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We report a refillable and valveless drug delivery device actuated by an external
magnetic field for on-demand drug release to treat localized diseases. The device
features a pear-shaped viscoelastic magnetic membrane inducing asymmetrical
deflection and consecutive touchdown motion to the bottom of the dome-shaped
drug reservoir in response to a magnetic field, thus achieving controlled discharge
of the drug. Maximum drug release with 18 = 1.5 ug per actuation was achieved
under a 500 mT magnetic flux density, and various controlled drug doses were
investigated with the combination of the number of accumulated actuations and the
strength of the magnetic field. © 2014 AIP Publishing LLC.
[http://dx.doi.org/10.1063/1.4893912]

1. INTRODUCTION

Delivering the therapeutic concentration of a drug at the diseased area is a key technique
for treatment of local and chronic diseases in biotechnology research fields. The advent of
microelectromechanical systems (MEMS) technology potentially offered the development of
new drug delivery devices that are compact and biocompatible with the body to safely deliver
drugs to a target site and to remotely control a consistent dosage by internal or external stim-
uli.'™ In many active trigger mechanisms, including thermal,* electrical,” magnetic,® photonic,’
and acoustic,® magnetically actuated drug delivery devices could release the drug simply with-
out a specialized polymer, supporting electronic circuit, or an on-chip battery that limits the
range of operation and the overall size of the device for clinical uses. But because of the
increasing market demand for easier, cheaper, faster, and implantable devices, new MEMS-
based drug delivery systems using a magnetic field are being developed for controlled and
localized drug delivery.

One key issue in achieving on-demand drug delivery is the ability to contain a large vol-
ume of drug solution or to refill a reservoir rapidly with the drug over the long lifetime of the
device. Various types of magnetically triggered drug delivery devices using magnetic nanopar-
ticles” or nanotubes'® have been investigated extensively during the past decade, but they have
typically achieved single burst expulsion of the drug solution from the nanomaterials for either
short or long period of time. Although multiple drug administrations have been demonstrated
by a membrane-type systems'' and magnetohydrodynamic pumps,'” surface wettability treat-
ment of the membrane were needed to refill the drug reservoir by the diffusion and long-term
biocompatibility of the silicon-based pump must be considered for the implantation, respec-
tively. Most of these magnetically triggered devices also involve an expensive process for syn-
thesis of specialized nanomaterials or fabrication in which technical steps including oxidation,
core-shell technique, sol-gel methods, metal evaporation, anodic bonding, or anisotropic etching
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are needed to make a whole device. Consequently, the development of a MEMS-based drug
delivery tool with a faster, cheaper, and more controllable operation has remained an engineer-
ing challenge.

In this paper, we propose a refillable drug delivery device that requires no battery but that
is actuated by a pear-shaped magnetic polydimethylsiloxane (PDMS) membrane as a cost-
effective, simple, and on-demand drug release tool that does not need the assistance of special-
ized equipment. The proposed all-PDMS device was designed using a dome-shaped reservoir
and pear-shaped magnetic membrane to contain a large quantity of drug solution and to trans-
port the drug solution from the reservoir to the outlet port by consecutive membrane collapse
motions. Reproducible discharge of drug solution was achieved under a variety of magnetic
strengths without a microfluidic valve, which was an essential component in pump-type drug
delivery devices for on-demand controlled release.

Il. DESIGN AND THEORY

The overall drug delivery device was composed of four main parts: dome-shaped drug res-
ervoir, delivery channels, drug inlet/outlet ports, and magnetic PDMS membrane as depicted in
Figure 1. The magnetic membrane composite, which consists of PDMS and iron oxide nanopar-
ticles, is bonded with a PDMS drug reservoir body, the bottom of which is shaped like a pear
as depicted in the illustration on the left side of Fig. 1. Under an applied magnetic field, this as-
sembly makes the asymmetric pear-shaped membrane propagate the consecutive touchdown
motion from the centroid to the tail of the reservoir that is connected to the outlet and, thus,
pushes the drug solution in the reservoir toward the outlet port.'* In other words, the initial
touchdown motion of the pear-shaped membrane at the centroid acts as a valve blocking the
inlet channel, and the drug solution can be released only through the outlet port by being
pushed due to the sequential touchdown motion of the membrane toward the tail of the reser-
voir (i.e., actuation mode, Figs. 1(a)-1(d)). When the magnetic force is removed, the membrane
is then restored to the initial state and inward flow into the reservoir is generated through the
inlet channel connected to the head of the pear-shaped reservoir because of the different pres-
sure losses between the inlet and outlet ports (i.e., refilling mode, Fig. l(e)).13 Therefore, the
drug inside the reservoir can be remotely released and controlled without a pair of valves by
simply attracting the pear-shaped magnetic membrane using magnetic forces.

