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bstract

The sensitivity of a photonic crystal optical biosensor is greatly enhanced through the incorporation of low refractive index porous dielectric
aterial into the device structure. In this work, computer models are used to predict the reflectance spectra and sensitivity performance of a

ne-dimensional photonic crystal biosensor. A manufacturable replication method is demonstrated that can produce a low-index dielectric periodic

urface structure with a 550 nm period over large surface areas. The sensitivity of porous glass biosensors is characterized and compared with
ensors incorporating non-porous polymer material. Results for detection of proteins, polymer layers, and bulk liquids indicate up to a four-fold
ensitivity increase.

2006 Elsevier B.V. All rights reserved.
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. Introduction

Label-free optical biosensors based upon surface structured
hotonic crystals have recently been demonstrated as a highly
ensitive method for performing a wide variety of biochemi-
al and cell-based assays [1]. The device structure is designed
o reflect only a narrow band of wavelengths when illuminated
ith white light at normal incidence, where positive shifts of the

eflected peak wavelength value (PWV) indicate the adsorption
f detected material on the sensor surface [2]. By spatially con-
ning incident photons at the resonant wavelength, a high optical
eld is generated at the sensor surface that extends a short dis-

ance into a test sample, much like an evanescent field. The high
egree of spatial confinement of resonant photons within the
evice structure leads to a strong interaction between the struc-
ure and adsorbed biomaterial, and to the ability to perform high
esolution imaging of protein and cell attachment [3].
Previously, photonic crystal optical biosensors have been fab-
icated from continuous sheets of plastic film using a process in
hich the periodic surface structure is replicated from a sili-
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on master wafer using a UV-cured polymer material [4]. This
atterned polymer is subsequently coated with a high refrac-
ive index TiO2 layer that is generally thinner than the height
f the surface structure. Such devices have been demonstrated
or a wide variety of biochemical and cell-based assays, with a
ass density sensitivity resolution less than 0.1 pg/mm2 and a

arge dynamic range enabling single cell detection [5]. In gen-
ral, optimization of the device sensitivity requires increasing
he interaction of the electromagnetic field intensity distribution
ith the biological material deposited atop the photonic crystal

urface. Therefore, selection of optical materials and design of
he surface structure topology should be aimed at extending the
lectromagnetic field profile from the interior regions of the pho-
onic crystal (where they cannot interact with adsorbed material)
o the region adjacent to the photonic crystal that includes the
iquid test sample. In this work, we demonstrate that the sub-
titution of an extremely low refractive index material for the
urface structure within the photonic crystal biosensor has the
esired effect of substantially increasing detection sensitivity.

We used rigorous coupled wave analysis (RCWA) and finite
ifference time domain (FDTD) simulations to predict the res-

nant wavelength and bulk refractive index sensitivity of a
ne-dimensional surface photonic crystal biosensor. The device
ncorporates a low-index (n = 1.17) nanoporous dielectric sur-
ace structure in place of the polymer (n = 1.39) surface structure

mailto:bcunning@uiuc.edu
dx.doi.org/10.1016/j.snb.2006.02.006
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Fig. 1. Cross-section schematic (a) and scanning electron micrograph (SEM)
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eported previously. We use a soft contact embossing method
o create a surface-structured low-index porous film on glass
ubstrates with a depth and period that are identical to the
revious polymer structures to enable a side-by-side sensitiv-
ty comparison. The sensitivity of porous glass biosensors is
ompared to nonporous polymer biosensors through methods
hat characterize sensitivity to bulk refractive index and surface-
dsorbed material. Finally, a protein binding assay comparison
s performed to demonstrate sensor stability and the ability to
unctionalize the device for selective detection.

. Materials and methods

.1. Computer simulation

The polymer and porous glass sensors were modeled and
imulated using two software packages. First, a 2-D diffrac-
ion grating analysis tool (GSOLVER) employing the RCWA
lgorithm provides a quick and simple method for initial sensor
odeling. Second, FDTD (Lumerical) provides a much more

ersatile and powerful tool that can calculate any field compo-
ent at any temporal or spectral location for an arbitrary optical
evice illuminated by an arbitrary source [6]. FDTD was used to
erify RCWA results and to gain deeper insight into the effects
f modifying the sensor structure.

.2. Sensor fabrication

In the proposed device, we incorporate a sol–gel derived low-
ndex nanoporous silica thin-film [7] in place of the UV-cured
poxy used in previous designs. Since the low-index material
ures by heat rather than UV exposure, it was necessary to
evelop a new fabrication process. We desired to retain a low-
ost imprinting method, though it was obvious that a plastic
ubstrate could not sustain the requisite high temperatures for
orous glass annealing. One possible approach to sol–gel glass
mprinting was to use a polydimethylsiloxane (PDMS) mold and
glass substrate [8].

