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Hollow Out-of-Plane Polymer Microneedles Made
by Solvent Casting for Transdermal Drug Delivery

Iman Mansoor, Urs O. Häfeli, and Boris Stoeber, Member, IEEE

Abstract—Although hollow microneedles have been proposed as
an effective and convenient method for transdermal drug delivery,
their expensive fabrication techniques to date have prevented their
mass fabrication as a viable option. A novel method, based on
solvent casting, is presented for inexpensive fabrication of hollow
out-of-plane polymer microneedles. Microneedles are formed dur-
ing a solvent evaporation process, which leaves a polymer layer
around pillars in a prefabricated mold. The mold is fabricated
using photolithography and can be used for consecutive solvent
casting of microneedles. Arrays of microneedles with lengths up
to 250 μm have been fabricated from clay-reinforced polyimide.
Several mechanical tests were performed on solvent cast solid
structures to find the optimum clay percentage in the polyimide
that would lead to the highest compressive strength. The fabri-
cated needles were tested for robustness, and it was observed that
the needles were capable of withstanding on average compressive
loads of up to 0.32 N. The suitability of the microneedles for skin
penetration and drug delivery was demonstrated by injection of
fluorescent beads into a skin sample. [2011-0200]

Index Terms—BioMEMS, drug delivery, hollow out-of-plane
polymer microneedles, solvent-cast microstructures.

I. INTRODUCTION

T RANSDERMAL drug delivery is becoming increasingly
popular because it is not associated with the potential risks

and pain of traditional hypodermic needles. One method for
transdermal drug delivery uses adhesive skin patches. In this
method, a pharmaceutical compound is absorbed through the
skin surface after application of the patch to the skin by means
of an adhesive layer. It is estimated that currently more than one
billion transdermal adhesive patches are being manufactured
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each year [1]. Various types of pressure-sensitive adhesive
patches made from polyisobutylene, acrylic, and silicone are
commercially available for use on skin [2] for applications such
as smoking cessation (nicotine delivery) [3], pain relief (mor-
phine or fentanyl delivery) [4], [5], and high blood pressure
treatment (glyceryl trinitrate delivery) [6]. However, adhesive
patches are associated with limitations that restrict their usage
for drug delivery. These limitations include the impermeability
of the outermost layer of the skin, i.e., the stratum corneum,
to most hydrophilic drugs and therapeutic agents; only a few
compounds of lipophilic nature can effectively be administered
at useful rates using adhesive patches [7]. In addition, these
patches potentially induce skin irritation upon application [8].

A transdermal approach to drug delivery using microneedles
can potentially circumvent these limitations. Microneedles are
solid or hollow submillimeter needle-like structures; they can
be arranged in out-of-plane or in-plane arrays. Unlike tradi-
tional hypodermic needles, microneedles do not require a high
level of training for drug administration, and they bear a low
risk of device contamination through blood. Furthermore, they
are painless since the needle tips are not required to be in direct
contact with the blood vessels and the nerve endings, if they
do not penetrate deep into the skin [9]–[11]. Since the early
1990s, different concepts for the fabrication of microneedles in
a variety of dimensions and geometries have been developed
[12]–[37]. These devices have been fabricated out of single
crystal silicon [12]–[22], polysilicon [23], [24], metal [25]–
[31], glass [32], and polymer (e.g., poly(methyl methacrylate)
and SU-8) [33]–[37]. The lengths of the needle shafts in differ-
ent arrays of out-of-plane microneedles range from 30 μm to
1 mm. Out-of-plane microneedles with solid structures have
been used to increase skin permeability, while hollow mi-
croneedles are typically designed to penetrate through the stra-
tum corneum and release an agent via their lumens into the skin.

Solid microneedles are designed to increase skin perme-
ability by piercing the stratum corneum and exposing the
underlying skin layers to the drugs that are later applied to
the skin surface, or alternatively to the drugs that already coat
the surface of the needles or are embedded in a biodegradable
polymer that is the structural material of the needles [1], [31].
Solid microneedles provide an improvement to the existing
skin patches by overcoming the stratum corneum barrier. It is
shown that solid microneedles can increase skin permeability
by almost four orders of magnitude [14], [31]. However, these
devices provide a passive drug delivery method that might not
be suitable for all applications.