To verify the operating principles of the developed device, a transient mechanical analysis
was performed using the finite element method tool, ANSYS Multiphysics 14.0. A sample
mesh of the system in the initial state and boundary conditions for nonlinear quasi-static contact
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FIG. 1. Schematic illustration of the refillable and magnetically actuated valveless drug delivery device (left side) and prin-
ciple of operation by the consecutive touchdown motion under a magnetic field (right side, cross-sectional view: (a)—(e)).
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FIG. 2. (a) Top view of the pear-shaped membrane with different diffuser angles connected to inlet and outlet channels, (b)
boundary conditions for computational analysis, (c) transitional change of the asymmetrical membrane deformation under
an actuation mode, and (d) change of hydraulic resistance in a pear-shaped chamber for computed five motions.

models (SOLID186, TARGE170, and CONTA174) are shown in Figures 2(a) and 2(b). As a
result of the simulation, the asymmetrical membrane deflection was observed during the con-
traction motion, as seen in Fig. 2(c). The membrane collapse was initiated from the centroid of
the pear-shaped membrane and propagated toward the outlet channel. To estimate the flow
direction during the contraction motion, the x component of the steady-state Navier-Stokes
equation and the volumetric flow rate (Q) definition for the arbitrary cross-sectional channel
flow were considered as follows:'*

0? o*? AP
8—))24_@ Vx(yaz):_ﬁa (1)
0= Ldy dzve(y,2), %)

where AP, u, L, v, and Q were the pressure drop, dynamic viscosity, channel length, velocity
in x-direction, and cross section in yz plane, respectively. Using the relationship between pres-
sure drop and volumetric flow rate, the corresponding hydrodynamic resistance (Ry = AP/Q)
was calculated as follows:

2

Ry = (const) ’MLF’ 3)

where P = fagdl and A = J"Qdy dz were the perimeter and area of cross-sectional plane, respec-
tively. Since the flow is typically subject to a no-slip condition along 0€Q, the hydraulic
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resistance depends greatly on the perimeter as well as the cross-sectional area, as seen in Eq.
(3)."* Considering the above dependence, hydraulic resistances at six different positions (from
#1 to #6 in Fig. 2(c)) in the pear-shaped drug chamber for five motions were characterized by
the perimeter and area of each cross-sectional plane and normalized by those obtained at the
initial state (i.e., before actuation) for a comparative analysis. Fig. 2(d) shows the change of the
normalized hydraulic resistances during the asymmetrical membrane deflection. The overall
resistances along the chamber length (x-direction) were increased due to the reduced cross-
sectional area for flow path as the contraction motion was progressed. It is also noticeable that
the graph shape of the normalized hydraulic resistance is similar to the cross-sectional deflec-
tion shape of the membrane (Fig. 1), indicating that the flow resistance relies on the degree of
deflection. Because the deflection of the membrane propagates from the centroid to both inlet
and outlet channels, the hydraulic resistance near the inlet region was rapidly increased in com-
parison to resistance near the outlet region. This is because the membrane deflection near the
outlet regions was delayed by the pear-shaped geometry, which caused a difference of resist-
ance between inlet and outlet channels. Considering that the liquid tends to flow in the direction
of least resistance, the drug solution near the centroid in the chamber where the hydraulic re-
sistance has a maximum value flows unavoidably in both inlet (i.e., black arrow in Fig. 2(d))
and outlet (i.e., green arrow in Fig. 2(d)) directions. However, because the resistance near the
outlet region was much smaller than that near the inlet region, a greater volume of fluid was
pumped in the outlet direction. In other words, even though there was backward flow in the
inlet direction, the difference in hydraulic resistance resulting from the asymmetrical membrane
deflection induced the net flow in the outlet direction during the contraction motion.

