponding∆R/R under the same conditions; (c) simulation results of the sensor membrane shows the shape of the membrane under a
pressure of 8 KPa and the displacement of the membrane under different pressures.

the deformation of the PDMS membrane. The displacement
is defined as the largest vertical distance between the flat and
the deflected membrane surface. Figure 5(c) shows that dis-
placement of the PDMS membrane logarithmically increased
from 0.1 mm to 1.6 mm within the chosen pressure range. The
simulation result can estimate that the electrolysis-induced
pressure was about 215 KPa for reaching the displacement
peak.

3.3. Sensing performance in drug delivery

The complete drug delivery device assembly, with the elec-
trolytic chamber, the drug reservoir, and the in-situ dosage
sensor was operated to investigate the pumped volume and
the corresponding ∆R/R. Figure 6(a) shows the drug deliv-
ery device prototype. A red food coloring dye that substi-
tuted for the drug solution was injected through the inlet
before it was clamped. When the electrolysis-bubble expan-
sion caused the sensor membrane to be deformed, the dye
flowed along a capillary tube at the outlet of the device. Such
a moving volume can be regarded as the pumped volume.
Figure 6(b) shows the drug flow rate at different levels of
applied power. Increasing the power from 1.25 mW to 10 mW
resulted in an increase in average flow rate from 4.37 µl min−1

to 19.75 µl min−1. As shown in figure 6(c), within the safe dis-
placement limit of the membrane, the ∆R/R increased from
2% to 12%, corresponding to a logarithmical increase of the

pumped volume from 0.8 µl to 7 µl, beyond which the ∆R/R
exhibited a sharp increase trend for the volume increase. This
implied that a volume of 7 µl was close to the maximum
achievable displacement of the PDMS sealing membrane. In
other words, the delivered drug volume can be estimated using
the sensor output∆R/R and a governing fitting curve within a
volume range of up to 7 µl. The dosage sensing accuracy was
thus ±6.5%.

Take an example of the ∆R/R tracking the volume. When
a power of 4 mW was applied to the electrolysis-electrode
for 30 s and then removed (figure 6(d)), the pumped drug
volume steadily increased to 5.1 µl with ∆R/R closely track-
ing the change. Eventually, it reaches its peak value of 7.4%
before the power is off. It can be observed that the ∆R/R
increased linearly with the volume because the cause of
the resistance change kept the same before the membrane
achieved its ‘over-stretched’ level (defined as a level that
cracks occur [27]). This point can be backed by the linear
increase of pumped volume-∆R/Rwithin the volume range up
to about 5.5 µl, beyond which the ∆R/R increased exponen-
tially for the volume increase, as shown in figure 6(c). As pre-
viously mentioned, once the power was removed, the recom-
bination of the electrolysis-bubble restored of the PDMS
membrane, which was reflected by the dye flowing through
the capillary in the reverse direction. The sensor can also
provide consistent ∆R/R with the restoration of the PDMS
membrane.
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Figure 6. (a) The assembled drug delivery device prototype for dosage monitoring; (b) flow rates of the electrolytic pump using the
proposed sensor membrane under different levels of input power; (c) experimental measurements show the relationship between the∆R/R
and the pumped volume in electrolytic reactions; (d) volume profile of the drug delivery device with an applied power of 4 mW and the
corresponding∆R/R of the sensor for the volume change.

4. Discussion

As an emphasized point of this work, our proposed sensing
approach is not only suitable for a diaphragm-driven device
that delivers a liquid drug with a well-defined concentration,
but it can also be used as a reciprocating-actuation-based drug
delivery device [12, 41]. For example, devices using a solid
drug in the reservoir (SDR) approach require a reverse flow
from outside the device to dissolve the remaining solid-state
drug in the reservoir. The volume drop, as shown in figure 6(d)
can be regarded as a refilling volume, which is a desirable fea-
ture in an SDR device. In general, the refilled liquid of the
SDR device dissolves the solid-state drug and forms a new
saturated solution during the non-actuation period. The pur-
pose is to avoid an unpredictable dosage issue. Therefore, both
the released and refilled volumes must be monitored. Clearly,
the ∆R/R profile was being tracked with the volume being
pumped by the bubble generation and refilling volume due to
the bubble recombination in this work. Future work along this
paper will involve further refinement of the sensor design and
system constructions including the following:

First, even though the elastic module of the PDMS dra-
matically decreases with an increasing thickness [42], and an
ultra-thin film may be easily broken with the expansion of the
electrolysis-bubble, the compromise between robustness and
elasticity must be carefully considered. Second, compared to
existing electrochemical dosing sensors (with an accuracy of
±10%–15% [11]), this piezoresistive sensor is more accurate
and the corresponding sensing mechanism is more straightfor-
ward. In any case, a more stretchable and sensitive membrane
sensor would be needed to fit the demand for dosage monit-
oring. Different patterns of the sensing layers, such as sym-
metric patterns, may be needed further to optimize the device
performance. Third, although gas permeability of PDMS is
a potential issue for a long-term application, this issue does
not affect the sensing and actuation performance, and it does
not cause detectable gas leakage within a short experimental
time. A proper biocompatible and gas-sealing coating layer,
such as Parylene C is required to prevent gas leakage in future
work. Fourth, even though the resistance shift of the sensor
caused by the temperature change was not observed due to the
limited electrolytic reaction time (<1 min) and undetectable

7



Smart Mater. Struct. 30 (2021) 055003 Y Yi et al

heat transfer from the electrolyte to the sensor, the resistance
sensitivity to the potential temperature change should be con-
sidered. For the purpose of obtaining accurate readings, cal-
ibration techniques may be required. Finally, the integration
of the telemetry circuit to achieve the digital signal transmis-
sion between the implant and an external reader device is our
final target. A highly effective resonance-basedwireless power
transfer technique [43, 44] can be used to provide the required
power.

5. Conclusion

A flexible piezoresistive sensor that has a carbon film embed-
ded into a thin PDMS membrane was designed and charac-
terized. In our current design (e.g. carbon ink coverage ratio
of 50%), the sensor provides a linear resistance change with
strain. A mean ∆R/R of 33.25% was achieved at a strain of
8.5%. The sensor also maintains a stable resistance output
under static tension, exhibiting durable sensing performance.
Under a low level of strain (e.g. 5.1%), the∆R/R of the sensor
maintained exactly the same track as the change in tension on
the membrane. The sensor was deployed between the electro-
lytic chamber and the drug reservoir to drive the drug solu-
tionwhen the electrolysis-bubble inducedmembrane displace-
ment. The sensor can output a ∆R/R that corresponds with
the degree of membrane deformation, thereby indicating the
volume of the drug being delivered. For a sensor prototype
with the current sensing mechanism, the∆R/R increased from
2% to 12%, reflecting a polynomial increase in the volume
from 0.8 µl to 7 µl, with a high quantification accuracy of
±6.5%. In the device’s actual application, the volume can be
estimated by fitting a curve to the experimental data.
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