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We report the design, fabrication, and testing of a photonic crystal (PC) biosensor structure that
incorporates a porous high refractive index TiO2 dielectric film that enables immobilization of
capture proteins within an enhanced surface-area volume that spatially overlaps with the regions of
resonant electromagnetic fields where biomolecular binding can produce the greatest shifts in photonic crystal resonant wavelength. Despite the nanoscale porosity of the sensor structure, the PC
slab exhibits narrowband and high efficiency resonant reflection, enabling the structure to serve as
a wavelength-tunable element of an external cavity laser. In the context of sensing small molecule
interactions with much larger immobilized proteins, we demonstrate that the porous structure
provides 3.7 larger biosensor signals than an equivalent nonporous structure, while the external
cavity laser (ECL) detection method provides capability for sensing picometer-scale shifts in the
PC resonant wavelength caused by small molecule binding. The porous ECL achieves a record
high figure of merit for label-free optical biosensors. Published by AIP Publishing.
[http://dx.doi.org/10.1063/1.4961107]
Screening through chemical compound libraries comprised of millions of small molecules for their potential to
specifically interact with target proteins that represent key
elements of disease biomolecular pathways is one of the
most important methods through which new potential drugs
are initially discovered.1 Due to their low molecular weight
(150–500 Da), low analyte concentration, 1:1 binding stoichiometry, and (often) low binding affinities, the ability to
rapidly characterize small molecule binding with much
larger proteins (20–150 kDa) remains an important technical
challenge.2 Label-free biosensors based upon measuring
wavelength shifts of optical resonators have been used effectively for characterizing biomolecular interactions using
technologies that include surface plasmon resonance,3 photonic crystal (PC) biosensors,4 optical fibers,5 waveguides,6
and interferometers.7 The performance of these approaches
can be quantified by a figure of merit8 (FOM) defined as
FOM ¼ Sb  Q=k0 , where the sensitivity Sb ¼ Dk
Dn characterizes the magnitude of the output shift induced by a known
bulk refractive index (RI) change, and Q=k0 is the full width
at half maximum (FWHM) of the resonant spectrum that
describes the spectral resolving ability. While several
recently reported label-free optical biosensing approaches
seek to maximize the Q-factor (Q ¼ k0 =FWHM) of passive
resonators,9,10 the increased detection resolution is achieved
at the expense of reduced Sb , as the resonant electric fields
reside within solid internal regions of the biosensor structure,
while biomolecular binding occurs only on the structure’s
outer surface.
The External Cavity Laser (ECL) biosensor is a fundamentally different instrumentation approach that can achieve both
high sensitivity and high Q-factor simultaneously11 and has
been demonstrated in conjunction with PC biosensors for pharmaceutical high-throughput screening (HTS) with high specificity and sub-picometer accuracy.12 Briefly, the stimulated
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emission of a semiconductor optical amplifier (SOA) generates extremely narrowband optical output (Q ¼ 2:8  107 ),
by incorporating a PC resonator as the tunable element of an
external cavity laser. The ECL biosensor decouples the Q-factor from the biosensor’s sensitivity by introducing external
optical gain (i.e., SOA which is external to the transducer
PC), allowing high resolution without compromising sensitivity. The ECL biosensor differs from the distributed feedback
(DFB) laser biosensor13 through the establishment of external
laser cavity, where photons circulate and achieve continuouswave operation with higher Q factor. Meanwhile, the electrically pumped SOA possesses greater single mode lasing
stability and better temperature control than a chemical dye
that resides within the sensor structure. While detection of
small molecules has not been demonstrated using a DFB laser
biosensor, the ECL approach shown in this work is capable of
sensing small molecules binding to immobilized proteins with
high signal-to-noise ratio. While previous reports of PC-ECL
biosensing were achieved with solid dielectric PC biosensor
surfaces upon which biomolecular binding only occurred on
the outer surface, here we report utilization of a porous PC
biosensor in which a nanorod TiO2 layer is used to improve
sensitivity by 4, while lasing linewidth remains 0.03 pm.
