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Implantable drug delivery systems can provide long-term reliability, controllabil-
ity, and biocompatibility, and have been used in many applications, including can-
cer pain and non-malignant pain treatment. However, many of the available
systems are limited to zero-order, inconsistent, or single burst event drug release.
To address these limitations, we demonstrate prototypes of a remotely operated
drug delivery device that offers controllability of drug release profiles, using os-
motic pumping as a pressure source and magnetically triggered membranes as
switchable on-demand valves. The membranes are made of either ethyl cellulose,
or the proposed stronger cellulose acetate polymer, mixed with thermosensitive
poly(NV-isopropylacrylamide) hydrogel and superparamagnetic iron oxide par-
ticles. The prototype devices’ drug diffusion rates are on the order of 0.5-2 ug/h
for higher release rate designs, and 12—40ng/h for lower release rates, with maxi-
mum release ratios of 4.2 and 3.2, respectively. The devices exhibit increased drug
delivery rates with higher osmotic pumping rates or with magnetically increased
membrane porosity. Furthermore, by vapor deposition of a cyanoacrylate layer, a
drastic reduction of the drug delivery rate from micrograms down to tens of nano-
grams per hour is achieved. By utilizing magnetic membranes as the valve-control
mechanism, triggered remotely by means of induction heating, the demonstrated
drug delivery devices benefit from having the power source external to the system,
eliminating the need for a battery. These designs multiply the potential approaches
towards increasing the on-demand controllability and customizability of drug
delivery profiles in the expanding field of implantable drug delivery systems, with
the future possibility of remotely controlling the pressure source. © 2015
AIP Publishing LLC. [http://dx.doi.org/10.1063/1.4931954]

I. INTRODUCTION

The field of drug delivery is of increasing interest amongst academic and industrial
researchers seeking to optimize methods for localized, passive, smart, and remotely triggerable,
on-demand drug delivery systems.'™'' Functionalized organic composites that react to external
stimuli such as heat, light, pH, ultrasound, or magnetic fields are of particular interest for
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specific biomedical applications.'*'? For example, poly(N-isopropylacrylamide) (PNIPAM) has
been utilized as a thermosensitive polymer in drug delivery systems by grafting with other
polymers or inorganic particles,'*"” in the forms of nanoparticles,"®'” micelles,” lipo-
somes,”"** or core-shell structures.”>** The hydrogel presents different volume phases and
hydrophilicity at a transition temperature, known as the lower critical solution temperature,
which determines the hydrogel’s swelling state by influencing the formation of H-bonds among
polymer networks. Below this critical temperature, PNIPAM is highly hydrophilic and swells in
an aqueous environment due to intermolecular H-bonds with water. Above the critical tempera-
ture, it becomes relatively hydrophobic and shrinks in volume, as the intermolecular H-bonds
tend to break while the intramolecular ones are preferred and formed. PNIPAM-based mem-
branes have been shown to be viable control switches as gates for on-off drug release pro-
files.'**> On the one hand, they can occupy the diffusion pathways in films and limit mass
transport below the lower critical solution temperature. On the other hand, they can shrink in
size above the lower critical solution temperature, allowing for higher diffusion rates. The ther-
mosensitive controllability can be tailored to allow for magnetic-triggering by incorporating
magnetic nanoparticles into the drug delivery system,'?'*'7%> where magnetic particles such
as Fe;O,4 convert energy from an alternating magnetic field to thermal energy, by Néel and
Brownian relaxations, and transfer the heat to induce the shrinkage of the hydrogel.

Implantable devices are playing an increasingly important role in therapeutic treatments.
Over the past several years, significant advancements have been made with regards to the syn-
thesis and tunability of functionalized drug carriers, switches, membranes, containers, pumps,
and valves.'> 81171326730 Gtate of the art implantable micro-devices include reservoir-based
systems, controlled-release microchips, and various electrically powered microsystems.''%3!
Osmotic pumps present a convenient and reliable cost-effective drug delivery method capable
of replacing repeated injections of soluble and poorly soluble drugs®>?® for the treatment of
chronically debilitating diseases.****® These marketed pumps use the principle of osmotic
pressure for the delivery of pharmaceutical ingredients at a predetermined rate®’ and eliminate
the need for frequent handling and injections, without external connectors. For example, Duros
brand pumps have been used for parenteral therapy, over periods of days to years, for both
local and systemic drug delivery.* Osmotic drug delivery systems have also been used in ani-
mal testing related to the treatment of central nervous system disorders,”®>? spinal cord inju-
ries,*® cerebral malaria,*! peripheral arterial disease,** Parkinson’s disease,*® to name a few, as
well as in discrete and daily dosing of anabolic osteoporosis medication via wirelessly con-
trolled microchips implanted in human patients.”®> These state-of-art osmotic drug devices are
limited to constant drug release, without real-time controllability or variable dosing.

There has been an increased interest in the development of remotely modulated drug deliv-
ery from implantable devices. Examples of the need for such systems, where short bursts of
increased delivery are highly optimal, include insulin delivery and osteoporosis therapy.*>** For
these cases, a lower, sustained bias delivery rate, driven by a pressure source, would address the
need for continuous treatment. This is then supplemented by intermittent on-demand rate
increases. Similarly, switchable transdermal nicotine delivery rates are pursued to address the
varying therapeutic demand levels for nicotine cessation treatments.*” Chronic diseases that pres-
ent symptom flare up, including diabetes, ¢ hemophilia,*®** hypertension,”® high cholesterol,”’
asthma,> seasonal allergies,” and chronic seizures,”® may potentially be addressed using vari-
able dosing. Furthermore, in the case of diseases that affect specific locations in the body (e.g.,
internal bleeding at joints in hemophiliacs), localized device implantation can allow for signifi-
cant reductions in the required drug mass delivery by bypassing untargeted organs such as the
stomach, small intestine, liver, and kidney, which cause unnecessary loss of drugs.