The sub-wavelength grating structure of the low-k biosen-
or was fabricated using a combination of lithography, molding,
nd imprinting processes. The process begins with production
f a silicon “master” wafer, that is patterned by deep-UV pho-
olithography with a linear grating photoresist pattern of par-
llel 275 nm width photoresist lines separated by 275 nm width
paces. The photoresist is used as a mask for reactive-ion etching
f ∼170 nm deep trenches into the silicon wafer. After etching,
he photoresist is removed, and the silicon wafer contains a posi-
ive image of the surface structure desired in the finished sensor.
ylgard 184 PDMS (Dow) “daughter” molds are then replicated
rom the silicon master wafer. The liquid PDMS is poured into
rectangular metal frame placed on top of the silicon master
afer and then cured at 90 ◦C for 24 h. To facilitate release of

he cured PDMS mold from the silicon wafer, the wafer was

urface treated with a release layer of dimethyldichlorosilane
Repel Silane, Amersham Biosciences) [9]. The PDMS replicas
re then used to imprint a thin-film of uncured Nanoglass® (Hon-
ywell Electronic Materials), a low-index sol–gel glass, spun-on

B
m
p
i

b) of porous glass photonic crystal sensor. Surface roughness visible in
EM is due to a carbon coating atop the TiO2 film used to enhance image
uality.

o a glass substrate. Once the low-index dielectric becomes rigid,
he flexible PDMS mold is removed and the sol–gel glass is fully
ured by further baking. The sensor structure is completed by
vaporating 165 nm of TiO2 onto the patterned surface. A subse-
uent surface treatment with dimethyldichlorosilane encourages
io-adsorption and promotes sensor stability. A schematic illus-
ration and scanning electron micrograph of the device cross-
ection are shown in Fig. 1(a and b).

The polymer structure is similar to that described in a pre-
ious publication [4]. It contains a periodic surface structure of
V-cured polymer that is subsequently overcoated with a layer
f TiO2 deposited by a sputtering process. The polymer periodic
urface structure is also formed by a replica molding process,
n which an 8-in. diameter silicon “master” wafer is used as a

old. A thin layer of UV-curable polymer is squeezed between
flexible transparent plastic substrate film and the silicon wafer.
he polymer is allowed to flow into the silicon mold before it is

apidly cured to a solid by exposure to UV light. After curing,
he replica (attached to the plastic film) is peeled away from the
ilicon mold, so the silicon may be used for additional replicas.

ecause the same silicon “master” is used to produce the poly-
er and porous glass devices, both structures have a 550 nm

eriod and 170 nm imprint depth. The grating period and grat-
ng depth were verified by scanning electron microscopy. The
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wo devices will be referred to as the “polymer” and “porous
lass” sensors throughout the remainder of this paper. The
olymer devices were provided as an array of sensors aligned
nd attached to bottomless 96-well standard microtiter plates
SRU Biosystems). The porous glass devices are fabricated on
5 mm × 25 mm × 1 mm glass microscope slides. Adhesive rub-
er wells (Research International Corp.) are attached to the glass
urface to provide liquid containment for five to six sensors on
ach slide.

.3. Instrumentation

The configuration of the readout instrument has been reported
reviously [2]. A broad wavelength light source is coupled to
n optical fiber that illuminates a ∼2 mm diameter region of
he photonic crystal surface from below the substrate at normal
ncidence. Reflected light is collected by a second optical fiber
hat is bundled next to the illuminating fiber, and measured by a
pectrometer. An automated motion stage enables parallel col-
ection of reflectance data at timed intervals from many wells in
rder to acquire kinetic information.

.4. Sensor characterization

.4.1. Bulk refractive index measurement
Deionized water (DI H2O, n = 1.333) and Isopropyl Alcohol

IPA, n = 1.378) are used to determine the bulk shift coefficient
f each sensor. First, DI H2O is pipetted onto the surface of the
ensor and the PWV is measured. Next, the surface is thoroughly
ried and the previous step is repeated for IPA. The bulk shift
oefficient between DI H2O and IPA can then be calculated as
he change in PWV divided by the change in bulk refractive
ndex.