Conversely, the membrane was relaxed and returned back to the original state during the
relaxation motion when the magnetic field was removed. During this relaxation motion, fluids
in both outlet and inlet channels flowed back into the chamber because of a sudden drop in
pressure inside the chamber. In this case, the head connected to the inlet channel and the tail
connected to the outlet channel acted as diffusers with the angle of 0,, (143.6°) and 0,,
(47.1°), respectively (Fig. 2(a)). In general, the pressure loss coefficient (K) for the internal
flow of incompressible fluids is defined as the ratio of pressure drop across the device to the
dynamic pressure'*!?

pv?/2

and the K in the diffuser elements depends on the diffuser angle (0) and the Reynolds number
(Re).16 At low Reynolds numbers (Re < 20), the pressure loss coefficient decreases as the dif-
fuser angle increases,'® while at high Reynolds number (Re > 200), the pressure loss coefficient
increases as the diffuser angle increases.'” Considering the diffuser efficiency of a nozzle-
diffuser element, K;, > K,,, causes a pumping action in the inlet direction (i.e., a greater vol-
ume of fluid inflows through the outlet channel), while K;, < K,,; leads to pumping action in
the outlet direction (i.e., greater volume of fluid inflows through the inlet channel). When K;, =
K, (i.e., no pressure drop in either inlet or outlet direction), fluids return to the original posi-
tion without pumping action. Based on the experimental data from Rosa and Pinho,'® the K at
the outlet region (0,,, =47.1°) was approximately 1.7 times higher than the K at the inlet
region (0;, =143.6°) (i.e., K;;, < K,,,) for the Re of 15 calculated from the preliminary experi-
ment with a prototype device (volumetric flow rate: 2 ul/s for one actuation). Therefore, the vol-
ume of fluid flowing into the chamber from the inlet channel is greater than that from the outlet
channel, which prevents the backward flow of discharged drug solution during the relaxation
motion and automatically refills the chamber at the same time without external forces.

lll. FABRICATION

Figure 3 shows the overall fabrication process of the refillable and magnetically actuated
valveless drug delivery system. As a standard lithography process, a 100 um thick negative
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FIG. 3. Schematic illustration of the fabrication process for the magnetically actuated valveless drug delivery device and
corresponding optical/SEM images: (a) SU-8 photolithography, (b) formation of a dome-shaped drug reservoir mold, (c)
PDMS casting, (d) spin-coating magnetic PDMS membrane on a glass substrate, () oxygen plasma treatment, and (f)
PDMS-PDMS bonding.

photoresist—SU-8 2100 (MicroChem, Newton, MA)—was spin-coated at 3000 rpm for 30s and
patterned via contact photolithography (MA6, Karl Suss) with 16.2 mW/cm?® for 15s onto a
clean, 4-in. silicon wafer to create a pear-shaped base mold and drug delivery microchannels
(Fig. 3(a)). A droplet of 10 ul SU-8 2005 was then placed on top of the patterned pear-shaped
base mold using a pipette to form the dome-shaped mold for a drug reservoir (Fig. 3(b))."” The
capacity of the drug reservoir can be precisely controlled by adjusting the volume of SU-8
droplet. After curing the SU-8 mold under ultraviolet light (ABM Inc., CA) at 9.07 mW/cm®
for 60 min, PDMS (Sylgard 184, Dow Corning, NY) with a mixing ratio of 10:1 (base: curing
agent) was poured onto the patterned mold, degassed under vacuum, cured at 90°C for 2 h,
peeled from the mold, and finally punched for the drug inlet port (Fig. 3(c)). To create the mag-
netic PDMS membrane, iron oxide nanoparticles (<50nm, Sigma Aldrich) were dissolved in
toluene and mixed with PDMS (base: curing agent =5:1) at mass fraction of 30% w/w particles
to PDMS.'® The magnetic membrane then was created by spin-coating at 4000 rpm for 1 min
on the glass substrate that was coated with Trichlorosilane (CF;(CF,)sCH,CH,SiCls, 97%,
Sigma Aldrich) as a sacrificial layer (Fig. 3(d)). Because the direction of the applied magnetic
field must be perpendicular to the membrane (Fig. 1), a slightly tilted magnet might cause a
nonuniform magnetic field and result in a small deformation of the membrane by the weakened
attractive force between the membrane and the magnet. To make a large deflection even in the
weak magnetic field, a small quantity of PDMS composite mixed with iron nanoparticles was
dropped onto the spin-coated membrane. There, it was aligned with the centroid of the pear-
shaped geometry in the drug reservoir body and magnetic flux was concentrated to provoke the
initiation of the contraction motion from the centroid. Once the magnetic membrane was cured
at 100°C for 2 h, both the pear-shaped drug reservoir body and magnetic PDMS membrane
were treated by oxygen plasma (RIE, PETS Inc., CA) with 20 W for 20 s for irreversible bond-
ing (Fig. 3(e)). Finally, the magnetic membrane with an approximate thickness of 38 um was
aligned and bonded with the reservoir body by being released from the glass substrate to form
the closed drug reservoir (Fig. 3(f)).
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The uniformity of the deposited membrane is one of the key pieces in achieving the asym-
metrical deflection under a uniformly applied magnetic force. To determine the optimum thick-
ness of the magnetic PDMS membrane, the uncured PDMS composite was spin-coated on a
glass substrate with different spin-coating speeds from 2000 to 6000 rpm. Figure 4 shows the
coating thickness with respect to the spin speed and the surface roughness profiles of each de-
posited composite scanned by a surface profiler (Alpha-Step 1Q, KLA-Tencor, CA). At a spin
speed of 2000 rpm, the surface had a maximum average thickness (R,) of 131.87 um and peak-
to-valley height (R,) of 51.74 um, resulting in a large waviness because of the aggregation of
the PDMS composite, as seen in the inserted optical image. The surface profile then became
gradually uniform and the peak-to-valley height was significantly reduced at spin speeds
between 3000 and 4000 rpm. The optical images of the top surface view also showed a clean
and even surface at these spin speeds. At a speed of more than 5000 rpm, however, the surface
profile became unstable, and its roughness was remarkably increased due to irregular voids on
the surface that might have caused an imperfectly closed chamber, thus resulting in drug leak-
age through the membrane. Through this experiment, the magnetic membrane with an approxi-
mate thickness between 35 and 40 um was carefully chosen to form the closed drug reservoir.