This work proposes and demonstrates controllable drug delivery from osmotically powered
systems using PNIPAM-based membranes as the valves and embedded magnetic nanoparticles
as the heating elements. By utilizing a magnetic membrane as the control mechanism, the de-
vice benefits from having the power source external to the system, and the elimination of the
need for an on-chip battery. Different membrane material designs have been investigated using
a simulation model and experimentally characterized.
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Il. METHODS
A. Device design

The main design consists, from bottom to top, of (i) an osmotic pump that resides under-
neath (ii) a donor chamber containing the model drug, 1 mg/mL of Rhodamine-B (RhB), (iii) a
magnetically triggered nanocomposite membrane separating the donor chamber from (iv) a re-
ceptor chamber containing pure water, as illustrated in Fig. 1(a). The osmotic pump contains
NaCl salt and, when its water inlet is wetted, its volume expands with the influx of water
against its flexible poly(dimethylsiloxane) (PDMS) membrane, pressurizing the donor solution
towards the receptor. The water inlet membrane is made of pure ethyl cellulose (EC), permea-
ble to water and preventing the loss of NaCl. The nanocomposite membrane consists of either
EC or cellulose acetate (CA) as a matrix with embedded PNIPAM and superparamagnetic iron
oxide (SPIO) particles. When an alternating magnetic field is applied, the SPIO particles gener-
ate heat via magnetic losses, which results in the shrinkage of the thermosensitive PNIPAM
(Fig. 1(b)). This increase in porosity of the membrane allows for higher diffusion rates of RhB,
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FIG. 1. (a) Schematic diagram of the drug delivery system with magnetic composite membrane and osmotic pump. The
structural material is made of laser-etched and chloroform bonded PMMA stacks. (b) PNIPAM hydrogel undergoing swel-
ling (left) and shrinking (right) before and during the application of an AC magnetic field. SPIO particles react to the AC
magnetic field to generate heat and the shrinkage of the PNIPAM hydrogel. This shrinkage induces the large flux shown.
(c) Test setup used to characterize the operation of the osmotic pump. The drug reservoir is filled using a sealable fill tube,
and the initial level of dye in the glass capillary is recorded. After the activation of the osmotic pump, the level of the dye
is recorded over time to calculate the pumped volume.
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through the membrane and into the receptor chamber. A combination of increased porosity and
osmotic pressure results in higher RhB dosing. The effect of a cyanoacrylate layer on top of
the nanocomposite membrane (Fig. 1(b)) on the drug release is also studied to address the need
for delivery rate reduction when applications depend on a small release of highly concentrated,
high potency, drug solutions.

The main body of the device is 20 x 20 x 26 mm® and is made of six 1 mm and two 10 mm
thick laser-etched and chloroform bonded poly(methyl 2-methylpropenoate) (PMMA) stacks
(Fig. 1(a)). Both the donor and receptor chambers have a volume of 2.3 mL, in order to have
enough solution for analysis. The 5mm diameter fill hole on top of the system is used to fill
the receptor with water, and the 2.5 mm diameter sampling port is used to extract fluid samples
for solution analysis.

The donor chamber has two I mm fill holes drilled through one wall (one used for RhB
intake and the other for air outflow) for accurate filling of the chamber with RhB and evacua-
tion of air bubbles. The nanocomposite membrane has an opening of 10 mm in diameter. The
osmotic pump consists of three 1 mm thick layers of PMMA sheets (Fig. 1(a) bottom) that hold
a semi-permeable membrane made of 20 um-thick ethyl cellulose, above which is the salt
chamber, 2mm in diameter and 1 mm in height containing powdered NaCl, which is in turn
underneath a 63 um-thick PDMS membrane, insulating the NaCl from the donor chamber.
Fig. 1(c) shows the schematic diagram of an assembled osmotic pump with a fill tube and a
glass capillary, 0.5 mm in diameter, attached to the donor drug reservoir for basic characteriza-
tions of the pump operation. The vertical displacement of the dye is measured over time and
data are collected to determine the pump flow rates before (priming phase) and during drug
delivery operations. A large osmotic gradient occurs between the semi-permeable membrane
and the salt when the pump is wetted,* and water is continuously drawn through the pump’s
EC semi-permeable membrane due to the concentration differences. Only the PDMS membrane
is in direct contact with the RhB solution in the donor cell. When the pump is activated, the
volume of the salt chamber expands and pushes against the donor cell solution by deflecting
the PDMS, hence increasing the donor pressure.

B. Fabrication of the osmotic pump

A 20 um-thick, semi-permeable membrane made solely of ethyl cellulose is cast on a glass
slide using a micrometer adjustable film applicator (Sheen Instruments, Elektron Technology
Group, Cambridge, UK). This membrane is then released in water and left to dry while com-
pressed between filter paper sheets (>16h). A buffered oxide etch and Piranha Etch treated sili-
con wafer is used to spin coat 63 um-thick PDMS, from which membranes of approximately
10-15mm in diameter are laser cut as the deformable pump membrane. Adhesive (Loctite 401
glue) is used to ensure watertight sealing between osmotic NaCl chamber, donor, and exterior.
The osmotic NaCl chamber is filled with finely powdered NaCl, and sealed from the pump’s
bottom with an adhered ethyl cellulose membrane. The PMMA layer with a water intake hole
of 4mm in diameter at the bottom defines the water inlet. When attached to the donor chamber,
an additional viscous PMMA-chloroform mixture is used to prevent possible leakages of the
system. Upon evaporation of the chloroform content, the remaining structural material is com-
posed only of PMMA.

