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a b s t r a c t

A photonic crystal (PhC) waveguide based optical biosensor capable of label-free and error-corrected
sensing was investigated in this study. The detection principle of the biosensor involved shifts in the res-
onant mode wavelength of nanocavities coupled to the silicon PhC waveguide due to changes in ambient
refractive index. The optical characteristics of the nanocavity structure were predicted by FDTD the-
oretical methods. The device was fabricated using standard nanolithography and reactive-ion-etching
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techniques. Experimental results showed that the structure had a refractive index sensitivity of 10 RIU.
The biosensing capability of the nanocavity sensor was tested by detecting human IgG molecules. The
device sensitivity was found to be 2.3 ± 0.24 × 105 nm/M with an achievable lowest detection limit of
1.5 fg for human IgG molecules. Additionally, experimental results demonstrated that the PhC devices
were specific in IgG detection and provided concentration-dependent responses consistent with Lang-
muir behavior. The PhC devices manifest outstanding potential as microscale label-free error-correcting
sensors, and may have future utility as ultrasensitive multiplex devices.
. Introduction

Rapid, sensitive, redundant (error-corrected), and multiplexed
etection of biological molecules is becoming increasingly impor-
ant to progress in fields as diverse as basic biology, clinical
iagnostics, biosecurity, and food and environmental safety. While
echnologies such as the real-time polymerase chain reaction, the
nzyme-linked immunosorbent assay (ELISA), DNA microarrays
nd other methods reliant on a label such as a fluorophore or
nzyme for readout are in wide use, they often require expen-
ive equipment and are operationally complex (Lazcka et al., 2007).
hus, considerable research effort continues to be directed towards
abel-free optical biosensing platforms as inexpensive and power-
ul biodetection tools.

A subset of the label-free optical biosensing approaches that
ave been described in the literature includes surface plasmon
esonance (SPR), ring resonators, interferometer based methods,

ptical fibers and waveguides (Armani et al., 2007; Piliarik et al.,
005; Skivesen et al., 2007; Xu et al., 2007; Ymeti et al., 2007).
hese optical sensing techniques are heavily dependent on the
vanescent field produced by optical waves to detect surface
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bound biological interactions based on local refractive index (RI)
changes. The conventional SPR sensing that uses propagating sur-
face plasmon polaritons on thin metallic films is perhaps the
most intensely explored optical sensing technique in the litera-
ture (Homola, 2008). Detection limits in ng/ml and pg/mm2 have
been reported using conventional SPR and interferometric meth-
ods for different proteins (Fan et al., 2008; Homola, 2008). In a
different approach, label-free optical biosensing has performed
using direct waveguide modes instead of evanescent modes in
high pore density porous silicon waveguides in the Kretschmann
configuration (Saarinen et al., 2005; Rong et al., 2008). Despite
their versatility, most implementations of these optical tech-
niques require large sensing areas and relatively large volumes of
analytes, thus far limiting their applications in chip-based detec-
tion.

An emerging optical sensing technique that can be implemented
with a small footprint and requires a small sample volume is
the nanoplasmonic sensor. Nanoplasmonic sensors are based on
nonpropagating localized surface plasmons (LSPRs) in nanostruc-
tured metals such as nanoparticles and nanoholes. These LSPRs

can be resonantly excited, and are very sensitive to the refractive
index of the dielectric medium (Stewart et al., 2008; Sepulveda
et al., 2009). Detection limits in pg/cm2 for different proteins have
been achieved with these plasmonic sensors (Chen et al., 2009;
Sannomiya et al., 2009). However, the low probe penetration depth

dx.doi.org/10.1016/j.bios.2011.03.024
http://www.sciencedirect.com/science/journal/09565663
http://www.elsevier.com/locate/bios
mailto:pal@ece.rochester.edu
dx.doi.org/10.1016/j.bios.2011.03.024


ioelect

a
a
2

h
i
o
i
c
2
e
w
c
s
f
g
o
a
t
2
b
T
t
t
s
s
i
c

b
h
d
u
d
w
1
p
2
t
2
c
u
r
d
2

e
m
o
e
t
D
o
c
c
s
l
m
2
P
w
(
w
t
i
m

S. Pal et al. / Biosensors and B

nd limited shelf life of the nanoplasmonic sensors restrain their
pplication in detecting a wide range of analytes (Kabashin et al.,
009; Anker et al., 2008).

