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Abstract. A two-wafer polysilicon micromolding process has been
developed for the fabrication of hollow tubes useful for microfluidic
applications. These small tubes can be fabricated with a pointed
end, resulting in a micro hypodermic injection needle.
Microneedles are desired because they reduce both insertion pain
and tissue damage in the patient. Such microneedles may be used
for low flow rate, continuous drug delivery, such as the continuous
delivery of insulin to a diabetic patient. The needles would be
integrated into a short term drug delivery device capable of
delivering therapeutics intradermally for about 24 hours. In
addition, microneedles can be used for sample collection for
biological analysis, delivery of cell or cellular extract based
vaccines, and sample handling providing interconnection between
the microscopic and macroscopic world.

The strength of microneedles was examined analytically,
experimentally and by finite element analysis. Metal coatings
provide significant increases in the achievable bending moments
before failure in the needles. For example, a 10 pm platinum coating
increased the median bending moment of a 160 pm wide, 110 pm
high microneedle with a 20pm wall from 0.25 to 0.43mNm. In
addition, fluid flow in microneedles was studied experimentally.
Microneedles 192 pm wide, 110 pm high and 7 mm long have flow
rates of 0.7 ml/sec under a 138 kPa inlet pressure. This flow capacity
exceeds previous microneedle capacities by an order of magnitude.
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Introduction

In modern medical applications, there is a need for very
small hypodermic needles that are economical to
fabricate. Currently the smallest needles available, 30
gauge needles, have a 305 um outer diameter with a wall
thickness of 76 pm. Traditional machining methods make
it unfeasible to create needles with a diameter less than
300 pm. Microneedles on the other hand can be any size
and geometry since they are defined lithographically.
This new research builds upon the experience gained
in previous research [1] and in this paper a new
fabrication process is introduced which uses backside
alignment to pattern one wafer on both sides. This
eliminates a tedious wafer-to-wafer alignment step, and

only a bare silicon wafer with a release layer needs to be
bonded to the patterned wafer to create the closed
passages. In addition, arrays of microneedles with
multiple outlet ports have been fabricated using this
process to allow the injection of different fluids from the
same device, or the parallel extraction of fluid from many
different sites (Figure 1).

Microneedles are also extremely sharp with sub-
micron tip radii, whereas stainless steel needles can be
comparably rough. This is because the fluid outlet is on
the side of the needle rather than right at the tip like
stainless steel needles.

In addition, it is impossible to create complex
structures within a conventional needle. For example, a
microfilter (Figure 2) cannot be placed inside of a
traditional needle. Also, complex needle geometries such
as 90° bends cannot be made with traditional machining
since a metal needle will crimp when bent. Finally,
highly parallel arrays of needles cannot be machined as a
single part. However, since a the shape of a microneedle
is defined lithographically all of these features can easily
be incorporated into microneedle design.

Fluid flow rates is an import design criteria in order to
meet dosage specifications of drugs A typical bolus
injection for a diabetes patient is 0.3 ml. A patient can
comfortably generate 138 kPa of pressure with a typical
0.5 cc disposable syringe. There are also many drugs
which require only small doses. Analgesics such as
Sufanta (Sufentanil Citrate), Sublimaze (Fentanyl
Citrate), and Dilaudid (Hydromorphone) have doses of
less than 3 pl per hour. Antibiotics such as Cefonicid,
Ceftazidime, and Cefazolin Sodium are administered at a
flow rate of ~ 0.16 ml per hour.

Early microneedles were made of single crystal
silicon [2,3,4]. The device wafer was sacrificed or
dissolved away in silicon etchant leaving the micro-
needle behind. The fluid channels of these microneedles
only occupy a small fraction of the interior volume of the
needle resulting in a small fluid carrying capacity. These
microneedles are useful for delivering fluid at low
( < 0.1 pl/sec) flow rates but cannot deliver sufficient
fluid for many therapeutic injections such as insulin.
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Fig. 1. (Top) Five barbed microneedle on the backside of a penny.
(Bottom) ‘‘Bent’’ microneedle next to a 20 gauge stainless steel
needle.