C. Fabrication of magnetic nanocomposite membranes
1. PNIPAM hydrogels

The PNIPAM hydrogels are prepared by copolymerization of NIPAm, N-isopropylmetha-
crylamide (NIPMAm) and acrylamide (AAm) by adding 300 mL de-ionized water, 4 g NIPAm
(35.3mmol), 7.44 g NIPMAm (58.5mmol), 0.5g AAm (7.0mmol), and 0.78 g bis-acrylamide
(5.6 mmol) crosslinker at 40°C under continuous stirring and nitrogen purging. After 1h, the
reaction is initiated by adding 1 g potassium persulfate (3.7 mmol) and increasing the tempera-
ture to 70 °C. The mixture is kept at this temperature for 12h to obtain a white suspension,
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which is then allowed to cool at ambient conditions. To remove the unreacted monomers and
small polymer molecules, this mixture is purified by dialysis in de-ionized water for 2 days
using a 25 kDa MWCO dialysis bag. White PNIPAM hydrogel powders are obtained by lyophi-
lization. The volume phase transition temperature of the PNIPAM hydrogels is observed by
monitoring the absorbance of PNIPAM aqueous suspension on a UV/Vis spectrum (UV-Vis-
NIR system, Cary 5000, Agilent, Santa Clara, CA) under different temperatures. From 35 °C to
50°C, the temperature is gradually increased by 1°C increments, and each temperature is held
for 10 min before the absorbance at 500 nm (Asqgg) is recorded. The As5gy-T curve is established
to determine the transition temperature.

2. Superparamagnetic iron oxide nanoparticles

The synthesis of Fe;O04 SPIO particles is performed using a high-temperature organic-phase
decomposition method.>’ Briefly, Fe(acac); (2.0 mmol), 1,2-hexadecanediol (10.0 mmol), oleic
acid (6.0mmol), oleylamine (6.0 mmol), and 20mL phenyl ether (126 mmol) are mixed under
nitrogen purging. The mixture is heated to 200°C for 2h and then to 300 °C for another 1 h.
After the chemical reaction, the mixture is allowed to cool at ambient conditions, followed by
precipitation in 40 mL (685 mmol) of ethanol. To purify the resulting precipitate, the solution is
dissolved into hexane with 0.05mL (0.157 mmol) oleic acid and 0.05mL (0.152 mmol) oleyl-
amine, and then centrifuged at 4000 rpm for 15min to remove any undispersed residue. The
SPIO dispersion is precipitated again in ethanol and re-dispersed into hexane for storage or use.

3. Magnetic nanocomposite membranes

The nanocomposite membranes are based on either CA or EC, used as the porous matrices,
with inter-dispersed PNIPAM hydrogel and SPIO particles. Membranes are fabricated for indi-
vidual characterizations (diffusion testing by direct heating in two-chamber glass diffusion
cells), and for integration in the drug delivery devices. These membranes have thicknesses
between 16 um and 21 um after being cast-set (using film applicator). The nanocomposite mem-
branes are fabricated by casting the desired mixture dispersion on glass slides. The EC-
PNIPAM-SPIO membrane is fabricated by adding 1g of 8 wt. % EC in ethanol with 40 mg of
PNIPAM while stirring for 12h to obtain a homogeneous mixture. The SPIO dispersion (con-
taining 75 mg SPIO) is precipitated in an equal volume of ethanol and washed with ethanol
before it is mixed with the previous dispersion. The fabrication of the CA-PNIPAM-SPIO
membrane follows the same procedure, except that 10 wt. % CA in acetone is used in the mix-
ture. All membranes are allowed to dry at ambient conditions (>16h) and observed by scan-
ning electron microscopy (Fig. 2) to determine the membranes’ equivalent thicknesses and mor-
phologies. The average thicknesses are obtained as the mean value of 8 different positions
along the cross-sections as listed in Table I.

4. Cyanoacrylate vapour deposition

Vapor deposition of inert, medically implementable, cyanoacrylate®®>’ is used to drastically

reduce the drug delivery rate. The deposition process consists of covering one side of the nano-
composite membrane with a 10 x 10 x 5mm? hollow, cube-shaped, bottomless plastic enclo-
sure. The enclosure has a 5mm diameter ventilation hole on its top side. A 0.08 mL volume of
cyanoacrylate is spread along the bottom of the four inner sides of the enclosure using a needle
tip, ensuring a well distributed vapor source. The setup is left undisturbed for over 16 h (room
temperature). As the cyanoacrylate vapor cures and polymerizes, its vapor deposits on the sur-
face of the membrane. This creates a permeable barrier, whose permeability is a function of the
amount of cyanoacrylate placed on the enclosure’s inner sides. The purpose of the 5 mm hole is
to allow the un-deposited vapors to exit the enclosure as they diffuse atop and past the
membrane.
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FIG. 2. Scanning electron microscopy images of the cross-sections of different nanocomposite membranes, (a) EC with
PNIPAM, (b) EC with PNIPAM and SPIO particles, (c) CA with PNIPAM, (d) CA with PNIPAM and SPIO particles.
Transmission electron microscopy images of (e) synthesized 8 nm SPIO particles, (f) PNIPAM particles in water, 800 nm
at 37 °C and (g) 400 nm at 45 °C (using direct heating).

5. Mechanical characterization of membrane types

The ASTM D 790-07 standard test method is used to mechanically characterize EC-
PNIPAM and CA-PNIPAM membranes, as they yield under a 3-point loading system (Instron,
Mlinois Tool Works, Glenview, IL). The mean flexural stress of five samples at the breaking
point is measured for both dry and wet conditions. Membranes are broken into approximately
5Smm wide and 10 mm long segments. The formula for a rectangular sample under a load in a
3-point loading system is given by

TABLE I. Thickness measurements of different nanocomposite membranes after casting and curing.