Hollow microneedles can pierce through the stratum corne-
um and provide a passage for the injection of lipophilic and
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hydrophilic compounds of small and large molecular weights in-
to the skin. In contrast to adhesive patches, hollow microneedles
are not limited by skin permeability, and unlike solid micronee-
dles, they can be potentially used to deliver larger amounts of
drugs into the skin. Transdermal drug delivery through hollow
out-of-plane microneedles has been demonstrated in clinical
trials, where methyl nicotinate was injected using hollow
microneedles [9]. During this study, the volunteers confirmed
that the method was painless and they only felt a slight pressure
during the injection. In a different study, single hollow glass
microneedles were used to deliver insulin to diabetic hairless
rats [29]; a 30-min insulin injection at 10 or 14 psi resulted in
70% reduction in the blood glucose level over a 5-h period.

Until now, the commercial use of hollow microneedles for
transdermal drug delivery has been encumbered by the expen-
sive fabrication techniques currently used to form micronee-
dles, such as deep reactive ion etching of silicon needles
[12], [17], [19], sequential formation of disposable polymer
molds for electroplating [25], [31], and multiple UV expo-
sure or mold transfer and assembly steps to form polymer
needles [33]–[37].

Here, we present a simple solvent casting method for the
fabrication of hollow out-of-plane polymer microneedles [38].
Solvent casting has been a common method for more than a
century to form polymer films [39]. In this method, a polymer
solution is deposited onto a mold, and after evaporation of the
solvent, a polymer layer remains on the mold which is then
separated by mechanical force or by using chemical means. In
microelectromechanical systems, solvent casting has been used
to coat microchannels with polymers such as poly(vinyl alco-
hol), poly(ethylene oxide), polyacrylamide, and poly(N -hydro-
xyethylacrylamide), mainly for modifying surface properties or
for protein and DNA separation [40]. Solvent casting has also
been used to make polylactic acid microstructures for tissue
engineering [41] as well as polystyrene microcantilever beams
for sensing applications [42]. Additionally, solvent casting has
been used to fabricate microneedles with solid structures [43].
We have previously shown that the polymer profile formed in a
mold during solvent casting can be adjusted by controlling the
solvent casting process parameters such as temperature [44].

Solvent casting is a fast and repeatable fabrication process for
microneedles, and it requires only one step of photolithography,
eliminating the need for mask alignment. Here, we present the
selection of the clay concentration for maximum strength of the
polymer-clay composite that serves as the structural material
for the needles, followed by the detailed fabrication process
of the microneedles made using solvent casting. This is then
followed by a study of the mechanical strength of the fabricated
microneedles, and by the demonstration of fluid injection into
rabbit ear skin.

II. FABRICATION OF HOLLOW OUT-OF-PLANE

POLYMER MICRONEEDLES

A. Microneedle Material Selection

Polyimide was chosen as the structural material for the mi-
croneedles due to its high Young’s modulus (8.5 GPa) relative

Fig. 1. Setup used for compression tests.

Fig. 2. Typical compression test curve for a test structure with 2 wt% clay
reinforcement.