Micromolded needles leave the majority of the
interior volume free, and allow larger fluid flow rates
for the same size needle outer diameter. Other
approaches to microneedles have been investigated.
One approach uses an SF,/O, plasma to create high
aspect ratio barbs for piercing the skin to allow
therapeutics to diffuse across the skin [5-7]. However,
these needles are not sufficient for injecting large
amounts of fluids or clinically relevant dosages of
many therapeutics.

Another approach uses electroplated palladium as the
needle structural material and thick photoresist to define
the needle channel [8-10]. However, because these
needles are electroplated, they have very blunt tips.

Future work needs to be preformed to determine the
biological response to needles. The first response to
tissue distress from needle insertion is an inflammatory
response at the insertion site [11]. During this time there
may be tissue edema, which may affect delivery from the
needles, and the migration of leukocytes to the injury
site. Protein adsorption to the surface of the silicon will
promote adhesion of leukocytes to the needles. Surface
modifications of silicon surfaces to reduce protein

Fig. 2. (Top) SEM of a microneedle mold. (Bottom) SEM of a
microneedle with a 6 mm shaft and a microfilter in its base.

adsorption is an active area of research. Some surface
modifiers include: silicon carbide [12], polyethylene
glycol (PEG) [13], or plasma enhanced chemical vapor
deposition (PECVD) of a teflon-like fluropolymer. Any
of these coatings could be incorporated into needle
fabrication to improve biocompatability.

Since microneedles are designed for short term
intradermal drug delivery, fibrous encapsulation is not
expected because the needle is not inserted long enough
for encapsulation to occur. Thrombosis is also not
expected since the needle will not be in contact with
the blood stream.

Due to the small size of microneedles, strength and
robustness are the major factors in determining the range
of their applications. Needles must be able to tolerate
forces associated with insertion, intact removal and
normal human movements if they are to be integrated
into portable biomedical devices.

Fabrication

Molded microneedles use patterned mold wafers, similar
in concept to Keller and Howe [14], that are not



sacrificed during the fabrication process. Therefore,
many different designs of needles may be made, and
the mold may be reused numerous times at a cost saving
compared to sacrificial processing techniques.

Microneedles have been fabricated as previously
reported [1]. The fabrication scheme has been modified
so that instead of patterning two wafers separately, a
single wafer is patterned on both sides (Figure 3). This
eliminates the tedious step of wafer-to-wafer alignment.
In addition, the microneedle design has been expanded to
create arrays of parallel needles.

A double polished silicon wafer (p-type (100) single
crystal) is used as a starting material as shown in Figure
3. The wafer is wet oxidized at 1,000°C to grow 1 um of
thermal oxide. The needle shapes are patterned using
standard lithographic techniques and the patterned oxide
is etched with reactive ion etching (RIE). The wafer is
then coated with 0.3 um of low pressure chemical vapor
deposition (LPCVD) low stress silicon nitride. The
backside of the wafer is aligned and patterned to the
needle design using a Karl Suss contact mask aligner
with backside alignment capabilities. The silicon nitride
and oxide films are then etched away using RIE leaving a
through hole mask. Afterwards the through holes are
etched with potassium hydroxide (KOH). The nitride is
then removed in phosphoric acid at 175°C. The needle
mold is then etched using deep reactive ion etching
(DRIE) in a surface technology systems (STS) etcher.
The resulting trench is typically between 100 and 125 pm
deep. The wafer is then wet oxidized at 1,000°C to
decrease surface roughness. Afterwards 2 um of phos-
phosilicate glass (PSG) is deposited onto the mold wafer.
A second bare silicon wafer is coated with 2 pm of PSG.
These two wafers are pressure bonded at 1,000°C in a
nitrogen atmosphere. By patterning one wafer on both
sides we no longer need to align wafers. After bonding,
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Fig. 3. Improved fabrication scheme for making microneedles using
a single wafer patterned on both sides.
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4 um of polysilicon is deposited onto the mold wafers at,
580°C. The molds are then annealed at 1,000°C in a N,
atmosphere. The polysilicon is annealed between
depositions to alleviate film stress. The deposition and
annealing is repeated until the desired thickness is
reached, typically 15-20 pm. The polysilicon deposits
conformally onto the outside of the wafer and inside the
mold through the KOH etched through holes. After
deposition, the external polysilicon is removed by RIE.
The needles are then released in concentrated HF
overnight.