Membrane types Thickness

EC with PNIPAM 15.48 = 1.43 um
EC with PNIPAM and SPIO 18.78 = 2.03 um
CA with PNIPAM 12.97 £2.12 um

CA with PNIPAM and SPIO 18.73 £3.45 um
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3FL
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where F is the load force at the fracture point (N), L is the length of the span between the
two supports on which the sample rests, b is the width of the sample (mm), and d is the
thickness (mm).

D. Modeling and numerical simulations

Finite element simulation software (COMSOL) is used to simulate the drug delivery device
focusing on the osmotically pressurized cyanoacrylate treated EC membrane with PNIPAM
hydrogel and SPIO particles. The numerical model is developed based on three modules in the
software: fluid-structure interaction (FSI) for the flexible PDMS, free flow and flow through
porous media for the magnetically triggered membrane, and species transport through free and
porous media for the RhB diffusion. The FSI module combines the Navier-Stokes equation that
applies to water with the structural mechanics equation for isotropic linearly elastic material
that is nearly incompressible (PDMS), while Brinkman’s equation is utilized for porous regions.
The transport of RhB solution through porous and free media can be solved with a module in
COMSOL. In this work, the governing equation of the module is transferred to a mathematical
module and simplified for the simulation (see supplementary material SA-SF)*?

8%+V-(Cu)zv- ((¢D) Vo), @)
where ¢ is the porosity, ¢ is the concentration, u is the velocity profile, and D is the diffusion
coefficient of the diffusing species.

An analytical approximation is used to find the return force-induced pressure from the os-
motic chamber on the flexible PDMS membrane, Pppys. The analytical equation for this
applied pressure on the PDMS membrane is derived from two basic equations that describe the
elastic deflection of a membrane and the fluid flow through a semi-permeable membrane,
namely, the equation of deflection of a circular plate with clamped edges and under uniform
lateral load,”® and Darcy’s Law.” By combining these and the boundary conditions (see supple-
mentary material SG),°> an approximation of the applied pressure on the PDMS membrane is
derived

h .
PPDMS = O(V3 + Z—AV (3)

In Equation (3),

* Pppums is the applied pressure on the PDMS membrane by the osmotic chamber in the pump.
* « is a parameter determined when solely examining the PDMS membrane deflection.

e V is the fluid volume displaced due to PDMS deflection.

 u is the dynamic viscosity of the fluid.

* h is the thickness of the magnetically responsive membrane.

* k is the mechanical permeability of the magnetically responsive membrane.

* A is the cross-sectional area of the magnetically responsive membrane.

« V is the rate of volume displacement over time.

The second term appears only with the existence of the magnetically responsive membrane,
while the first term represents the contribution of the osmotic pump’s displaced volume via the
deflection of the PDMS membrane.

An approximated applied pressure on the PDMS membrane, used to simulate its behavior
alone, shows an interesting behavior of the input pressure profile. Since the magnetic mem-
brane’s permeability is low in general, the small displacement of the PDMS membrane reduces
the influence of the aV? term on Pppys, causing the pressure profile applied onto the donor
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chamber to be dominated by the volume displacement rate V through the magnetic membrane
and the permeability & of the magnetic membrane in the second term.

The approximation of the permeability of the magnetic membrane is based on work done
on fluid transport and permeability of water vapor through EC.°® From such a basis, the magni-
tude of Pgonor is determined (see supplementary material SH).%®> The permeability of the mag-
netic membrane is calibrated with this applied pressure, and the permeability difference
between the magnetically activated and deactivated states is approximated by comparing the
two states (magnetic field on and off), which gives a ratio of the magnetic membrane’s perme-
ability values for the two states (see supplementary material SI).®®

The simulation process is divided into four parts, namely, (1) direct pressure test (PDMS
membrane behavior without simulating osmotic process), (2) magnetic membrane porosity cali-
bration, (3) magnetic membrane permeability calibration, and (4) simulation of the full osmotic
pump and magnetic membrane assembly.