to the highest Young’s modulus of biocompatible polymer
materials [45]. The polyimide type PI-2611 (HD Microsystems,
Parlin, NJ) used in this work was diluted with its solvent N -
methyl-2-pyrrolidone (NMP) for better deposition and han-
dling, at a weight ratio of 4 : 3 (PI-2611 : NMP). To further
increase the strength and rigidity of the polyimide, montmo-
rillonite nanoclay powder (Nanocor, Hoffman Estates, IL) was
added to the polymer as reinforcement. A series of tests was
performed to determine the optimum clay percentage in the
polyimide that would result in the highest strength under com-
pressive loading. For preparing the composite mixtures, first,
the nanoclay powder was mixed with the polyimide solvent
NMP for 5 s using a Model 100 Sonic Dismembrator (Fisher
Scientific) at 5 W output power. Then, this suspension was
added to the PI-2611 polyimide solution and mixed using a stir
bar for several minutes. The mechanical tests were performed
on cone-shaped test structures made through solvent casting the
polyimide-nanoclay composite from a polydimethylsiloxane
(PDMS) mold. For each investigated clay percentage in the
composite, three test structures were created using the same
mold. The structures were 280 μm tall and had tip and base di-
ameters of 65 μm and 115 μm, respectively. To apply compres-
sive loads, a Physica MCR rheometer (Anton Paar, Ashland,
VA) was used, which recorded force versus displacement for
each compression test (Fig. 1). The rheometer’s test geometry
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TABLE I
MEAN FAILURE LOADS FOR DIFFERENT CLAY CONTENT IN POLYIMIDE, OBTAINED FROM THREE TESTS PER CLAY CONTENT

was set to move vertically downwards onto the test structures
at a constant velocity of 2 μm/s. The force was recorded at a
resolution of 1 mN.

An example of a force versus displacement graph is shown
in Fig. 2. In this plot, the sharp peak corresponds to the failure
load that leads to bending of the structure under compressive
stress. The test results showed that the drop in force after the
peak is steeper for higher clay content, indicating a more brittle
behavior. The average of the maximum failure loads for the
different clay contents are shown in Table I, which indicates that
the 2 wt% clay reinforced polyimide has the highest failure load
and was therefore chosen as the composite for the fabrication of
microneedles.

B. Fabrication Process

The epoxy-type negative photoresist SU-8 (Microchem,
Newton, MA) was used for the mold. For fabrication of the
mold, a 450 μm layer of SU-8 2150 was first spin coated on
a 300 μm thick Pyrex glass substrate, and then soft-baked on a
hotplate at 65 ◦C for 10 min and at 95 ◦C for 2 h. The SU-8 was
then exposed to 5300 mJ cm−2 UV light (performed in several
2-min intervals with 20-s cooling breaks in between) through
a dark field mask that contained arrays of circular transparent
regions with diameter of 40 μm. The exposure was performed
through the Pyrex substrate, as shown in Fig. 3(a), to take
advantage of light diffraction caused by the gap between the
mask and the photoresist [46]. This method of exposure resulted
in tapered pillar structures with the wider bases attached to the
Pyrex base plate. After exposure, the sample was baked on a
hotplate at 65 ◦C for 5 min and at 95 ◦C for 25 min. Next,
the sample was immersed in SU-8 developer for approximately
45 min and then rinsed for 5 min with fresh developer and
isopropanol. The resulting structure was an array of slightly
tapered cylindrical pillars (Figs. 3(b) and 4) with base diameters
of 60 μm, tip diameters of 40 μm, and a center-to-center
spacing of 500 μm. These pillars constituted the mold, and they
would eventually form the lumens of the needles. The entire
mold structure was then coated with a 4 μm layer of Parylene
C (Specialty Coating Systems, Indianapolis, IN). This layer
improved adhesion of the pillars to the Pyrex substrate and pro-
vided a protective surface on the mold for consecutive fabrica-
tion steps. Consecutively, a thin layer of PDMS (Dow Corning,
Midland, MI) was spin coated onto the mold structure at a base
layer thickness of 30 μm and cured at 65 ◦C for 2 h. This
layer improved the strength and rigidity of the mold structure
and also had a poor adhesion with the structural material of the
microneedles, which therefore allowed easy removal of the mi-
croneedle array from the mold [Fig. 3(c)]. The complete mold
structure contained an array of 14 pillars and was surrounded by

Fig. 3. Fabrication process using solvent casting for hollow out-of-plane poly-
mer microneedles, (a) and (b) fabrication of pillars from SU-8, (c) PDMS depo-
sition, (d) O2 plasma treatment of the mold, (e) deposition of a clay/polyimide
suspension in NMP, (f) Evaporation of NMP, (g) removing of the microneedle
array from the mold, and (h) opening of the microneedle tips.