Photonic crystals (PhCs) are periodic dielectric structures that
ave recently emerged as promising alternatives to the above exist-

ng label-free optical sensing technologies. Our laboratories and
thers have provided thorough demonstrations of the utility of var-
ous one-dimensional PhC nanostructures as optical biological and
hemical sensors (Chan et al., 2001; Cunin et al., 2002; Ouyang et al.,
005, 2007; Schwartz et al., 2006; Mandal and Erickson, 2008; Fan
t al., 2008). In an effort to develop ultra-compact optical sensors
ith even higher sensitivity and with ultra-low sample volume

apability, we have recently initiated a program to explore the
ensing capabilities of two-dimensional (2D) PhC nanostructures
abricated in silicon. These devices exhibit a tunable photonic band
ap (PBG) that has the ability to confine light in very small regions
n the order of one wavelength or smaller. Photon confinement is
chieved horizontally through the 2D PBG and vertically through
otal internal reflection (Joannopoulos et al., 1995; Kwon et al.,
008). Nano/micro cavities are formed in 2D PhC nanostructures
y introducing point defects that break the crystal periodic lattice.
he strong electric field confinement and small modal volumes (of
he order of 0.1 �m3) associated with such PhC nano/micro cavi-
ies make them very sensitive to local refractive index changes and
uitable for ultra-small analyte volumes. Their ultra-small dimen-
ions (in the order of microns) make 2D PhCs ideally suited for
ntegration into compact footprints for on-chip biosensing appli-
ations.

Previously, several different configurations of 2D PhCs have
een reported in the context of biosensing. Rindorf et al. (2006)
ave described the ability of long-period gratings in PhC fibers to
etect biomolecules. PhC waveguide biosensors based on waveg-
ide mode cut-off red-shifts have been investigated for specific
etection of proteins (Buswell et al., 2008). Cunningham and co-
orkers have demonstrated a polymer based PhC comprised of

-D periodic grating surface structure for detection of viruses and
rotein-protein interactions (Heeres et al., 2009; Pineda et al.,
009). Similarly, different architectures of 2D PhC nano/micro cavi-
ies have also been exploited in biosensing applications (Chow et al.,
004; Dorfner et al., 2009; Lee and Fauchet, 2007b). Many of these
avity nanostructures are fabricated on silicon-on-insulator chips
sing nanofabrication techniques. Ultra-low detection limits in the
ange of femtograms of proteins and single particles have been
emonstrated with such nanocavity structures (Lee and Fauchet,
007a,b).

The PhC nano/micro cavity designs discussed above, although
xtremely sensitive, are limited to detecting single analytes. When
ultiple such PhC cavity structures are placed in series, the res-

nance from the first PhC structure is not easily detected as it
xists within the photonic bandgap of the adjacent PhC struc-
ure which prevents redundant as well as multiplexed detection.
evices capable of redundant biological detection (more than
ne sensor area responds to an analyte of interest) as an error-
hecking mechanism, or multiplex detection (multiple sensor areas
apture different analytes) are of considerable interest. For sen-
itive and label-free biosensing, a PhC nanocavity structure with
ow mode volume, high quality factor and error-corrected or

ultiplex detection ability is preferred (Mandal and Erickson,
008). We have designed and fabricated a nanocavity-coupled
hC waveguide nanostructure that has multiplexing capability,
hile maintaining the high sensitivity of the nanocavity device
Guillermain and Fauchet, 2009; Pal et al., 2010). In this paper,
e simulate the response of this novel sensor and experimen-

ally demonstrate its performance in refractive index sensing and
n recognition-driven error-corrected biosensing of human IgG