E. Device characterization

We report two different devices in this study, using either a CA membrane or a cyanoacry-
late treated EC membrane, each containing PNIPAM hydrogel and SPIO particles, and under-
going similar test conditions. The device prototype using a CA membrane was tested over a
span of 10.5h, split into four test stages. In the first stage, the donor and receptor are carefully
loaded with RhB and DI water, respectively. The donor’s fill holes are then sealed with several
layers of PMMA-chloroform mixture that quickly dries while under a fume extraction system.
The device is left upright at room temperature on a dry platform with the deactivated osmotic
pump on the bottom for a total of 3 h, after which a small amount of the receptor fluid is imme-
diately analyzed via UV spectrophotometry to determine the total amount of RhB initially dif-
fused, then slowly re-injected into the receptor (via the sampling port) such that the membrane
does not experience any excess force. UV analysis is conducted in such a manner for every de-
vice. With the diffusion process fully initiated and stable, this first measurement is used as the
zero point for a second room temperature rate. In the second stage, while maintaining the same
orientation as before, the device is placed in the center of a vertically oriented magnetic sole-
noid of a water cooled 3kW inductive heater (Induktive Erwarmungsanlagen GmbH, Austria),
and cycled through approximately three, 1h long on-off magnetization periods, each period
including 30 min of exposure to a 62mT, 450 kHz magnetic field, followed by 30 min with the
field off, totaling 3h prior to UV analysis. Depending on the application, the exposure time
within this magnetization period could be adjusted. The magnetic field generated by the induc-
tive heater is measured using a pickup coil of known area, connected to an oscilloscope dis-
playing an induced voltage and the frequency of the field, allowing for the calculation of the
magnetic field strength. During this entire process, high flow rate room temperature air (pressur-
ized at 2.5 bar) is applied along the device holder, ensuring that no heat generated from the coil
can dissipate to the device or the membrane during experimentation. The temperature of the de-
vice components is monitored externally using an infrared thermometer (Thermo Fisher
Scientific Inc., USA), also equipped with a temperature probe, to confirm room temperature
readings and hence the absence of non-specific heating. Continuous air cooling and temperature
control monitoring is performed in such a manner and for every device, during every stage
involving inductive heating, to ensure their comparability as proof of concept designs. The third
stage repeats the steps performed in stage 2 for the duration of 3 h, with the addition of the acti-
vation of the osmotic pump at the start of this step. While ensuring not to agitate the device,
the water inlet is wetted with a drop of water, held in place by surface tension with the device
in the upright position. The device is then placed in a small water holder used to partially sub-
merge the donor and fully submerge the pump in more water, such that no air remains in the
pump’s water inlet. The fourth stage consist of a 1.5h period during which the device is left at
room temperature, with the osmotic pump still pressurizing the drug chamber and positioned as
described above. The measurements of RhB diffused by the end of each stage are used to deter-
mine each stage’s average diffusion rate.
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The prototype device using the cyanoacrylate treated EC membrane is tested over a span
of ~55h. First, the device is cycled through three 1h on-off cycles with the magnetic field
applied as described above. In the second stage, the device is cycled through six 1h on-off
cycles with the osmotic pump activated at the start of this step. The third stage consists of leav-
ing the device for 6 h while undergoing osmotic pumping only.

Next, stages 4—7 are obtained by repeating the second and third stages two more times,
providing four more data points. The seventh stage (osmotic pumping) is undergone over a 12h
period in contrast to the previous 6h cycles, to further verify the stability of the state. And
finally, the eighth stage consist of a prolonged period of diffusion, over the course of 7h, with
the osmotic pump locked in its deflected position at the end of the seventh stage. To achieve
this locked state, the device was removed from the small water holder, the pump’s bottom EC
membrane was carefully dried with the edge of KimWipes (Kimberley-Clark Corporation,
Irving, TX), and the dry water inlet was completely sealed off using a carefully adhered wide
area of Kapton tape (DuPont, Wilmington, DE), in contact with the entire bottom and sidewalls
of the exterior of the device.

In order to test for non-specific heating during the application of the magnetic field, an
experiment is performed with an EC membrane in one case and a CA membrane in another,
both fabricated as described in Section IIC, but with zero iron oxide content (Figs. 2(a) and
2(c)). Membranes are assembled into the device configuration, and after reaching a steady base-
line value of RhB diffusion from the donor chamber to the receptor chamber, the diffusion rates
for a 6 h period with no magnetic field application, and a 6 h period with magnetic field applica-
tion, are measured. Temperature monitoring by infrared thermometer and temperature probe, as
well as air cooling, is performed to corroborate the findings. No measurable difference in diffu-
sion rates is observed before and after the applications of the magnetic field for each mem-
brane, and no measureable changes in temperature are observed using the thermometer.

Ill. RESULTS AND DISCUSSION
A. Individual membrane characterization

The continuous change of absorbance of PNIPAM hydrogels at 500 nm wavelength during
heating is shown in Fig. 3(a), where a clear inflection point is observed on the continuous curve.
This point indicates that the volume phase transition temperature of tested hydrogels is around
42°C, which is 5°C higher than 37°C human physiological conditions. The chemistry of
PNIPAM hydrogels is very well established especially in terms of their thermo-responsivity.'*>*
This concept is applied in this platform where hydrogel particles embedded in the polymer ma-
trix undergo size transition to increase cargo efflux through the heterogeneous membrane. This
thermoresponsive size transition is highlighted in Figs. 2(f) and 2(g), where a clear size transi-
tion from around 800nm to 400nm occurs after heating the hydrogel particles in solution to
45°C. The same transition is hypothesized to be taking place in the composite membranes.
Attempts to capture scanning electron microscopy images of membrane cross sections before
and after heating did not clearly show the changes in the embedded hydrogel size, probably due
to the packed integration of the hydrogel particles in the polymer matrix.

Using RhB as model drug molecules, diffusion through composite membranes at different
temperatures are measured as shown in Figs. 3(b) and 3(c). During 3h experiments, EC mem-
branes with PNIPAM and SPIO particles diffused at an average rate of 0.28 ug/h, while those at
45°C diffused at an average rate of 6.65 ug/h. This indicates that the diffusion increases by
approximately 24 times when the temperature is increased to 45°C. For CA membranes with
PNIPAM and SPIO particles, the diffusion also increased from room temperature to 45 °C, with
the corresponding diffusion rate changing from 1.48 ug/h to 34.14 ug/h, which indicates an
increased diffusion of approximately 23 times. Despite the similarity in ratios of ~23-24 for
untreated membranes (Figs. 3(b) and 3(c)), the EC membrane has the lower diffusion rates. This
difference between untreated EC and CA membranes is explained by the difference in affinity
towards water, as CA is widely considered as hydrophilic while EC as hydrophobic.®!
Furthermore, a study involving water permeability through membranes found that the
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FIG. 3. (a) Absorbance of PNIPAM hydrogels at different temperatures. Diffusion profiles of RhB through (b) EC with
PNIPAM and SPIO particles and (c) CA with PNIPAM and SPIO particle composite membranes at room temperature (RT)
and at 45°C. (d) Diffusion profiles of RhB through EC with PNIPAM and SPIO particle composite membranes treated
with 0.08 ml of cyanoacrylate (see Methods), at room temperature and at 45 °C.