Fig. 4. SEM image of an array of pillars in a mold used for microneedle
fabrication.

a square (8 mm × 8 mm) of vertical walls (Fig. 5). The mold
structure at this stage could be used for consecutive solvent
casting of microneedles.
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Fig. 5. Complete mold used for microneedle fabrication.

Fig. 6. SEM image of an array of solid microneedles formed in a mold after
solvent evaporation.

For fabrication of the microneedle arrays, first, the mold was
treated for 30 s with O2 plasma in a RIE/PECVD tool (Trion
Technology, Clearwater, FL), with a power setting of 30 W,
an oxygen flow rate of 50 sccm, and a chamber pressure of
500 mTorr. The plasma treatment temporarily improved the
surface wetting of PDMS by the polymer solution used for sol-
vent casting and therefore resulted in sharper and taller needles.
Without plasma treatment, the polymer solution does not cover
the pillars entirely and leads to shorter and blunter structures.
Consecutively, 35 μL of the 2% clay polyimide/NMP mixture
was deposited into the mold structure [Fig. 3(e)]. During a soft
baking process in an oven at 65◦C for 2 h, NMP evaporated,
and the microneedles were formed around the pillars in the
mold with wide bases and sharp tips (Figs. 3(f) and 6). The
obtained structures would be suitable for use as solid out-of-
plane microneedles, in which case the molds would not be
reusable for consecutive fabrication.

To achieve hollow structures, the array was separated from
the mold by mechanical force [Fig. 3(g)]. It was observed that
the separation of the polyimide/clay layer became easier if
sufficient time had passed after the soft baking process (more
than 48 h), which may have been due to a slight swelling of the
polymer film due to moisture uptake [47]–[49] or deformation
due to further solvent evaporation at room temperature. After
separating the needle structure from the mold, a thin layer of the

polyimide/clay composite resided on top of the needles from
the polymer solvent casting step obstructing the needle lumen.
This layer was removed [Fig. 3(h)] by either an O2/CF4 plasma
etching step (200 W power, 700 mTorr pressure, 80 sccm O2,
20 sccm CF4, and duration of 300–500 s at 25 ◦C) or by
polishing the tips using fine 3 μm aluminum oxide polishing
film (3M, St. Paul, MN).

Fig. 7 shows SEM images of the microneedles fabricated
through this process. Fig. 7(a) shows an array of 250 μm long
microneedles with tip diameters of 50.4 ± 4.2 μm (mean ±
standard deviation) and the same pitch of 500 μm as the pillars.
The slight variation in the microneedle tip diameter is mainly
due to the variation in thickness of the spin-coated PDMS layer
on the SU-8 pillars, which may lead to small differences in
the force required for the penetration of the microneedles into
skin. Wider bases of pillars, due to the backside exposure of
the SU-8, result in larger channel openings on the backside
of the backing plate as shown in Fig. 7(b). In Fig. 7(c), a
single microneedle is shown with its tip opened through plasma
etching, while Fig. 7(d) shows a single microneedle with the tip
opened by sanding.

The dimensions of the microneedles can be adjusted
by changing the dimensions of the mold structure during
the photolithography steps. For instance, longer pillars with
smaller diameter result in longer needles with smaller channel
diameters.

C. Contact Angle Measurement of NMP on a PDMS Surface

To characterize the polyimide-PDMS interaction after
plasma treatment of the mold and during solvent casting, a
series of tests was performed to observe the change in contact
angle of polyimide solvent on a PDMS surface over time
after the PDMS is plasma treated and covered with a layer of
polyimide, as during the casting step in the fabrication process
as shown in Fig. 3(e) and (f). For these tests, first a layer of
PDMS was spin coated on a microscope slide and then baked to
cure. The PDMS surface was then treated with oxygen plasma
as explained above. A thin layer of polyimide was then spin
coated on the PDMS surface and left in an oven to soft bake at
65◦C for 2 h. The polyimide layer was peeled off from different
samples after different time intervals (6 h, 8 h, 1 day, 2 days,
3 days, and 6 days) following solvent casting. The advanc-
ing contact angle was measured immediately after peeling
off the polyimide layer from the PDMS surface [Fig. 8(a)]
using a Theta tensiometer (Attension/Biolin Scientific, Espoo,
Finland). The measurements were performed on 4 μL NMP
droplets and were repeated several times over the duration of
30 min, each time in a different location on the PDMS sample.