olecules.
ronics 26 (2011) 4024–4031 4025

2. Experimental

2.1. PhC device design

The 2D PhC slab structure designed for the biosensing exper-
iments was based on silicon, and consisted of a 25 × 26 array of
air holes in a triangular-lattice pattern (Fig. 1a). A w1 waveguide
(waveguide created by removing one row of air holes) was formed
in the PhC structure by removing a central single row of air holes
from the lattice (Liu et al., 2009). Nanocavities were created by
reducing the radius of a single air hole adjacent to the w1 waveg-
uide. The PhC devices had lattice constants (a) of 372, 380 and
388 nm and a Si slab thickness of ∼400 nm, in order to have reso-
nance in the wavelength ranges of 1440 and 1590 nm. The air hole
radii were fixed at 111, 114 and 117 nm, while the correspond-
ing defect diameters were kept at 73, 75 and 77 nm, respectively.
The resonant modes of the photonic structures were modeled by
2D finite-difference-time-domain (FDTD) methods using the open
source FDTD software Meep (Oskooi et al., 2010).

2.2. Device fabrication

The PhC devices were fabricated on a p-type silicon-on insulator
(SOI) wafers (〈1 0 0〉) using electron beam lithography and reactive-
ion etching. The SOI substrate had a 400 nm thick top device layer
and a 1 �m thick buried oxide layer. A 130 nm thick oxide hard mask
layer was thermally grown on the Si substrate by a wet oxidation
process. Polymethylmethacrylate was then coated on the oxidized
substrate as a soft etching mask to write high resolution PhC pat-
terns using an e-beam writing system. After pattern writing and
developing, the oxide hard mask layer was dry etched using argon
assisted CHF3 gas to transfer the patterns into the hard mask. The
underlying Si device layer was etched using a gas mixture of CF4
and BCl3. After completion of the etching process, the PhC devices
were diced and the waveguide facets of the sensor chips were pol-
ished for coupling light from an external source. Fig. 1b illustrates
the fabrication process.

2.3. Optical detection

The spectral properties of the photonic devices were mea-
sured using a tunable laser (Hewlett Packard, model 8168F, output
power: −7 to 7 dBm) in the wavelength range of 1440–1590 nm,
with a wavelength resolution of 0.001 nm. Fig. 1c shows a schematic
of the measurement setup. Light from the laser source was trans-
mitted through a polarization controller to excite the TE modes
and coupled through tapered ridge waveguides into the PhC device
using a tapered lensed fiber (Nanonics, Israel). The optical power
transmitted through the device was collected via a second tapered
lensed fiber and measured using an Indium Gallium Arsenide
(InGaAs) photodiode detector (Teledyne Judson Technologies, PA,
USA).

2.4. Sensor surface functionalization

Prior to any surface chemistry, dry thermal oxidation was con-
ducted on the sensor chips at 900 ◦C for 15 min. The sensor surface
functionalization was performed following a previously published
protocol (Yadav et al., 2010). Details of the procedure have been
outlined in the supplemental information where Fig. S1 shows a
schematic of the sensor surface functionalization and target bind-
ing.
2.5. Label-free target detection and spectroscopic ellipsometry

For optical detection, the antibody modified sensor chips were
incubated with increasing concentrations of the target solution
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Fig. 1. (a) SEM image of a fabricated PhC nanocavity device, (b) schema

human IgG) diluted in PBS buffer modified with 0.005% Tween
0 in a humidity chamber at room temperature overnight. Sub-
equently, the chips were rinsed with distilled deionized water
o remove unbound targets and dried under a stream of nitrogen
efore performing optical measurements. To determine the selec-
ivity of the biosensor, the chips were incubated with 15 �M bovine
erum albumin (BSA), a non-target protein, diluted in buffer. The
pectral responses were recorded after subsequent washing with

istilled deionized water and drying of the chips under a stream of
itrogen.

The chemical and protein-layer thickness measurements were
arried out on p-type planar silicon chips (〈1 0 0〉). After subsequent
hemical or protein treatment, the thickness measurements were
ustration of the fabrication process and (c) the optical detection setup.

made on dried chips using a spectroscopic ellipsometer at an inci-
dent angle of 70◦. The measured thickness values were accurate
within ± 0.1 Å.