permeability of EC was less than one fifth that of CA, and could be increased with the addition
of another polymer.®*

Fig. 3(d) shows the diffusion rates measured at room temperature and at 45°C for a cya-
noacrylate treated EC membrane with PNIPAM and SPIO particles. As expected, the addition
of the layer impedes the diffusion, resulting in rates of only 0.01 ug/h and 0.1 ug/h, respec-
tively, hence increasing relative diffusion by a factor of 10 with the addition of direct heat over
the room temperature state. These rates are measured after a prolonged initial diffusion over
several hours to ensure that the smaller amount of RhB passing through the cyanoacrylate-
impeded membrane can be detected and reliably measured to generate reported data.

The essential reason for the significant difference between diffusion at <40°C and that at
>40°C is that the PNIPAM hydrogel occupies different volumes within the diffusion pathways
while at these two temperature conditions. At room temperature, owning to the swelling state
of the hydrogel while under its transition temperature where the intermolecular H-bonds formed
with water increase the volume occupied by hydrogel particles blocking drug pathways, the dif-
fusion is highly inhibited. However, when the temperature increases to 45 °C, high enough to
induce the hydrogel’s volume phase transition, the intermolecular H-bonds tend to break, while
the intramolecular ones are preferred and formed. In this case, the shrinkage of hydrogel par-
ticles increases the diffusion pathways around them, resulting in higher diffusion through mem-
branes than that at room temperature. From the diffusion profiles, it is also clear that the ther-
mosensitive behavior of the PNIPAM hydrogel can be maintained no matter which membrane
matrix is surrounding it.

Table II summarizes the mean flexural stress at the breaking point, measured for each of
the two conditions described, for the mechanical characterization of the two membrane types.
CA membranes exhibit larger flexural stress when compared to EC membranes, which is con-
sistent with the experience of a higher failure rate for EC membranes studied. Some EC mem-
branes would crack or leak during device assembly or at the start of diffusion cell testing, while
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TABLE II. Mean flexural stress at breaking point for dry and wet CA and EC based membranes. 10 samples measured for
each membrane type.

Membrane composition Mean flexural stress at breaking point (MPa)
CA and PNIPAM, dry 7850 (6 =825.41)
CA and PNIPAM wet 7210 (6 =890.58)
EC and PNIPAM, dry 5610 (6 =960.93)
EC and PNIPAM, wet 3480 (6 =986.01)

no CA membranes did so. This suggests that CA is a more mechanically robust polymer to use
as a membrane matrix for drug delivery applications, while it only changes the rate by less
than an order of magnitude when compared to untreated EC.

B. Controlled release of model drug

In the case of the CA membrane device (Fig. 4(a)), there is a clear increase of rate of diffu-
sion between the room temperature state at 0.48 ug/h (stage A), to the magnetic heating state at
1.41 pg/h (stage B), and the coupled magnetic heating and osmotic pumping state at 1.97 ug/h
(stage C). Removal of the magnetic heating, with the pump still on, drops the diffusion rate
down to 1.53 ug/h (stage D). Receptor RhB concentration at its maximum is less than 1% of the
donor’s concentration during experimentation; therefore, the device’s results are not significantly
affected by the change in concentration of the two solutions.

For the cyanoacrylate treated (0.08 mL evaporation) EC membrane device (Fig. 4(b)), there
is a clear increase of delivery rate from 18.9 ng/h in stage A with magnetic heating to 37.2ng/h
in stage B with both magnetic heating and osmotic pumping. Without the magnetic heating but
with the active osmotic pump, the delivery rate drops to 28.0ng/h in stage C. Stages E and G
are repetitions of stage C, over two different time intervals (6h and 12h), and are in good
agreement with the expected value achieved in stage C (27.8 and 27.4ng/h, respectively).
Stages D and F are repetitions of stage B, in which the magnetic field is applied together with
osmotic pumping, and demonstrate controllable pulsatile release. And finally, stage H is held
for approximately 7h with only the diffusion process and with neither magnetic heating nor os-
motic pumping, resulting in the lowest rate at 11.6 ng/h. All measured diffusion rates are on the
nanogram scale and hence receptor concentration falls well below 1%.

C. Simulation-based device characterization and discussion

The overlaid simulation data in Fig. 4 is in good agreement with the experimental results,
and supports two important aspects of the analytical approximation, namely, the cubic volume
relation and the volume displacement rate relation with the applied pressure (see supplementary
material SJ).®® First, the simulated direct pressure test on the PDMS membrane supports the
cubic volume-pressure relation by observing only the PDMS membrane under externally
applied pressure. With no magnetic membrane present during this test, a near-linear volume
deflection under cubic pressure over time supports the «V® term in Equation (3) with reliable
accuracy. Under the same condition, the relation pressure ~ time> is shown by plotting the
applied pressure to the PDMS membrane over time, as well as the relation volume ~ time,
by plotting volume deflection of PDMS over time. These two result in the relation pressure
~ volume®. The results from the direct pressure test support the analytical approximation. The
simulation results of the RhB transport through the magnetic membrane over time are plotted
along with experimental values, and all simulated parameters, along with derived results, show
consistency with experimental values, indicating that the simulation as whole is physically sen-
sible (Fig. 4(b)).