The approach demonstrates a FOM ¼ 1.05  107, representing
the highest values for an optical biosensor yet reported. See
Table S1 in the supplementary material for FOM comparison
among a list of recently reported optical biosensors. In this
work, we discuss the design and operating principle of the sensor structure, describe the use of the sensor in a self-referencing
ECL detection instrument, characterize the Sb and Q-factor performance, and demonstrate kinetic sensing of a representative
small molecule drug-protein interaction.
The porous PC is a one-dimensional grating structure fabricated on a low refractive index, ultra-violet curable polymer
(UVCP) (K ¼ 550 nm; tgrating ¼ 170 nm; n ¼ 1:5), which is
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coated with two layers of TiO2 thin films (Fig. 1(a)).
Following the sputtering of the first solid TiO2 layer (n ¼ 2:4;
dTiO2 ¼ 75 nm), a layer of porous TiO2 film is formed by
glancing angle deposition (GLAD).14 As shown in the scanning electron microscopic images of the top (Fig. 1(b)) and
cross-sectional (Fig. 1(c)) views of the device, the porous
layer is a uniform sheet of tilted TiO2 nanorods with a height
of 80 nm and a lean angle of 35 . Next, dry etch using
CF4 (PlasmaLab Freon RIE) is performed to slightly expand
the gaps between TiO2 nanorods.15 The etch step is important,
as gaps between nanorods of ⲏ20 nm are required to enable
protein molecules to diffuse into the pores and to bind within
the structure, rather than simply attaching to the upper surface
of the porous layer. Fig. S3 in the supplementary material
shows how the porosity is controlled during device fabrication
and effects of porosity on experimental sensitivity. The porous
PC is designed to function in aqueous media, with water perfused between nanorods. At resonance, the subwavelength
grating couples the external incident light to excite a guided
mode resonance (GMR) as described in previous reports.16
The GMR, defined by a complex propagation constant, possesses a finite lifetime and is re-radiated into free space to
form a narrow band reflection. Therefore, the near-field electromagnetic (EM) field enhancement is associated with a farfield resonant reflection peak. As shown in the reflection spectrum in Fig. 1(d), the porous PC reflects a narrow range of
wavelengths centered at k ¼ 851 nm, with FWHM ¼ 5 nm.
Because the features of the nanorods are far smaller than the
resonant wavelength, the nanorod layer does not cause scattering or absorption that results in extinguishing the resonance.14
Compared with non-porous PCs, the porous PCs do not result
in significant broadening or shortening of the resonant peak,
which is vital to establishing lasing action in the ECL system.
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The resonant reflection wavelength is modified by the absorption of biomolecules on the sensor surface and within the
porous layer. At resonance, energy associated with the light is
temporarily stored in the resonator and the surrounding medium
in the form of an electromagnetic standing wave with an evanescent reduction in intensity as one moves in the z-direction
into the media. The resonant fields induce dipole moments in
biomolecules within the evanescent field volume. As bound
proteins and small molecules displace water, we observe a shift
in the photon energy of the resonant state.10
By first order perturbation theory, the fractional resonant
wavelength shift from a large number of molecules bound on
optical resonators can be estimated as the ratio of the energy
needed to polarize and induce dipole moments in the molecules and the total energy of the mode17
Ð
Dk aex rp jEðrÞj2 dA
;
(1)
¼
Ð
k
2 ejEðrÞj2 dV
where aex is the molecules’ excess polarizability to water, rp
is the protein surface density, A is the surface area where
binding events occur, and V is the mode volume. Eq. (1)
relates to the experiments in two aspects. First, it describes
how a porous surface increases the sensitivity from the perspective of the overlap of the resonant electromagnetic field
with the spatial locations where biomolecular binding
occurs. Second, (1) estimates the relative resonant shift magnitude enhancement of a porous versus a nonporous PC,
which correlates well with the experimental results. The
porous PC boosts sensitivity by simultaneously increasing
the integral area and modifying the electric field intensity
profile. First, the nanorods extrude the originally flat surface
into a three-dimensional (3D) volume within the evanescent

FIG. 1. Porous photonic crystals. (a)
Schematic diagram of the porous PC
structure, together with the polarization and orientation of incident light.