3. Results and discussion

3.1. Simulations
The periodicity of the triangular pattern of air holes in a 2D PhC
slab results in the formation of a photonic bandgap. Removal of a
line of air holes in the crystal structure creates a w1 PhC waveg-
uide structure resulting in waveguide modes within the photonic
band gap (Liu et al., 2009). The guided modes are strongly con-
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Fig. 2. (a) Simulated transmission spectrum of a PhC nanocavity structure having a defect radius of 0.15 a coupled to a w1 PhC waveguide. The excitation is TE polarized
a tric ( 2

t avegu
a in air.
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t normalized frequency f = a/�, where � = vacuum wavelength, (b) simulated elec
ransmission spectrum of a structure with two nanocavities coupled to a w1 PhC w
ir, (e) simulated (|E|2) field profile for the resonant frequency of the second defect

ned in the Si layer by the lower refractive index contrasts (with
ir and SiO2) in the vertical direction. A single nanocavity coupled
hC device having a defect radius of 0.15a and air hole radii of
.3a was modeled using the finite-difference time domain (FDTD)
ethod. This method computes light propagation in the PhC struc-

ure by solving Maxwell’s equations for electromagnetic waves in
oth time and space coordinates. The computational space is sam-
led at very small intervals of all wavelengths under consideration,
nd the material properties are specified at each sample point. The
ethod is appropriate for computing field distributions and res-

nance decay times (quality factor Q) and is advantageous since
esponse at all frequencies can be obtained by sending a pulse into
he structure and also permits analysis of large irregular structures
n addition to periodic structures (Prather et al., 2009).

The simulated spectrum for the single nanocavity PhC waveg-
ide structure in Fig. 2a shows high light transmission through
he waveguide at all frequencies except at the resonant mode of
he nanocavity, where a sharp dip in transmission is observed.
he calculated normalized resonant frequency f (f = a/�, where
= vacuum wavelength) of the nanocavity was 0.264. The Q-factor,

efined as ω0/�ω (ω0 = resonant frequency), was calculated to
e 450. Fig. 2b shows the simulated electric field distribution
|E|2) in the structure at the resonant frequency. The strong field
onfinement in the nanocavity region as seen in the figure sug-
ests that due to enhanced light-matter interaction in the defect
|E| ) field profile for the resonant frequency of the structure in air, (c) simulated
ide, (d) simulated |E|2 field profile for the resonant frequency of the first defect in

hole, the structure is extremely sensitive to local refractive index
changes.

The error-correcting or multiplexing capability of the PhC
waveguide design was assessed by modeling a PhC structure where
two nanocavities were coupled to the same PhC waveguide having
defect radii of 0.15a and 0.18a. The hole radius was fixed at 0.3a. The
simulated transmission spectrum (Fig. 2c) for the above structure
shows two transmission dips at normalized resonant frequencies
of 0.264 and 0.268 which correspond to the resonant mode of each
nanocavity. The calculated Q-factors for each nanocavity are 400
and 850, respectively. The electric (|E|2) field profiles in Fig. 2d and
e show strong field confinement at the resonant frequency of each
nanocavity. The simulation results thus indicate that each nanocav-
ity coupled to the PhC waveguide can perform as an independent
biosensor when functionalized with different biomolecules.