The drug release rate is quite consistent for each magnetic state throughout the simulation:
despite the uncertainty in deciding the magnitude of Pppys, the behavior of the drug delivery
and transport rate can be matched and show that with reasonable application of pressure by the
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FIG. 4. (a) The CA membrane (cellulose acetate with PNIPAM and SPIO particles) device testing results, with average dif-
fusion rates of RhB sampled for each test stage ((A)—(D)). (A) Room temperature diffusion after reaching steady state base-
line value, (B) applied magnetic field (62 mT, 450kHz, cycled on/off every 30 min) and no osmotic pumping, (C) applied
magnetic field (same cycling as in B) with osmotic pumping, (D) osmotic pumping with no applied magnetic field. (b) The
cyanoacrylate treated EC membrane (cyanoacrylate treated ethyl cellulose with PNIPAM and SPIO particles) device testing
results, with average diffusion rates of RhB sampled for each test stage ((A)—(H)). (A) Applied magnetic field without os-
motic pumping, (B, D, F) applied magnetic field with osmotic pumping, (C, E, G) osmotic pumping without applied mag-
netic field, (H) without magnetic field and locking of osmotic pump in its current deflected position. Red plot indicates
simulation results, with point o indicating the simulated value for room temperature diffusion rate, whose mass value is too
low to be measured by UV spectrophotometry. Although H is slightly lower than o, it is an experimentally measurable dif-
fusion rate due to the larger amount of RhB present in the receptor chamber.

osmotic chamber, constant drug delivery can be achieved with the complete device setup.
While numerical smoothing requires some linear increase and decrease of pressure at the start
and end of the osmotic pumping, the pressure profile of the complete device setup is approxi-
mately constant throughout the simulation, based on the assumption that the second pressure
term in Equation (3) is the dominating term.

While experimentally there is a sharp increase in osmotic pressure in the first few hours
once the pumping starts, the general trend of osmotic pressure is to stay at the same pressure,
assuming the saturation concentration stays constant. This reasoning is based on the calculation
of osmotic pressure using Morse’s Law for an ideal, diluted solution. While under the same sat-
uration concentration, the introduction of water should not increase the osmotic pressure. If
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there is no undissolved salt precipitate, introduction of water will decrease the molarity of salt
water in the osmotic chamber, decreasing osmotic pressure. If there are undissolved salt precipi-
tates, the introduction of water will hold the osmotic pressure constant as more salt is dissolved
until the saturation concentration is reached. Thus, the general trend of a rectangular osmotic
pressure profile agrees with physical sensibility under Morse’s Law of osmotic pressure with an
ideal solution. The balance of pressures on the PDMS membrane of the pump supports this
pressure profile (see discussion of net forces in supplementary material SG).*

The primary purpose of the osmotic pump and the deflection of the PDMS membrane is to
provide a back pressure for the small scale diffusion of RhB through the stiff non-flexible mag-
netic membrane, as illustrated through the simulated dynamics. Though some diffusion occurs
without assistance, or can occur with flow assisted diffusion as previously reported,” the use of
the osmotic pump as a back pressure allows for faster on-off magnetic control of the system, as
opposed to using the osmotic pressure as a direct pump for the RhB solution. Furthermore, flow
assistance is not possible when implementing the implantable device in vivo, therefore pump
assistance is suitable, despite not being used for its maximum pressure potential in displacing
the drug volume.

Parameter derivation and estimated values associated with the treated EC composite mem-
brane are summarized in a Table III, along with average RhB transport rates as compared with
experimental data.

Porosity and permeability values apply whether or not the pump is active, and as would be
expected, shrinking of the hydrogel when heated by magnetic activation causes the porosity and
permeability values to increase. However, the simulation results in Fig. 4(b) and Table III show
deviations when compared to experimental data since these values are derived from simulation
using governing physics and equation that are simplified for simulation efficiency.

Regarding RhB transport rates and parameter determination, simulation results indicate that
the drug transport rate seems consistently linear, with constant rate of drug transport per state
and stage. Each determined parameter is a constant value for each prescribed state (Table III).
This also makes sense physically, as it is likely for values of porosity and permeability to stay
constant over time for a given magnetic state.

Calculations of the bending rigidity (D) of both the pump’s semi-permeable non-magnetic EC
membrane (Dgc=9.5x 107’ N-m) and the flexible PDMS membrane (Dppms=2 x 10"*N-m)
show that the EC membrane is 46 times more rigid than the PDMS membrane. Therefore, the vast
majority of the pressure generated by the osmotic pump goes into the pressurization of the donor
chamber above the PDMS, as opposed to bending of the semi-permeable membrane. This is evi-
denced in experiments where, in an individually activated pump, the PDMS membrane is deflected
while the semi-permeable membrane appears to be perfectly flat. The magnetic nanocomposite
membrane has approximately the rigidity of the bottom membrane, and as such, resists deflection
in the face of the pressure transferred to the donor via the PDMS membrane, allowing increased
pressure for the diffusion process as opposed to bending of the composite membrane.

TABLE III. Simulation-derived values of porosity (¢) and permeability (k) for the cyanoacrylate treated ethyl cellulose-
PNIPAM-SPIO composite membrane, and RhB transport rate of simulated and experimental data.

Simulated avg. RhB Experimental ave. RhB

State Determined property transport (ng/h) transport (ng/h)

No pump, magnetic activation £=9.70x 107 18.457 18.894
k=1.00x 10 *' m*

Pump, magnetic activation £=9.70 x 107° 39.389 37.464
k=1.00x 10 *' m?

Pump, no magnetic activation £=7.40x 107 28.343 27.753
k=0.75x 107" m’

All off £e=740x 1077 13.699 11.569

k=0.75 x 1072' m?
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D. Device discussion

The most noticeable difference between the types of membranes used in the devices is
with regards to the order of magnitude of the diffusion rates observed in each stage when com-
paring that of the untreated CA membrane device (ug/h) and that of the cyanoacrylate treated
EC membrane device (ng/h). Vibrating sample magnetometer (VSM) measurements confirm
that all membranes contain equal amounts of magnetic material.