.4.2. PPL bio-adhesion test
Sensitivity to surface-adsorbed material was characterized

y the detection of a single layer film of poly(Lys, Phe) (PPL;
igma–Aldrich; MW = 35,400 Da) prepared to a 1.0 mg/ml solu-

ion with 0.01 M phosphate buffered saline (PBS; pH 7.4)
pplied to the sensor surface. At a sampling interval of 1 min,
he bio-adhesion test commenced with the pipetting of PBS into
he test wells. After 10 min, the buffer was replaced with PPL
olution and was allowed to stabilize for 30 min. The PPL solu-
ion was then removed, and PBS was used to rinse the wells. The
inse solution was removed and subsequently filled with fresh
BS for the final 30 min of data acquisition.

.4.3. Multilayer polymer test
In order to characterize the differential sensitivity as a func-

ion of distance from the sensor surface, a series of polymer elec-
rolyte monolayers were deposited on the sensors. By alternating
etween positively and negatively charged polymer layers, a
tack of uniform, self-limiting polymers may be formed on the

ensor while it is continuously monitored on the detection instru-
ent [10]. Three different polyelectrolytes are deposited onto

he sensor surface: anionic poly(sodium 4-styrenesulfonate)
PSS; MW = 70,000 Da), cationic poly(ethyleniminie) (PEI;

o
8
s
n
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W = 60,000 Da), and cationic poly(allylamine hydrochlo-
ide) (PAH; MW = 70,000 Da). The polyelectrolytes were pur-
hased from Sigma–Aldrich. A 0.9 M NaCl buffer solution
Sigma–Aldrich) is prepared with deionized water. The poly-
lectrolytes were dissolved in the buffer solution at a concen-
ration of 5 mg/ml. At a 1 min sampling interval, the multilayer
urface sensitivity characterization is performed in 5 min steps.
irst, NaCl buffer was pipetted into the sensor wells. Next, the
uffer was removed and replaced by PEI solution. The PEI solu-
ion was then removed, and PBS was used to rinse the wells. The
inse solution was removed and subsequently filled with fresh
uffer. The previous two steps were repeated for PSS and PAH
ntil seven PSS-PAH layers have been deposited upon the single
EI layer.

.4.4. Bioassay: protein A—IgG
To demonstrate selective detection by the proposed device,

e performed a bioassay that characterizes the affinity of
uman, sheep and chicken IgG for protein A. Protein A (Pierce
iotechnology) is prepared with 0.01 M PBS to a concen-

ration of 0.5 mg/ml. The buffer is filtered with a 0.22 �m
yringe filter (Nalgene) before use. Human, sheep, and chicken
mmunoglobulin-G (IgG) serums (Sigma–Aldrich) are diluted in
.01 M PBS to a concentration of 0.5 mg/ml. Allowing 30 min
etween each step and sampling at a 1 min interval, PBS solu-
ion was first pipetted into the sensors wells. Next, the buffer
as replaced by protein A solution. The well was then rinsed

hree times and filled with buffer. After the signal stabilized, the
uffer in three of the wells was replaced by human, sheep, or
hicken IgG, while the fourth was left as a reference containing
nly the buffer. Finally, the IgGs were removed and the wells
ere again rinsed and filled with PBS for the final 30 min of data

cquisition.

. Results

.1. Computer simulation

RCWA and FDTD simulations both indicated that replace-
ent of the patterned UV-cured polymer of previous devices
ith a material of lower refractive index would produce a two-

old increase in the bulk shift coefficient. The resonant wave-
ength of the porous glass sensor immersed in DI H2O was
redicted by RCWA to be 844.3 nm with a full-width at half-
aximum (FWHM) of approximately 2 nm, as shown in Fig. 2.
imulation predicts further improvements in the bulk shift coef-
cient with slight modifications to the sensor geometry.

The bulk sensitivity test using DI H2O and IPA was performed
n 23 porous glass sensors and 11 polymer sensors. The aver-
ge PWV shifts were 13.6 ± 1.0 and 6.3 ± 1.3 nm for the porous
lass and polymer sensors, respectively. The bulk shift coeffi-
ient (�PWV/�n) of the porous glass sensor is measured to be
.2 times greater than that of the polymer device. Measurements

f the porous glass device in DI H2O give an average PWV of
29.5 ± 16.5 nm and FWHM of 3.5 ± 2.5 nm. One of the mea-
ured spectra is illustrated in Fig. 3, where the response has been
ormalized to a perfect reflector to account for any instrumenta-
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Fig. 2. Resonant peak of porous glass sensor exposed to deionized water, as
predicted by RCWA simulation.
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ig. 3. Experimentally measured resonant peak of porous glass sensor immersed
n deionized water.