3.2. RI sensing with single nanocavity coupled devices

The fabricated PhC waveguide devices were investigated for RI
sensing with water (n = 1.33) and isopropanol (n = 1.377). Fig. 3a

shows the SEM image of a fabricated single nanocavity-coupled
PhC waveguide device having a lattice constant of 380 nm, hole
radius of 114 nm and defect radius of 75 nm. The fabricated struc-
ture showed slight deviations in the lattice constants and in the hole
and defect dimensions from the above mentioned values; these
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ig. 3. (a) SEM image of a fabricated single defect PhC device (a = 380 nm, defect radiu
lcohol.

eviations may be attributed to minor imperfections in the fabri-
ation process. The above structure had an experimental resonance
ip at ∼1532 nm in air (n = 1.0) as seen in Fig. 3b. The net red-shifts

n the resonant wavelength of the nanocavity (ı�) in water and
sopropanol (IPA) were 21 nm and 24.6 nm, respectively, due to the
ncrease in RI inside the holes. The RI sensitivity of the device was
alculated to be 64.5 nm/RIU (ı�/ın) or 10−2 RIU (ın/n) which is
ithin the sensitivity range of other PhC nanocavity sensors (10−2
o 10−4 RIU) reported in literature (Dorfner et al., 2008; Fan et al.,
008; Di Falco et al., 2009). While the RI sensitivities of PhC devices
re lower than most SPR based sensing techniques (10−5 to 10−8

IU) (Fan et al., 2008), SPR requires a much larger detection area in
PR than PhC devices. The measured mode Q-factor of the nanocav-

ig. 4. (a) SEM image of fabricated multiple nanocavity coupled PhC devices (a = 372, 380 a
pectra of the structure before and after target (IgG) binding.
nm), (b) experimental transmission spectra of the device in air, water and isopropyl

ity when infiltrated with liquid (QIPA = 457, Qwater = 409) is lower
than that in air (Qair = 479) due to higher in-plane losses into the PhC
waveguide. The RI sensitivity of the PhC nanocavity sensor can be
further improved by designing and fabricating devices with higher
Q-factors.

3.3. IgG sensing with multiple nanocavity coupled devices
The detection of IgG by sensors functionalized with anti-IgG
antibodies was used to evaluate the performance of the nanocav-
ity coupled PhC waveguide devices. Fig. 4a shows the SEM image
of a fabricated device where three nanocavity coupled PhC waveg-
uides are placed in series. The defect radii were 73, 75 and 77 nm

nd 388 nm, defect radius = 73, 75 and 77 nm) in series, (b) experimental transmission
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ig. 5. (a) Experimental normalized red-shifts of the PhC nanocavity device vs. inc
pecificity response of the PhC nanocavity device. Error bars are represented as ave

nd the lattice constants were 372, 380 and 388 nm. The structure
hows three transmission dips at 1510, 1531 and 1551 nm (Fig. 4b)
hat correspond to the resonance mode of each nanocavity. The
xperimental Q-factors of the cavities varied from 300 to 500. To
ssess the performance of the device, the receptor (anti-human IgG)
unctionalized device was treated with 6.7 × 10−6 M of the target
olution (human-IgG). Fig. 4b shows the transmission spectra of the
evice where the blue line indicates the baseline spectrum before
urface functionalization and the red line indicates the final spec-
rum after IgG binding. A net red-shift of 3.5 nm was observed in
ach nanocavity, thus demonstrating for a single analyte of interest
uccessful error-corrected (redundant) detection capability of the
evice. Our results also suggest that detecting different analytes on
single platform is possible when each nanocavity is functionalized
ith a different capture biomolecule.

Fig. 5a shows the dose response curve of multiple defect
hC sensors in IgG concentrations ranging from 6.7 × 10−10 M to

.7 × 10−6 M. The resonance red-shifts of the nanocavities observed
or different concentrations of the IgG molecules were normalized
ith respect to the red-shifts observed in the negative control (PhC

ensor chips immobilized with antibodies and treated with buffer
olution alone). The biosensor response sharply increases with
g concentrations of IgG molecules, inset – Langmuir fit of the data, R2 = 0.9214, (b)
ormalized red shift ± standard deviation for n = 5.

increasing IgG concentrations and tends to saturate at high con-
centrations. The normalized red-shifts change from 0.29 ± 0.11 nm
for an IgG concentration of 6.7 × 10−9 M to 1.56 ± 0.24 nm for the
highest tested IgG concentration of 6.7 × 10−6 M. The standard
deviations in the sensor response are attributed to chip-to-chip dif-
ferences in antibody immobilization efficiency, as well as variations
in experimental Q factors of the nanocavities arising from fabrica-
tion imperfections. From Fig. 5a, the sensitivity of the PhC device
expressed as ı�max/Cmax (where Cmax is the saturation concentra-
tion) was calculated to be 2.3 ± 0.24 × 105 nm/M.