Some needles were coated with metals to improve
their strength. Three metals were chosen to compare how
they affect needle strength. Titanium and platinum were
sputtered onto microneedles in a Randex RF sputterer.
The titanium film was deposited at 15 mTorr chamber
pressure, 225 W forward power and 250 sccm argon.
Platinum was deposited at 15 mTorr chamber pressure,
200 W forward power and 200 sccm argon. The needle
metallization was either 10 um of platinum or and 5 pm
titanium. The needles were sputtered on one side, then
turned over and sputtered on the other side. The
deposition rate on the side walls was approximately
half of the deposition rate on the horizontal surface. The
film thickness was uniform on all surfaces because the
side walls were exposed for twice as long as the top and
bottom of the needles. The film thickness uniformity was
verified by direct observation.

Some needles were also coated with electroplated
nickel. An adhesion layer of chromium and gold was
deposited by evaporation. First, 5nm of chromium was
deposited using a Veeco 401 resistance heated eva-
porator. Then without breaking vacuum 100 nm of gold
was then deposited. The needles were then flipped over
and coated on the other side. The needles were
electroplated in a nickel sulfate solution composed of
200 g/L nickel sulfate, 5 g/L. nickel chloride and 25 g/L.
boric acid. A DC current of 25 mA was applied for 30
minutes at 23°C for up to 30 minutes. The cathode
current density was 30 mA/cm?. This resulted in a 20 pm
thick coating on the needles.

Finally, some needles were oxidized to inhibit crack
initiation. Released microneedles were placed in an
oxidation furnace and wet oxidized at 1,100°C for two
hours resulting in about 1 um of silicon dioxide on the
exposed surfaces of the microneedles.

Theory

Microneedle strength

Since polysilicon is a ceramic material, the cause of
needle fracture is crack initiation and propagation. Crack
initiation can occur at any defect in the microneedle.
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Since crack propagation is difficult to stop, the best
approach is to inhibit crack initiation.

The first step is to try to make the surface of the
microneedle as smooth as possible to avoid surface flaws.
The PSG release layer determines the surface smooth-
ness of the microneedle. When heated to 1,000°C PSG
reflows and becomes very smooth. During the annealing
process, phosphorus from the PSG diffuses into the
polysilicon needle wall. It has been well documented that
annealing of polysilicon films lowers residual stress,
while phosphorus doping from PSG layers during the
annealing process put a polysilicon film in compression
[15]. Therefore, there should be a residual compressive
stress on the surface of the needle. Compressive stress
helps stop crack propagation by working against tensile
stresses imposed on the surface of the needle by external
loads during needle insertion into tissue.

Several possible failure modes of microneedles
(buckling, shear, and bending) were modeled. Based
upon these calculations, the major mode of failure for
polysilicon microneedles is thought to be bending
induced fracture.

The first possible failure mode considered was
buckling. When a microneedle penetrates a tough
membrane there is a short period of time when the
microneedle is under compressive stress. During this
time, if the second moment of area of the microneedle is
not high enough relative to its length, the microneedle
will buckle and break.

In order to address the issue of buckling in
microneedles it is necessary to determine whether the
buckling will be short-column or long-column buckling.
For the Euler equation for long elastic columns of length
L to be applicable the slenderness ratio L/k as defined
below must be greater than the critical slenderness ratio

SRS »

where E is the Young’s modulus, A is the area and F,, is
the critical force that will cause short-column buckling.
The radius of gyration £ is defined as

k=1 @

where [ is the second moment of area. The critical
slenderness ratio is defined as

(), 3, g

y

Using a Young’s modulus of 169GPa and a yield
strength, o,, of 1.2GPa for polysilicon, the critical

slenderness ratio is 26. The slenderness ratio for a typical
microneedle is 114. This result makes it clear that
microneedles can be modeled as long columns and the
Euler equation for elastic buckling can be applied

Cn’El

Where F is the force and C is the end condition. In the
computations, the base of the microneedle is modeled as
a fixed joint while its tip is modeled as a pivoted slider
which results in an end condition constant C of 0.25.
Note that the fracture strength of polysilicon is not in the
above equation; the critical variable is actually the
second moment of area

BH® — b’

I = o (5)
where B is the outer width of the microneedle and H is
the outer height; b and / are the internal width and height
of the fluid channel inside the microneedle.