ion losses. The lower reflection efficiency and broader FWHM
easured from the replicated devices can be attributed to small

ut measurable material losses and to imperfections observed in
he replicated structure. The large variability of measured spec-
ral characteristics is due, at least in part, to using several slightly
ifferent (though nominally identical) master patterns and to a
ack of automation of the replication process.
.2. PPL bio-adhesion test

PPL was deposited on five porous glass and nine polymer
ensors. Fig. 4 compares the kinetic plots of each device, show-

ig. 4. Kinetic plot comparing PWV shifts for PPL deposited onto both sensor
esigns.
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ig. 5. Spatial profile of PWV shift versus polymer thickness, where alternating
ayers of PSS and PAH contribute to the total measured shift.

ng a ∼4× increase in surface sensitivity for the porous glass
ensor. The first step establishes a baseline, the second corre-
ponds to the rapid surface adsorption and saturation of PPL,
nd the final third of the curve illustrates the monolayer stability
fter eliminating weakly bound molecules by rinsing with PBS
uffer. The lack of data around 45 min corresponds to the time
ecessary to rinse all of the wells. The PWV shifts generated
uring PPL immobilization onto the porous glass sensor satu-
ate more slowly than that measured using the polymer devices.
learly, the porous glass sensor surface is significantly less con-
ucive to protein monolayer adsorption. The authors anticipate
hat further surface chemistry optimization should mitigate this
ffect. Nonetheless, the porous glass sensor exhibits excellent
tability after unbound molecules are washed away.

.3. Multilayer polymer test

The 14 alternating layers of PSS and PAH described previ-
usly each cause a measurable shift in the detected PWV as they
re adsorbed onto the surface. Fig. 5 gives a spatial profile of
WV shift versus polymer thickness, where each PWV shift was
easured in buffer after the wash step. Each monolayer of poly-

lectrolyte is approximately 4.4 nm thick and has a refractive
ndex of 1.49 [11]. The porous glass sensor exhibits an average
urface sensitivity ∼1.5× that of the polymer sensor. However,
ote that each of the first two layers (∼9 nm) deposited onto the
orous glass device cause a PWV shift with twice the magnitude
f each of the remaining layers, while no such effect is observed
or the polymer device.

.4. Bioassay: protein A—IgG

Protein A was introduced into 15 porous glass and 16 poly-
er sensor wells. The resulting PWV shift after the wash step
as ∼4× greater for the porous glass devices, as shown in Fig. 6.
s in the case of the PPL monolayer adsorption, the lower PWV
hift after rinsing (at t ∼ 65 min, where there is a gap in the
ata during the rinsing process) is due to elimination of weakly
ound Protein A molecules. Fig. 7 illustrates the measured bind-
ng kinetics of human, sheep and chicken IgG with protein A for
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Fig. 6. Kinetic plot comparing PWV shifts for protein A deposited onto both
sensor designs.
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ig. 7. Binding kinetics of three animal IgGs to protein A measured with the
orous glass biosensor.

he porous glass sensor, while Fig. 8 gives an endpoint PWV shift
omparison (relative to a reference well without IgG) between
he two devices for each antibody. Protein A surface adsorption
aturated much more quickly on the polymer sensor surface, sim-
lar to that observed in the PPL bio-adhesion test. The porous

lass device exhibits increasingly greater sensitivity for anti-
odies with higher affinity for protein A. Human IgG binding is
etected with twice the sensitivity, while chicken IgG, lacking
ny specificity for protein A, results in an equivalent response,

ig. 8. Sensor comparison of PWV shifts for each of the different IgG—protein
interactions.
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nd provides a measure of non-specific binding [12]. Error bars
or performing the same assay with multiple sensors were found
o be smaller for the polymer sensors, which are produced in a

anufacturing environment. The porous sensors were produced
y hand in a laboratory environment, and are thus less repro-
ucible from one device to another.

. Discussion

The photonic crystal biosensor is designed to couple elec-
romagnetic energy to biological material deposited upon its
urface from a liquid test sample. While the device itself consists
f a low refractive index surface structure and a high refractive
ndex dielectric coating, the liquid test sample that fills in the
urface structure must also be considered an integral part of
he sensor—and the only dynamic component that can induce a
hange of resonant wavelength. The motivation for incorporat-
ng an extremely low refractive index material into the photonic
rystal biosensor structure is to spatially bias the electromagnetic
eld of the resonant wavelength toward the liquid test sample
nd away from the interior regions of the photonic crystal that
o not interact with surface adsorbed material. Through the use
f a nanoporous material with a refractive index less than that of
ater, the desired sensitivity improvement has been achieved.
The materials and methods described in this paper should