The experimental resonance red-shifts were fitted with the
Langmuir adsorption isotherm in order to estimate the bind-
ing affinity and dissociation constants of the IgG molecules
(Duschl, 2002). Fig. 5a (inset) shows the Langmuir fit curve
based on the equation ı�/ı�max = KAc/(1 + KAc), where ı�max is
the maximum red-shift observed at the saturation concentration
(ı�max = 1.56 nm), c is the IgG concentration and KA is the associ-

ation constant for antibody-protein pair. The KA and dissociation
constant (KD = 1/KA) for human-IgG and its antibody from Lang-
muir fits were 1.38 × 106 M−1 and 7.2 × 10−7 M, respectively. These
thermodynamic constants determined from the PhC sensors are
in agreement with the KA (∼106 to 107 M−1) and KD (∼10−7 to
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Fig. 6. Theoretical and experimental responses of the multiple defect PhC nanocav-
i
b
fi
d

1
i
t
a
b

s
b
F
o
t
n
t
t
s
r
b

o
b
s
p
u
c
r
l
a
V
5
l
p
t
a
p
fi
h
o
e
s
r

candidates for further development as multiplexed biosensors;
ty device for different thicknesses of proteins layers and chemical crosslinkers. The
lack solid line corresponds to a linear fit to the predicted thickness values. R2 for the
t was 0.9908. Error bars are represented as average normalized red shift ± standard
eviation for n = 5.

0−9 M) values reported in the literature for anti-IgG and IgG bind-
ng (Varghese et al., 2008; Welschof et al., 1997). These data suggest
hat operation of the PhC devices in a fluidic environment may
llow them to be exploited in kinetic and equilibrium studies of
iomolecular binding.

The specificity of the PhC sensor chips was evaluated by mea-
uring responses in the presence of BSA, a protein that does not
ind to the anti-IgG antibodies used in the detection experiments.
ig. 5b shows a comparison of the normalized resonance red-shifts
bserved with the PhC devices tested for a 15 × 10−6 M BSA solu-
ion, the highest tested IgG concentration 6.7 × 10−6 M, and the
egative control consisting of buffer alone. The sensor response for
he BSA solution (normalized shift: 0.041 ± 0.3 nm) was similar to
he response observed for negative control (buffer alone) and much
maller than the red-shift observed with the target solution. These
esults indicate that the PhC nanocavities can perform as a specific
iosensing device.

FDTD simulations were performed in order to provide a the-
retical benchmark against which the experimental results could
e compared. A comparison of the experimental resonance red-
hifts measured for the fabricated devices with the red-shifts
redicted by the FDTD simulations is shown in Fig. 6. The sim-
lations were performed assuming layers of protein molecules
oating the internal surface of the device with layer thicknesses
anging from 0 to 100 Å. An RI value of 1.5 was chosen for simu-
ations based on reported RI of dried protein layers obtained from
tomic force microscopy and ellipsometry (Benesch et al., 2002;
örös, 2004). The theoretical red-shift increased from 1.45 nm to
.54 nm with increasing layer thickness from 20 to 100 Å. This

inear increase in the red-shift value is expected as the sensing
rinciple of the PhC waveguide structure is reliant on perturba-
ions of the nanocavity mode confined in the lower dielectric (in
ir) instead of the higher dielectric (in silicon). As observed from
revious field profile simulations (Fig. 2b), the resonant optical
eld exists inside the defect hole, i.e. in the lower dielectric, and
ence allows enhanced light matter interaction in comparison to

ther PhC nanocavity sensor designs that are based on the short
vanescent tail of optical waves (Dorfner et al., 2009) where the red-
hifts are expected to saturate with increasing layer thicknesses in
esponse to the decaying evanescent field. In Fig. 6, the theoret-
ronics 26 (2011) 4024–4031