IV. CHARACTERIZATION

Figure 5(a) shows an actual size and top surface view of the fabricated drug delivery de-
vice. The whole device was made of the flexible 1.5 mm thick PDMS layer so it can be directly
attached or implanted on the curved surfaces of the body such as the eyeball, knee, or scalp,
using a simple surgical operation. Because the lifetime of the battery-less type devices generally
relies on the ability to refill the reservoir, the refill function of the developed device was dem-
onstrated with 1% methylene blue (Science Company, CO). As seen in Fig. 5(b), the maximum
10 ul volume of aqueous drug solution could be simply loaded into the dome-shaped drug reser-
voir through the external syringe tube and inlet port. Thus, the device can be repeatedly used
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FIG. 5. Experimental images of the fabricated drug delivery device: (a) top surface view, (b) manually refilled reservoir
with drug solution (1% methylene blue), (c) device off-mode without magnetic field, and (d) device on-mode under mag-
netic field of 400 mT.

so long as the drug solution is supplied through the external tube. For characterization of the
on-demand controlled drug release performance by the developed device, a neodymium perma-
nent magnet 1/2” x 1/2” x 1” thick (B88X0, K&J Magnetics Inc., PA) magnetized along thick-
ness direction and XYZ stage were used to provide the magnetic field and to change its strength
by adjusting the vertical distance of the magnet from the device, respectively. To evaluate the
drug release rate under different strengths of magnetic field, the magnetic flux density was
measured using a Gaussmeter (Model 410, Lake Shore Cryotronics Inc., OH) as a function of
the distance from the magnet. Finally, three devices were tested and all measurements were
repeated three times for each device.

V. RESULTS AND DISCUSSION

Figure 5(c) shows the backside of the fabricated device placed on the XYZ stage without
the magnet underneath. It was clearly found that the drug solution was unable to be released at
all through the delivery outlet port because the membrane was undeflected by the magnetic
force. However, once the magnetic field was applied for an actuation mode, the drug solution
was discharged after 1s through the outlet port, while the asymmetrically deflected membrane
prevented backward flow to the inlet port, as shown in Fig. 5(d). This one-way fluid transport
could be achieved by the sequential touchdown motion of the tailored asymmetrical pear-
shaped membrane under a magnetic field, inducing the difference of hydraulic resistances and
pressure losses between inlet and outlet ports, whereas the drug fluid is apparently released
through both inlet and outlet ports if the device is trigged by symmetrically shaped membranes
such as a circle or a rectangle (K;, = K,,, in this case). Thus, the developed device could
deliver the drug solution directly within a short period with significantly reduced fabrication
cost and complexity, which are the main drawbacks of valve-type drug delivery systems.