Fig. 8(b) shows the measurement results. It was observed
that regardless of when the polyimide layer was removed, the
immediate contact angle of NMP on PDMS was constant and
low (about 10–15◦). The angle only increased when the surface
was in contact with air, and this increase occurred at a similar
rate regardless of how long after solvent casting the polyimide
layer was removed.

This showed that the surface wetting behavior of NMP on
PDMS remains identical throughout the evaporation process,
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Fig. 7. SEM images of fabricated microneedles: (a) Array of 250 μm long needles, (b) microneedle channel openings, (c) a needle tip opened by plasma etching,
and (d) a needle tip opened by sanding.

Fig. 8. NMP contact angle on a PDMS surface. (a) Contact angle measured
3 days after the PDMS surface was coated with a polyimide layer, 13 min after
removing the polyimide layer. (b) Contact angle measurements for NMP on
PDMS at different times after removing a polyimide layer that was deposited
between 6 h and 6 days prior to removal.

which would result in needles with the desired geometry; the
wetting behavior of NMP on PDMS also remains constant as
long as the PDMS surface is in contact with the polyimide
composite layer. The wetting only changes when the PDMS is
in contact with air, regardless of when the polyimide composite
is removed from the PDMS surface.

III. EXPERIMENTAL PROCEDURES FOR

NEEDLE CHARACTERIZATION

A. Microneedle Robustness Tests

To test the robustness of the fabricated microneedles, a series
of compression tests were performed on individual 2 wt%
clay-reinforced polyimide needles, with tips opened by plasma
etching. The test procedures were identical to the robustness
tests performed on test structures described in Section II-A.
Individual needles were made using the process shown in Fig. 3.
A total of ten 250 μm-long needles were tested under compres-
sive loading, and the corresponding force versus displacement
plots were obtained for each test.

B. Microneedle Injection Tests

The capability of the fabricated devices for drug delivery and
skin penetration was demonstrated through injection trials on
rabbit ear skin. Rabbit ear skin was used for this study because
it is a reasonable human skin model for in vitro transdermal
permeation studies [50]. Traditionally, pig skin has been used
as a skin model for permeation studies due to its biochemical
similarity with human skin [51], [52]. However, pig skin and
other traditional skin models are associated with a high perme-
ability compared to human skin, particularly when it comes to
hydrophilic agents. In contrast, rabbit ear skin has a consider-
ably lower permeability to hydrophilic compounds compared
with traditional skin models, and is therefore considered to be a
more suitable human skin model for in vitro trials [50].

Arrays of 250 μm-long microneedles, with tips opened by
plasma etching, were bonded to modified plastic female luer-
to-barb fittings (McMaster-Carr, Cleveland, OH), using Loctite
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Fig. 9. (a) A microneedle array attached to a syringe. (b) Rabbit ear skin after
application of the microneedles.

Super Glue (Henkel, Avon, OH), and then attached to con-
ventional 1-mL syringes (Becton Dickinson, Mississauga, ON)
as shown in Fig. 9(a). A 0.025 wt% suspension of 0.21 μm
polystyrene fluorescent beads (Bangs Laboratories, Fishers, IN)
in water was prepared. For each trial, the syringes were filled
with the suspension containing fluorescent beads and then were
pressed against the inner rabbit ear skin for about 10 s, while a
moderate pressure was applied to the plunger. Fig. 9(b) shows
the skin after application of the microneedles. A total of six
injection trials were carried out. After each test, the injection
site was imaged using a D-Eclipse C1 confocal microscope
(Nikon). Using the confocal microscope, the skin was scanned
down to a depth of 200 μm to investigate the penetration of the
fluorescent beads under the skin.