Scanning electron microscopic images
of the (b) top and (c) cross-sectional
views of the porous PC. (d) Measured
reflection spectrum when the porous
PC is covered with water, with TMpolarized normal incident light. (e)
FDTD computed near electric field
intensity profile jEj2 for normally unit
incident plain wave for the TM resonant mode at k ¼ 851 nm.
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field region and increase the surface area.18 We estimate a
surface enhancement factor as follows. With the measured
refractive index (RI) of the porous layer 1.40, which is the
weighted average RI of TiO2 and air in space, the volume
ratio of the two materials can be approximated as 0.3:0.7.
Then, nanorods can be approximated as an array of 40 nm
diameter cylinders with 25 nm wide gaps and 80 nm height.
Compared to a flat surface, the extra surface area provided
by cylinder sidewalls can be calculated. Thus, a maximum
3.4 enhancement in the surface area is expected. However,
because protein molecules occupy 3D volumes that will prevent close-packed occupation of all the available surface
area (for example, two proteins may not fit in one gap
between neighboring rods), we cannot expect the surface
area enhancement to correlate precisely with the density of
immobilized capture proteins in the structure. The extended
surface area is accompanied by efficient projection of the
evanescent field onto the biomolecule binding volume. The
resonant electric field intensity profile calculated by the finite
difference time domain (FDTD) method (Lumerical) is
shown in Fig. 1(e), where the porous layer is modeled as a
uniform dielectric layer with measured RI of the layer. The
evanescent field tail extends to 200 nm above the sensor
surface and overlaps with the porous layer. Each location in
the porous 3D biomolecule binding volume contributes to
tuning the resonance wavelength, whereas in the non-porous
PCs, only the electric field within a 30 nm-thin conformal
sheet covering the PC surface interacts with the biomolecules, and a large portion of the evanescent field above the
30 nm threshold does not participate in biosensing.
Second, the porous layer modifies the resonant mode
profile and increases the electric field intensity especially in
the porous layer, enlarging the numerator in (1). This can
be shown by comparing the near field of the porous PC
(Fig. 1(e)) and nonporous PC (Fig. S1 in the supplementary
material shows the field profile of the nonporous PC). The
porous PC provides higher electric field intensity than nonporous PC. Meanwhile, with a porous layer, the evanescent
field extends to a considerably larger volume above the solid
dielectric. The absolute shift value can be estimated from (1)
if the E field magnitude is known everywhere in the porous
layer. In our FDTD model, to save computation resources,
the discrete TiO2 nanorods and water pores in between are
not taken into account, instead a uniform RI layer is used to
represent the weighted average of TiO2 and water. This configuration reflects the resonant spectrum and coarse mode
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distribution but does not provide nanometer-scale spatial resolution of the E field magnitude in the TiO2 nanorods and in
the water pores in between. To demonstrate this phenomenon
experimentally, we compare the bulk refractive sensitivity of
the porous and non-porous PCs. By exposing each PC surface to a series of water: DMSO (Dimethyl sulfoxide) mixtures over a range of DMSO concentrations, we determine
the bulk sensitivity of the porous PC to be 316 nm/RIU,
while the bulk sensitivity of a non-porous PC is 212 nm/RIU.
The bulk sensitivity comparison is shown in Fig. S2 in the
supplementary material. Therefore, the field profile mechanism contributes to approximately 1.5 the wavelength shift
induced for a fixed change in dielectric permittivity for the
material added to the sensor surface or porous volume.