ical data are not precisely linear as the coating thicknesses were
thinner than the grid size assumed in the simulations for the lower
thicknesses. The average layer thicknesses determined by ellipso-
metric measurements were 17.8 Å for chemical functional groups
(APDMES plus glutaraldehyde), 45 Å for anti-IgG immobilization
(chemical layers + anti-IgG) and in the range of 52.6–63 Å for
IgG binding (concentrations of 0.067 × 10−6 M, 0.67 × 10−6 M and
6.7 × 10−6 M). The corresponding experimental red-shifts observed
in the PhC nanocavity devices were 1.06 ± 0.15, 1.98 ± 0.18 and
from 2.54 ± 0.10 to 3.56 ± 0.24 nm, respectively. Fig. 6 shows that
the experimental red-shifts after chemical attachment and after
IgG binding at the saturation concentration (6.7 × 10−6 M) match
closely with the linear fit of the simulated theoretical curve thus
indicating 100% coverage of the sensor surface in both instances.
The surface coverage was less than 100% (in the range of 85–87%) for
anti-IgG immobilization and IgG binding at lower concentrations.
Thus, it can be inferred that chemical crosslinking and IgG binding
at the highest concentration result in uniform coating on the PhC
nanocavity devices (as assumed in the FDTD simulations) and hence
a close match in the experimental and simulated red-shift data is
observed. However, the protein thicknesses after anti-IgG immobi-
lization and IgG binding at lower concentrations are not as uniform
as assumed in the simulations and hence lead to lower experi-
mental red-shifts due to lower refractive index contrasts between
silicon and the protein layer.

The detection limit of the PhC nanocavity device was calculated
from the sensor red-shift response and protein thickness measure-
ments. From Fig. 5a, the lowest IgG concentration that resulted in a
reliable red-shift having S/N ratio greater than 3.0 was 6.7 × 10−8 M.
However, the actual mass of the proteins contributing to the biosen-
sor signal was much less than what the above concentration would
suggest. The FDTD simulations in Fig. 2b showed that the electric
field intensity was mostly confined (> 50%) in the central defect
and the surrounding four holes, indicating that the majority of the
biosensor response was generated from this region. This “active”
biosensing area of the PhC nanocavity device may be calculated
considering the internal surface area of the pore walls of the above
mentioned region and was found to be 1.465 �m2. The surface den-
sity of the IgG molecules bound in this active region at the lowest
detectable IgG concentration (6.7 × 10−8 M) was estimated to be
1 ng/mm2 from the protein monolayer thickness measurements
and the protein density values (Shumaker-Parry and Campbell,
2004). The mass of the IgG molecules in the active region that
produced a measurable red-shift was 1.5 fg, which was therefore
the minimum detection limit of the PhC nanocavity device based
on signal transduction limitations. This result was consistent with
other PhC nanocavity sensors reported for protein detection in the
literature that had experimental detection limits in the range of
2.5–4.0 fg (Dorfner et al., 2009; Lee and Fauchet, 2007b).

4. Conclusion

We have developed a silicon based 2-D PhC optical biosensor
suitable for label-free and error-corrected (redundant) biosens-
ing. The PhC sensor shows a RI sensitivity of 64.5 nm/RIU (or 10−2

RIU) with liquids of different refractive indexes. We have also
demonstrated error-corrected biosensing of human IgG molecules
using the PhC optical sensor. The device has a sensitivity of
2.3 ± 0.24 × 105 nm/M and a detection limit of 1.5 fg for human IgG
molecules. Experimental results indicate that the devices are good
achieving this will require addressing the challenge of indepen-
dently addressing each nanocavity with a different biomolecular
capture agent. Efforts to accomplish that goal are under way in
our laboratories. The performance of the biosensor can be further
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mproved by designing nanocavities having higher quality factors
nd by localizing the biomolecular recognition processes in the
efect feature. Future work shall also involve performing real-time
easurements with the devices in fluidic environment.
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