end themselves to a manufacturable fabrication process. The
se of spin-on low-k dielectric materials leverages off the large
nvestments made in the integrated circuit manufacturing com-

unity, who require rapid processing, structural stability, and
xclusion of liquid penetration. A unique aspect of this work is
he use of an imprinting method to accurately impart a submicron
urface structure to a nanoporous glass film without the use of
hotolithography. The presence of the imprint tool on the surface
f the low-k film during the initial stage of the curing process did
ot alter the refractive index of the final cured structured film.
he imprinting method enables substantial cost to be incurred
nly in the production of the “master” silicon wafer, which is in
urn used to produce a nearly unlimited number of “daughter”
DMS imprinting tools. Each PDMS tool can be used to produce
large number of sensor structures without damage to the tool
ecause little force is needed to make the spun-on liquid low-k
ayer conform to the tool. After imprinting, the low-k dielectric
lm is cured rapidly on hotplates, using methods that are easily
utomated. The use of a flexible imprinting tool was found to
e advantageous over imprinting from the silicon master wafer
irectly, as the PDMS mold was easier to release from the par-
ially cured low-k film, and was capable of allowing permeation
f volatile solvent released during the cure process. Although
nly 1 in. × 3 in. microscope slide regions were imprinted in the
ork shown here, the imprinting method can be scaled to larger

urface areas to enable production of sensor areas large enough
o cover an entire 96- or 384-well standard microplate (approx-
mately 3 in. × 5 in.). Characterization of sensors produced in

hese formats will be the topic of a future publication.

It should be noted that our RCWA simulations predict a higher
WV and slightly lower bulk shift coefficient than that measured
xperimentally for the porous glass devices. However, predicted
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nd measured values for the polymer sensors are in much better
greement. This discrepancy can be attributed to the different
iO2 coating processes used for the two device designs. The
olymer sensors use a sputtering process that has been verified
o deposit films with a refractive index equal to that value used
n the simulations (n = 2.25). This same value was used to pre-
ict porous glass biosensor performance. However, the refractive
ndex of the films evaporated onto the porous glass devices were

easured to be considerably lower than that utilized in the sim-
lation model (n = 1.86). If an appropriate adjustment is made
o the computer model, significantly better agreement between
imulation and experiment is obtained.

An interesting and useful result found during comparison of
orous glass sensor structures with polymer sensor structures is
he disparity in sensitivity gains between bulk refractive index
ensitivity and surface-adsorbed layer sensitivity. While com-
uter models accurately predict the ∼2× sensitivity increase
easured for PWV shift induced by a bulk refractive index

hange of the solution covering the porous glass sensor sur-
ace, a ∼4× increase of PWV shift was consistently measured
or thin layers of adsorbed material. By measuring the PWV
hift as a function of thickness using the polymer multilayer
xperiment (Fig. 5), we are able to characterize the strength of
nteraction of the coupled electromagnetic field as a function
f distance away from the sensor surface. We find that, for the
orous glass sensors, the interaction is particularly strong for the
rst few monolayers of adsorbed polymer, while the relationship
etween polymer thickness and PWV is highly linear for each
dsorbed monolayer on the polymer sensor structure. The inter-
ction between the test sample and the resonant electromagnetic
eld distribution is highly complex, as detected material can
dsorb to the horizontal and vertical surfaces of the structure,
here a characteristic field profile extends into the sample from

ach surface. While future work will entail a more detailed char-
cterization of the field profile by FDTD simulation, the present
ork clearly shows that surface-based detection sensitivity is

nhanced beyond the improvements in bulk sensitivity for the
orous glass biosensor. Because the majority of biomolecular
nteractions are expected to occur within the first few nanome-
ers from the sensor surface, the surface sensitivity is of greatest
mportance for increasing sensitivity in the context of surface-
ased biochemical assays.

. Conclusion

We have demonstrated a novel photonic crystal biosen-
or incorporating a surface-patterned low-index material that
xhibits up to a four-fold sensitivity increase over similar sensors
hat use a patterned higher-index polymer. Computer simula-
ions provided accurate predictions of the porous glass sensor
ehavior. Several experiments explored differing measures of
ensitivity by introducing a bulk index change, generating both
single protein monolayer as well a multilayer polymer stack,
nd performing a simple affinity bioassay. The comparative
ntibody–antigen assay demonstrated the ability of the biosensor
o sustain stabile biomolecular monolayers and to predict relative
inding affinities. The increased sensitivity of the porous glass
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I
u
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ators B 120 (2006) 187–193

evice will enable more accurate characterization of smaller
olecules at lower concentrations.
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