Next, we demonstrate the lasing ability of the ECL system based on porous PCs. The ECL cavity, as depicted in
Fig. 2(a), is formed by the porous PC resonant reflector and a
broadband mirror, where the porous PC serves as a wavelength selective element. Optical gain is provided by the
fiber coupled SOA (SAL-372, Superlum Inc., k0 ¼ 850 nm
and a 3-dB bandwidth of Dk ¼ 40 nm). The light coming
from one end of the fiber is reflected against the mirror,
while light from the other output of the SOA is directed by a
collimator to illuminate two adjacent sensors at normal incidence from below. The polarization of the incident light
from the polarizing maintaining (PM) fiber is adjusted so
that the s- and p- polarized light from the polarizing beam
splitter (PBS) have equal intensity. The half-wave plate
ensures that both beams are polarized perpendicular to the
PC gratings. The reflection of the porous PC is coupled back
into the laser cavity, where it is amplified by the SOA. An
active optical resonator with two resonant modes is established through the stimulated emission process, and a shutter
alternates between excitation of the “active” and “reference”
sensor. The reference sensor is identical to the active sensor
but is not prepared with an immobilized protein. The dualmode operation provides self-referencing to compensate for
the common noise sources including thermal fluctuation and
non-specific binding.12,19 The noise level is calibrated as a
standard deviation of 0.8 pm over a 20 min period, when
both sensors are covered with water. The mode spacing of
0.08 pm (Ref. 11) ensures continuous tuning of lasing wavelength without abrupt hops between modes. The fiber coupler
couples 1% of the light from the cavity to LabVIEWcontrolled dual-measurement instruments to monitor binding
events in real time. A spectrum analyzer (Model 721, Bristol

FIG. 2. Porous PC external cavity laser.
(a) Schematic diagram of the external
cavity laser biosensor system. A pulse
driven bistable shutter enables alternate
operation of the “active” and “reference”
lasing mode with 0.5 Hz frequency. (b)
Spectra of the ECL system output light
(collected from above a porous PC sensor) with injection current under (red),
just above (blue), and well above (green)
the threshold. Here, the porous PC is
immersed in water: DMSO solution.
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Instruments, Inc., 0.2 pm resolution) tracks the peak lasing
wavelength. We implement repeated testing of the laser
wavelength value (LWV), in which serial N (¼10 in this
work) independent LWV measurements taken at 50 ms intervals are averaged to generate a “final” LWV with a resolution of 0.2 pm/N1/2 (0.06 pm). A spectrometer (HR 4000,
Ocean optics, 20 pm resolution) enables observation of the
spectrum to verify single mode operation.
The lasing wavelength depends on the first longitudinal
mode that achieves the threshold condition and is tuned by
the absorption of biomolecules on the PC surface. The output
spectra of the ECL system collected from the above sensors,
shown in Fig. 2(b), clearly demonstrate the porous PCs’
wavelength selection function. The raised background represents the broadband SOA spontaneous emission, where the
porous PC resonance registers a transmission dip at the center of the SOA gain spectrum near k ¼ 855 nm. The dynamics of establishing lasing behavior is illustrated by three
curves, representing the output below (red), just above
(blue), and well above (green) the lasing threshold, respectively. Above the threshold, a laser emission occurs at the
valley, overlapping with the porous PC resonance. The relative broad PC resonant reflection peak translates into a narrow laser emission spike via the process of stimulated
emission. The laser output surpasses the spontaneous emission and gradually increases intensity with increasing injection current. The laser output power is approximately 1 mW,
which is considerably lower than passive WGM biosensors20
or other active pulse pumped optical sensors.13 A precise
calibration of the ECL laser emission using a scanning
Fabry–Perot interferometer demonstrated single-mode lasing
with a FWHM of 0.03 pm.11 The narrow linewidth enables
resonant wavelength shifts to be resolved with sub-picometer
accuracy. Therefore, the porous ECL establishes a record high
FOM of 1:05  107 .