Since the height H and 4 are raised to the third power
in the second moment of area equation, they have the
dominant effect. The typical height (H) was 110 pum
making these microneedles very stiff compared to
microneedles made by other microfabrication techni-
ques. The width of the microneedle was 160 um, while
the wall thickness was 20 um. The resulting critical
buckling load for a 4.5 mm long microneedle is 0.30 N.

Shear is another possible failure mode that was
considered for microneedles. In this analysis the
maximum shear force V is approximated as half the
yield strength 6, multiplied by the material area A

V=—. (6)

Stress concentration factors are not considered, so the
results here are interpreted with caution. The calculated
maximum shear load is 2.3N. Except for combined
loading situations as discussed later, this result indicates
that other failure modes such as buckling or bending are
more likely to occur.

In an ideal situation a microneedle would be inserted
with a completely axial force with negligible bending
moment. However, in real applications there is a large
chance that the needle would experience a bending
moment generated by a transverse tip force, itself due to
misalignment as the needle is inserted. The needle was
modeled as a cantilevered beam to approximate the
transverse force and bending moment a needle could
support. The maximum bending stress is therefore

Mc

o= (7)



where c¢ is the distance from the neutral axis to the
outermost edge of the microneedle and M is the bending
moment; / is the second moment of area as defined
earlier. By replacing the bending moment with the tip
force F multiplied by the needle length, L, we can solve
for the maximum transverse tip force the needle can
support

ol
F= oL (8)
where o, is the yield strength of polysilicon.

We assume that the strain distributions are linear and
that Hooke’s Law is valid. A 160 pm wide, 110 pm high
microneedle with a 20 um wall thickness and a 4.5 mm
shank was analyzed. The maximum transverse tip force
for this microneedle was computed to be 0.069 N which
is equivalent to a bending moment of 0.31 mNm for this
microneedle. These computations compare favorably
with the experimental results. Since, for a given yield
strength, the maximum supportable tip load due to the
transverse tip force is less force than the maximum load
generated by either shear or buckling, we conclude that
bending is the critical mode of failure.

For microneedles which were coated with nickel,
platinum and titanium to improve their strength the
composite beam bending equation determines the critical
load.

_9% (Esilsi + Epel ) )

LegiEg;
where o is still the yield strength of polysilicon, E refers
to Young’s modulus, and the subscripted Si or M¢ refer to
silicon or metal respectively.

Flow characteristics

It is important to model fluid flow characteristics in
microneedles. The transition between laminar and
turbulent flow is typically considered to occur at a
Reynolds number Re = UD,,/v = 2,300, where U is the
mean flow velocity through the needle, D, is the
hydraulic diameter (4 A,/Perimeter) and u is the
kinematic viscosity. The experimental Reynolds
number is well below the transition Re.

The pressure losses due to flow down a microneedle
can be split into three categories: entrance losses,
pressure decrease due to the drag that fully developed
flow exerts on the duct walls, and losses due to specific
microneedle geometry (expansions, bends, etc.).

For fully developed flow in the laminar regime the x-
directed velocity profile in a rectangular duct with y and z
cross section is given by
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16a> [ dP\ & (-1 cosh(inz/2a)] cos(iny/2a)
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where 2a is the length of one of the walls, and 2b is the
length of the other wall. Integrating this profile across y
and z gives the average flow rate, Q as

Q:4ba3( dP) ll_wza = tanh(inb/Za)]

3u dx b i=135... i

(11)

The average velocity, U, is Q/(4ab).
The pressure drop in the entrance region is estimated
using the Blasius boundary layer solution over a flat plate

0.332
L N (12)

X

where x is the distance along the plate and Re, is the
Reynolds number based on this distance. If it is assumed
that a rectangular duct behaves as a collection of four
plates then the pressure gradient can be estimated as

dP 41,

=D (13)

and the entrance pressure drop is found by integrating

! I
4 4 %0.332
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0
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0
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= Th \V4 pMU?’l (14)

where [ is the entrance length or the needle length,
whichever is shorter.