The differences in diffusion rates (heating versus room temperature with no osmotic pump-
ing) are by a factor of 23-24 when both EC and CA membrane types are tested for their diffu-
sion profiles individually (Figs. 3(b) and 3(c)), 2.9 for the CA membrane device when heated
by SPIO particles (Fig. 4(a), points A and B), and 1.6 for the treated EC membrane device
when heated by SPIO particles (Fig. 4(b), points A and H). Two possible reasons contribute to
this observation: (1) the donor and receptor cells of the devices are not heated during the induc-
tive heating cycles, such that they continuously draw out energy from the membranes, unlike
with the direct heating of all solutions surrounding membranes tested in diffusion cells; (2) the
distribution of heat supply originating from each magnetic particles (i.e., distributed “points” in
space in the membrane) can cause less-uniform shrinkage of PNIPAM hydrogel particles when
compared to direct overall heating in diffusion cells. This effect is also present in the stages
consisting of osmotic pumping coupled with magnetic heating.

The cyanoacrylate layer applied to the EC PNIPAM SPIO membrane significantly reduces the
diffusion rates during all device states. The thin layer partially blocks pores at the top surface of
the membrane, increasing the time required for RhB permeation. This approach provides an addi-
tional parameter for tuning the magnetic membrane, based on the application’s requirements.
Results from the untreated CA membrane device (Fig. 4(a)) indicate that magnetic actuation can
result in higher drug delivery rate changes than osmotic pumping (points A to B and B to C). This
is desirable in practice, since the unvalved osmotic pump is continuously pumping in vivo, while
the magnetic field is externally controlled. In addition, changing the duration of the duty cycle dur-
ing the magnetization period can change the relative contributions of the membrane and the pump.
However, the large effect of the osmotic pump on the drug delivery rate motivates the implemen-
tation of a valve for the osmotic pump’s bottom semi-permeable EC membrane to control the
pump’s osmotic intake of water. In future work, this valve could conveniently be realized by the
same magnetic nanocomposite membrane which is used in this work at the outlet of the device,
enabling activation of both membranes by the same magnetic field.

Deviations between diffusion rates in stages B, D, and F in Fig. 4(b) may be due to experi-
mental error caused by slight differences in total power output of the inductive heater while
generating the magnetic field in cycles. In each on-off cycle, when the field is applied, the
power is modulated to a certain percentage of the power output of the machine, and this value
stabilizes in slightly different times for each cycle. Such deviation does not apply to stages
where the magnetic heating state is not pertinent (hence, stages C, E, and G are almost
equivalent).

The use of a cyanoacrylate treatment allows for thin depositions from a vapor that has sig-
nificant impact on drug release while bypassing limitations regarding casting a membrane at
any arbitrarily large thickness, or small hydrogel content, in an attempt to reduce diffusion
rates. Such limitation include the following: (i) gravity and surface tension on a cast surface
will limit the maximum thickness of the membrane during curing; (ii) the thicker the membrane
the more magnetic and hydrogel material is required in order to maintain appropriate heating
and pore opening in the z-direction across the entirety of a thicker membrane, while simply
treating the membrane with cyanoacrylate can achieve a theoretically limitless amount of im-
pedance without increasing any other materials; (iii) attempting to finely decrease the drug
delivery by reducing the porosity of, for example, an already low permeability membrane, is
potentially more complicated than a cyanoacrylate treatment because of the risk of dropping
below the required percolation for having any flux across the membrane to begin with, while a
very thin treatment of cyanoacrylate bypasses any concerns associated with PNIPAM percola-
tion across the membrane.
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State of the art magnetic membranes have achieved stimuli-responsive controllability,
focusing on different PNIPAM hydrogel types and magnetic membrane thicknesses as design
parameters. Findings regarding cyanoacrylate and CA provide additional parameters for tuning
drug release rates and for changing the membrane strength, both in an easy fashion. Magnetic
membranes have previously never been combined with any type of drug delivery pump or actu-
ator. Furthermore, state of the art osmotic pumps, capable of achieving constant and robust
drug release, have not previously been combined with any type of valve system. Therefore,
results reported here greatly advance the field of diffusion-based membrane drug delivery by
adding a fast acting pressure source. Furthermore, they improve upon reservoir-based, continu-
ous, osmotic drug delivery devices by demonstrating remote modifications of the drug delivery
rate.

IV. CONCLUSION

This work is the first to report (i) the realization of the remote control of drug release pro-
files from integrated devices driven by osmotic pumps, (ii) the demonstration of a more
mechanically robust CA membrane matrix, (iii) the treatment of an EC membrane for reducing
the drug release rates by approximately a factor of 50 while maintaining the order of the on-off
ratio of the devices and bypassing limitations associated with other potential reduction methods,
and (iv) the modeling and simulation of the integrated system while in operation. Both novel
membrane designs are characterized separately and when implemented in a device. Though tra-
ditional EC-PNIPAM based membranes have previously been studied, this study is the first to
investigate any kind of PNIPAM based membrane design for its performance while integrated
in a functional drug delivery device. The reported drug delivery device enables remote control
valving of a pressure driven and diffusion dependent drug and shows the potential for tuning
delivery ranges from nanograms to micrograms per hour, while adjusting these ranges post-
activation and based on on-demand needs. The magnetically triggerable designs reported here
are not limited to coupling with osmotic pumps, but can be implemented with other controllable
pressure sources, such as RF pumps,”'® which may require the use of stronger membranes such
as those made with cellulose acetate.
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