To demonstrate the improved sensitivity in biosensing,
we compare the response of both porous and non-porous PCs
to the interactions of a well-characterized protein-small molecule binding pair: Carbonic Anhydrase-II (CA II,
MW ¼ 29 kDa) and drug molecule dorzolamide (MW ¼ 324
Da) with a dissociation constant of KD ¼ 1.1 nM.12 Both sensors undergo the same three-step assay to immobilize the
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protein CA II onto the surface, which has been described in
previously published work.12,14 Each of the sensor surface
chemistry preparation steps, in which the sensors are treated
in sequence with polyvinylamine (PVA, provided by SRU
Biosystems Inc.)–Glutaraldehyde (GA), and CA II generates
4 larger laser wavelength value (LWV) shifts in porous
PCs as compared to non-porous PCs (Fig. 3(a)). The error
bars represent the standard deviation of three identical sensors measured independently for each condition. This result
indicates higher sensitivity for the porous PCs, and higher
density of capture proteins immobilized on the porous PCs.
Next, the porous and non-porous PCs are exposed to 50 lM
of dorzolamide, using a concentration well above the KD
value, so as to saturate the available binding sites on immobilized CA II. Because our system does not utilize microfluidic flow (the liquid in contact with the sensor is static), the
kinetic binding characteristic measured is limited by diffusion of molecules to the biosensor surface, rather than by the
chemical binding interaction that is typically used to measure
KD. Therefore, we cannot estimate KD from the biosensor
measurements shown in this paper. We intentionally provide
a small molecule concentration in excess of KD to ensure
that all the available protein binding sites can be saturated
with small molecule analyte, as in done in the context of
small molecule screening, which is the intended application
for this technology. The kinetic LWV shift as a function of
time for both sensors is shown in Fig. 3(b). A LWV shift of
52 pm is observed in the porous PCs, while a shift of only
14 pm occurs in the non-porous PCs. The 3.7 enhancement
in the wavelength shift corresponds well with the wavelength
shift enhancement in the surface chemistry steps and is
expected due to the 1:1 binding stoichiometry of dorzolamide to its attachment site on the CA II protein. Both curves
are the difference between the LWV shifts in the active and
reference wells and represent the “net” signals associated
with actual biomolecule binding. Both resonant shifts
induced by dorzolamide are greater than three standard deviations (3r) of the noise. This result shows the considerably
higher signal-to-noise ratio and sensitivity offered by the
porous PCs. The 3.7 enhanced wavelength shift magnitude
difference between the two types of PCs occurs by a combination of enhanced surface area (which results in more CA II

FIG. 3. Improved sensitivity of the porous PCs as compared to non-porous PCs. (a) Laser wavelength value (LWV) shifts for porous and non-porous PCs after
each step of the surface chemistry process. The error bars represent the standard deviation of three independent sensors. Inset: illustration of the four-step assay
to test CA II–dorzolamide binding. (b) Observed kinetic LWV shift for the CA II–dorzolamide interaction, for the porous PC (red) and non-porous PC (blue)
sensors. The vertical dotted line indicates the addition of dorzolamide to both the active and reference wells.
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capture protein immobilized within the porous TiO2 than the
density of capture protein that can bind upon a “flat” nonporous layer) and greater interaction between the PC resonant mode and the volume in which biomolecules attach,
which we characterized as a 1.5 sensitivity enhancement
via the bulk refractive index sensitivity.
In conclusion, a nanorod-coated porous PC was designed
and fabricated for use in conjunction with an ECL biosensor
detection instrument to kinetically detect protein-small molecule binding interactions. The porous PCs deliver 3.7 higher
sensitivity than non-porous sensors through a combination of
their enhanced surface area and effective utilization of the
evanescent field. With the porous PC functioning as a wavelength selective element in the ECL, this optical label-free
biosensor achieves a record high FOM of 1:05  107 . Kinetic
monitoring of a small molecule drug interacting with an immobilized target protein was performed to verify the performance
of the porous PC-ECL system for a representative assay used in
pharmaceutical high throughput screening. For passive high-Q
optical resonators, a higher Q-factor directly translates into
greater difficulty of coupling light into the structure, in terms of
the range of allowable conditions (such as wavelength or coupling angle) that can generate a sustained optical standing
wave. The ECL biosensor provides excellent robustness from
the standpoint that the sensor does not require stringent alignment conditions to the illumination source, and that the output
of the system can be measured easily with a simple instrument.
See supplementary material for experimental details and
supporting data.
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