The entrance length is defined as the point where the
pressure gradient was matched to that of the fully
developed flow
dP 47,

dx D,

(15)

3n b o
1

-0
4ba3 1— 192a i tanh(inb/2a)
=135..
It should be noted that this entrance length estimate is
about 20% of the standard macroscopic entrance length
estimate of

I
— =0.59 4+ 0.055 Re. (16)
D,

Next the losses due to viscous drag on the walls of the
needle and geometric effects are modeled by applying
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the Modified Bernoulli equation. The pressure drop
across the needle is

1 L1
AP = AP, + = p(U; — U}) +f —= pU?
em‘+2p( 2 1) +fD/12p

1 oo
+ngom§pU (17)
where L is the needle length minus the entrance length.
The fraction factor, f, is

_ 4|APdev| Dh

=t (18)

where AP ,,, indicates the fully developed pressure drop.
Kyeom 1s the geometric loss factors, which for a bent

needle is

Koo = 1.3 (19)

geom

while for a sudden contraction

where m is the root of the quadratic

1 —m(A,/A) (m )2

= (4/a)" ~ \12

(20)
and where A; and A, are the cross sectional areas before
and after the contraction respectively.

Experimental Apparatus

Microneedles were tested and the maximum bending
moment was determined for each microneedle. The
breaking strength of each microneedle was tested with a
mechanical force gauge. The force gauge had a range of
0-20g and an accuracy of 0.1 g. Microneedles were
mounted on a glass slide using a cyanoacrylate ester
adhesive. The base was attached to the slide with the tip
and shank cantilevered off the edge of the slide
(Figure 4). The microneedles were tested for bending
in the vertical direction since this is the predicted failure
mode. After mounting, the glass slide was clamped and
the force was incrementally increased on the tip of the
needle until it fractured. For constancy of results all
needles tested were from a single fabrication batch.
The fluid flow characteristics of the microneedles
were also studied. The experimental setup comprised a
pressurized air source, pressure regulator, pressure
gauge, and a 20ml graduated pressure vessel. Air
source was supplied at 300kPa, and the regulator was
used to supply a constant pressure of 138 kPa which is a

Speaijen claiig -'I.H i
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Fig. 4. (Top) Microneedles mounted on a microscope slide for
strength testing. (Bottom) Experimental setup for strength tests.

representative pressure a patient can generate in a 0.5 ml
syringe. The graduated pressure vessel was filled with
water and attached to the pressure source with tygon
tubing and an intervening valve. Flow rate was
determined by timing the water level change in the
graduated pressure vessel.

Results and Discussion

Experimental strength tests indicate that metal coatings
raise the median maximum bending moment a needle can
support (Figure 5). In addition, metal coatings are desired
because they can deform plastically rather than
fracturing. Thus the metal coating may hold a needle
together for extraction even after the needle breaks
(Figure 6). Sputtered films are preferred over electro-
plating, since electroplating blunts the tips of the needles.
Different metals were chosen to study their strength
improvement. However, titanium is the most logical
coating choice since it is the most biocompatible. No
strength improvement was seen from oxidizing micro-
needles. This may be because the surface of the
microneedle was already under compressive stress due
to phosphorous doping. It should be noted that the actual
strength of needles is lower than the theoretical values.
This is because theory assumes a continuous material
with no defect or inclusions which act as crack
propagation sites. In reality, polysilicon has defects so
the experimental strength is lower than the theoretical.
Defects also account for the distribution in the
experimental data Table 1.
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Fig. 5. Break tests of sets of microneedles for various metal coatings.
The dash (-) represents data median. The box represents the 25 and
75% confidence limits, and the cross ( + ) shows the 5 and 95%
confidence limits.

Cross batch variations in mechanical properties are
also expected. depending upon deposition variables.
Polysilicon mechanical properties are a strong function
of deposition variables (temperature, pressure, silane
flow rates, etc.). Therefore, consistency in variables
during deposition is necessary to yield consistent
material properties. A commercial process which has
more consistent depositions should have less spread
within the data. There should be less defects in the
polysilicon, and the density of defects should be more
consistent from needle-to-needle, and batch-to-batch.