To quantitatively evaluate the amount of released drug as a function of the number of accumu-
lated actuations and magnetic fields, the released drug solution in each actuation under different
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FIG. 6. Released drug amount with respect to the (a) number of accumulated actuations and (b) different magnetic flux
densities.

magnetic strengths from 250 to 500 mT were collected by a pipette and the weights of solution were
measured rapidly using an analytical balance (Pinnacle PI-214, 0.1 mg readability, Denver
Instrument, CO) before the solution started to evaporate. Considering the drug amount in the 1%
methylene blue solution (10 mg/ml) and the density (1 g/ml), each amount of released drug in the
unit of micrograms (ug) was calculated by multiplying by 10 the measured weights of the solution
in the unit of milligrams (mg). Figures 6(a) and 6(b) show the measured drug amount in the aqueous
solution discharged by the consecutive touchdown motion with respect to the number of accumu-
lated actuations and different magnetic flux densities, respectively. The result showed that the
amount of discharged drug was directly proportional to the number of accumulated actuations up to
350mT as seen in Fig. 6(a). An average release rate of 4.29 = (.71 ug per actuation was achieved
under the magnetic field of 300 mT. The released amount, however, was saturated as average peak
values of 84 and 93.7 ug under 450 and 500 mT after 8 actuations, respectively. Considering the
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FIG. 7. Three-dimensional plot of the released drug amount with respect to the number of accumulated actuations and dif-
ferent magnetic flux densities.
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100 ug drug content in the dome-shaped reservoir, the small quantity of drug solution remained
along the edge of the chamber because the applied magnetic field was not strong enough to com-
pletely pull down the magnetic membrane and, thus, was unable to achieve perfect contact between
the membrane and side wall of the reservoir. Hence, further parametric investigations for various
sizes of pear-shaped chambers and required strength of magnetic fields will be needed to increase
the on-demand release rate. One possible design to make a perfect contact between the membrane
and side wall of the reservoir is to replace iron oxide nanoparticles with a thin disc-shaped magnet
in the PDMS membrane to increase the attractive force between the membrane and the magnet.
Because the membrane will be deflected slightly even before activation due to the weight of the
enclosed thin magnet, thicker PDMS coating and the alignment between the centroid of the chamber
and center of the enclosed magnet are necessary for this design. It was also found that the amount of
discharged drug was proportionally increased as the magnetic field was increased as seen in Fig.
6(b). For a single expulsion of drug solution, a consistent release amount of 3.47 = 0.45 ug was
increased per every S0mT increment from 250 (~1 ug) to 500mT (~18.3 pg). Figure 7 shows the
three-dimensional plot of the discharged drug amount with the combination of the number of accu-
mulated actuations and the strength of the magnetic field. This map can be effectively used to deter-
mine the number of actuations and desired strength of the magnetic field for the specific dosage that
must be delivered to a target site. Therefore, the developed magnetically actuated drug delivery de-
vice with the pear-shaped magnetic membrane provided the on-demand controlled and reproducible
release with easier operation, cost-effective fabrication, and implantable function.

VI. CONCLUSIONS

In summary, a directly refillable and remotely controllable drug delivery device was devel-
oped for on-demand controlled, consistent, and reproducible drug release to treat localized dis-
eases without the assistance of specialized stimulus-responsive nanomaterials or microfluidic
components. The device featuring a pear-shaped membrane was demonstrated with a simple
fabrication process by soft lithography, and the PDMS magnetic membrane was successfully
fabricated with iron oxide nanoparticles. To characterize on-demand controlled drug release, the
fabricated device was tested with a commercially available neodymium magnet in response to
the various magnetic strengths and the number of accumulated actuations. The drug solution
was rapidly released through the delivery outlet port by a sequential touchdown motion and
deflection of the asymmetrical pear-shaped membrane, resulting in one-way fluid transport
through microchannels without a microfluidic valve. This all-PDMS device allowed a success-
ful, efficient, and consistent drug release rate in each actuation within a short time compared to
conventional drug delivery devices that require complicated fabrication steps and expensive
specialized materials or equipment such as an electric platform and on-chip battery. For a real
in vivo drug delivery, the developed device can be directly attached or implanted on the curved
surfaces of the body—including the eyeball, knee, or scalp—because of the flexibility of the
all-PDMS device. Once it is implanted underneath the skin using a simple surgical operation,
various magnets with different strengths can be directly applied on the skin where the device is
implanted, and the distance between the skin and device remains fixed. Therefore, a patient can
control the drug dose by applying a different magnet prescribed by a doctor to discharge the
required dosage and treat the localized diseases. This approach could be more practical than
controlling the distance between the device and external magnet to adjust the strength of the
magnetic force, and eliminate operating difficulties. This study indicates the potential of the
MEMS-based magnetically actuated valveless drug delivery system to address clinical require-
ments for treatment of localized diseases by providing a cost-effective and simple operation.
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