IV. RESULTS AND DISCUSSION

A. Microneedle Robustness

Fig. 10(a) shows an example of a force versus displacement
plot obtain for a compression test on a needle. The plot shows a
sudden increase in force upon contact with the microneedles tip
followed by a sudden drop in force. The peak force corresponds
to the failure load of the microneedle similar to the force
variation seen for the solid structures in Fig. 2. A needle tip
after failure is shown in Fig. 10(b). In this figure, the tip of
the microneedle has collapsed and bent almost at the midpoint
of the needle shaft, while the needle base is still rigid, which

Fig. 10. (a) A needle displacement under axial loading. (b) A failed needle
after loading.

Fig. 11. Confocal scan of skin after injection of fluorescent beads. The skin
surface is at 0 μm. The confocal slice thickness is 13.4 μm.

Fig. 12. Histogram of the intensity distribution of the fluorescent beads
obtained from the confocal scan in Fig. 11.

explains the increase in force again as the needle is compressed
further. From these tests, it was observed that on average, the
microneedles can sustain compressive loads of up to 0.32 ±
0.06 N (mean ± standard deviation).

Davis et al. investigated the relationship between the cross-
sectional area of a microneedle tip (interfacial area) and the
force required for penetration of the microneedle into skin [53].
The experimental results presented by Davis et al. seem to
suggest that the needle strength obtained experimentally for
polymer/clay composite needles with a 50 μm tip diameter in
this work, FN = 0.32 N, is sufficient to penetrate human skin.
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TABLE II
MEAN INJECTION DEPTH AND 95% CONFIDENCE INTERVAL FOR THE FLUORESCENCE INTENSITY DISTRIBUTION OF INJECTED BEADS AS IN FIG. 12

B. Results of Injection Tests

Fig. 11 shows the fluorescent beads at different depths under
the skin surface after an injection test using microneedles. For
each confocal scan, an intensity histogram distribution was
obtained by measuring the total bead fluorescent intensity at
each depth using MATLAB for image processing. Fig. 12
shows the intensity distribution for the confocal scan shown in
Fig. 11.

For each injection test, an average penetration depth and a
penetration range were calculated from these intensity mea-
surements corresponding to the mean and the 95% confidence
interval, respectively. The results from six injection trials are
shown in Table II. The average delivery depth for all the trials
was 104.8 ± 15.6 μm with an average range of 119 ± 25.8 μm,
indicating successful delivery into the epidermis, past the stra-
tum corneum.

Since the microneedles used for these tests are 250 μm
long, the average delivery depth of 104.8 μm indicates that
the majority of the microneedle height could not penetrate
due to the flexibility of the skin. This penetration behavior
might be different for human skin, and additional experiments
have to be done in vivo to observe the penetration depth in
human skin. Additionally, in all of the confocal images, the
distribution of the fluorescent beads was localized to distinct
regions corresponding to each individual needle in the array.
The distance between the needles therefore seems to be suffi-
cient to have them act independently as individual needles, and
injection of more material, with controlled volume, could thus
be accomplished by proportionally adding more needles.

V. CONCLUSION

A new fabrication technique, based on solvent casting, has
been presented for fabrication of hollow out-of-plane mi-
croneedles on a reusable mold. This fabrication procedure is
inexpensive and applicable for mass production of polymer
microneedles. The proposed process is flexible in terms of the
possible dimensions of the microneedle array as well as the
needle material. By adjusting the photolithography parameters
and therefore controlling the pillar dimensions in the mold,
microneedles with various heights and lumen diameters can
be made. Also, other polymers can be used in this process
for hollow microneedle fabrication by adjusting the process
parameters.

Clay-reinforced polyimide was used in the proposed process
to fabricate 250 μm long microneedles. A series of compression
tests were carried out on solid structures to find the optimum
clay percentage in the composite, leading to the maximum

compressive strength. The robustness of the fabricated mi-
croneedles has been measured, and the needles were found to
be strong enough for penetration into rabbit skin. The delivery
of a suspension of polystyrene beads into the epidermis was
successfully demonstrated.
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