Needle strength was also analyzed using a finite
element model (ANSYS) of a needle. A representative
simulation is shown in Figure 7. Both in-plane and out of
plane tip loads were simulated and the Von Mises
stresses were calculated. Von Mises stresses are a
measure of total strain energy at any given point and
takes into account all types of simultaneous loading. In
the case of a cantilevered microneedle, the stresses due to
bending and shear both contribute to the stress state at
any given part of the needle. The analysis was done with
out of plane tip loads of 10 g which results in a maximum
stress of 1,878 MPa. By comparison, the bending stress
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Fig. 6. Fractured microneedle being held together by its platinum
coating.

for the same geometry was computed analytically at
1,778 MPa. The maximum stress is at a maximum near
the fillet because the bending moment increases linearly
from the tip of the needle to the base. The stress
decreases in the fillet as the load is being progressively
spread over a wider cross section. As expected the stress
generated by (in plane) side loads were less than the out
of plane load. The maximum Von Mises stress was
1,322 MPa. The reason for the lower stress is the needles
are twice as wide (in plane) as they are high (out of
plane).

In addition, the fluid carrying capacity of needles was
examined. The bent microneedle was found to have the
highest fluid carrying capacity of 0.082 ml/sec at 138 kPa
with a Reynolds number of 708. A microneedle with a
built in microfilter also had flow rates of 0.07 ml/sec.
These needles could be used for bolus insulin injections.
Other needles were found to have lower fluid carrying
capacity which make them inadequate for bolus
injections, but may be useful for long term ‘‘IV drip
style’” drug delivery systems. Although the throughput of
these microneedles are low they still compare favorably
with other microneedle designs. For example, the
Lebouitz microneedle can only deliver 35nl/sec. at
300 kPa [4]. Laminar flow models accurately predict the

Table 1. Summary of microneedle strength computations and experimental results. The computed maximums are determined using equations (8) and

9)

Microneedle Coating thickness Sample Computed maximum Avg. measured maximum Standard deviation
coating type (micrometers) size moment (mNm) moment (mNm) (mNm)

None 0 10 0.31 0.25 0.05

Oxide 1 4 0.31 0.22 0.06

Titanium 5 7 0.49 0.34 0.04

Platinum 10 7 0.59 0.43 0.08

Nickel 10 8 0.73 0.45 0.07
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Table 2. Experimental vs. predicted flow behavior. The predicted flow rate is determined by estimating the entrance length using equation (15), and

then applying equation (17) to correlate pressure loss with flow rate

Needle style Number of tests

Avg. measured flow rate (cc/sec)

Computed flow rate (cc/sec) Error (%) Reynolds number

Bent, 90°

4 0.082+0.004
Reinforced 9

2

1

0.040+0.004
0.070+0.01
0.032

Filter
Double channel

0.088 73 738
0.040 0.0 503
0.083 17.9 688
0.034 6.2 260

LI |

Fig. 7. Finite Element Analysis of a cantilevered microneedle with a
10 g out-of-plane tip load.

flow behavior through microneedles. The largest error
occurred in the filter needles. This is because of the small
gap spacing between the filter rungs (see Figure 2). This
geometry is difficult to model and was simply assumed to
be many short thin channels in a parallel arrangement.
However, the model does show the significance of
entrance and geometry losses as each was about 10% of
the pressure loss through the needle. Therefore more
effort should be placed on minimizing these effects in
order to increase needle flow efficiencies. The results of
the flow model are summarized in Table 2.

Conclusion

Polysilicon micromolding allows the fabrication of
microneedles which are smaller, smoother, and sharper
with more complicated geometries than needles made
using traditional machining methods. In addition, these
needles have features which would be difficult if not
impossible to implement using other fabrication
methods. Features such as three stage microfilters,
barbs, bends, and multiple outlet ports have been
implemented while maintaining good structural integrity
and fluid flow characteristics. In addition, these needles

could easily be housed in a casing similar to traditional
injection needles, or integrated in an IV drip style
microfabricated drug delivery system. Polysilicon micro-
needles make a model system for studying fluid
dynamics on the microscale, biocompatability issues
with microfabricated biomedical devices, and feasibility
of microneedles for biomedical systems. Future direc-
tions of research include strengthening needles either by
surface treatments or by fabricating needles out of
alternative materials, biomedical device integration, and
biomedical injection studies.
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