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Abstract:  A novel optical sensor for label-free biomolecular binding assay 
using a one-dimensional photonic crystal in a total-internal-reflection 
geometry is proposed and demonstrated. The simple configuration provides 
a narrow optical resonance to enable sensitive measurements of molecular 
binding, and at the same time employs an open interface to enable real-time 
measurements of binding dynamics. Ultrathin aminopropyltriethoxysilane/ 
glutaraldehyde films adsorbed on the interface were detected by measuring 
the spectral shift of the photonic crystal resonance and the intensity ratio 
change in a differential reflectance measurement. A detection limit of 6×10-5 

nm for molecular layer thickness was obtained, which corresponds to a 
detection limit for analyte adsorption of 0.06 pg/mm2 or a refractive index 
resolution of 3×10-8 RIU; this represents a significant improvement relative 
to state-of-the-art surface-plasmon-resonance-based systems.  
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1. Introduction  

Novel optical methods for performing binding assays have attracted growing attention driven 
by increasing demands for better understanding of specific interactions between biomolecules, 
which provide a chemical foundation for all cellular processes. The general approach is to 
exploit the shift or broadening of a resonant optical structure that occurs when the binding of 
analyte molecules to the structure modifies the local index of refraction. This approach is 
label-free, in contrast to fluorescence-based methods, and under some circumstances can 
provide information on binding dynamics as well as binding affinity. The most widely used 
assay utilizes the surface-plasmon resonance (SPR) effect [1-3], which works well for large 
analyte molecules with reasonably high binding affinities, and is employed in commercially 
available instruments. In order to achieve higher sensitivity, resonant optical cavities of 
various sorts have been employed (see below), but these structures suffer from limitations 
either of mass transport into the device, or from nontrivial coupling into high-Q resonant 
cavities. In this paper we present a novel optical structure that achieves significantly higher 
sensitivity than SPR-based devices, but involves a simple geometry and can measure real-time 
surface binding without mass transport limitations.  

The study of biomolecular affinity and binding kinetics is of great importance for many 
fields in biomedical and pharmaceutical research. For example, one approach to the 
development of novel therapeutics is to screen a large repertoire of small molecules to identify 
high specificity and high affinity binders, followed by a more detailed characterization of the 
binding properties and determination of epitope specificity. Present SPR-based systems detect 
the binding of analytes to ligands immobilized on a metal surface by measuring the effect of 
the bound molecules on the index of refraction seen by the evanescent wave of the SPR mode. 
Although SPR has become the dominant optical tool for binding assays, the sensitivity of 
SPR-based detection is not sufficient for applications that require detection of small molecules 
or low surface coverage of bound molecules. In practice, the SPR method requires greater 
than 1 pg/mm2 of analyte binding [1, 2], although it is very difficult to immobilize a 
sufficiently high density of ligand onto a surface to achieve this level of analyte binding. 
Thus, a 100-200 nm thick carboxymethylated dextran matrix is attached to the metal surface 
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in order to effectively add a third dimension to the surface and produce much higher levels of 
ligand immobilization [1]. Although this enables higher sensitivity to be achieved, the 
presence of this matrix gives rise to a mass transport problem, as the analyte molecules must 
diffuse into and out of the matrix during binding and unbinding. Indeed, the mass transport 
issue has raised questions about the validity of some of the published kinetic rates obtained 
from SPR measurements [4, 5]. Therefore, there is a need for optical devices that have higher 
sensitivity and at the same time are less susceptible to mass transport limitations.  

The key to obtaining higher sensitivity is clearly to employ an optical resonance which is 
narrower than the (very broad) surface plasmon resonance. Recently the evanescent fields of 
optical modes in waveguides [6] and of whispering-gallery-mode (WGM) resonances [7-9] 
have been demonstrated for biosensing applications. These kinds of resonators can provide 
large evanescent fields and high Q-factors to enable high sensitivity. Microtoroid resonators 
using WGM resonances exhibit ultra-high Q values (>108) and are able to detect adsorption of 
single molecules [9]. Although very-high-Q resonators provide the ultimate sensitivity, they 
generally have the drawbacks that coupling light into and out of the resonators can be 
challenging, and from sensitivity to thermal instability [10]. 

Fabry-Perot microcavities or similar one-dimensional photonic-crystal structures (1-D 
PCs) have also been investigated as optical biosensors. Specifically, microcavities fabricated 
from multilayers of porous silicon have been developed [11, 12]; because the position of the 
cavity resonance is critically dependent on the index of refraction of the layers, adsorption of 
analyte molecules onto the porous silicon surfaces results in a measurable shift in the 
resonance, enabling sensitive detection. Although the porous-silicon biosensor provides 
higher sensitivity than SPR-based sensors, it is not possible to measure real-time binding 
kinetics due to the slow diffusion of biomolecules into the sub-micron pores.  

In order to enable real-time binding measurements, one requires an open surface, which 
can be accessed optically via an evanescent wave. One approach is to employ a surface 
electromagnetic wave (SEW) excited in a Kretschmann-like geometry [13]. Basically, in total 
internal reflection, light of all frequencies is reflected, and no useful resonance appears which 
can be used for sensing. An energy loss mechanism is required, and in the case of the SEW 
there is a natural mechanism for energy loss via tunneling of localized bulk excitations [14]. 
This SEW mode in essence comes from the violation of a uniform waveguide system caused 
by edge effects [15], so the structure is normally an incomplete layer on top of a 1-D PCs [14, 
16]. The SEW mode is confined in the evanescent region and propagates along the interface, 
and is highly sensitive to the incomplete layer, which has been used for sensor applications 
[14, 16, 17]. 

In this letter, we present another novel sensor using a one-dimensional PC structure in a 
total internal reflection (TIR) geometry (PC-TIR sensor). The principle behind the appearance 
of the resonance in our structure has some important differences from SEW devices. Instead 
of an incomplete layer without absorption on top of a 1-D PCs in the SEW sensor, the 
resonance mode of our PC-TIR sensor is due to an intentionally inserted absorbing layer in the 
defect region of the PC structure. There is no surface-propagating wave present. The resonant 
PC structure defines a wavelength range over which the field is enhanced in the defect region, 
thus leading to selective absorption and the appearance of a resonance. This approach has a 
significant advantage in that the absorption can be engineered to yield an optimum resonance 
– i.e. an extra and highly controllable degree of freedom is available in the design. Local 
electrical field enhancement in such a structure has been observed by fluorescence 
experiments [18, 19]. Here we will demonstrate its application to biomolecular binding 
detection. As discussed below, this PC-TIR sensor functions as a Fabry-Perot resonator, 
yielding a sharper resonance than the SPR sensor and hence a higher detection sensitivity, and 
yet the surface available for analyte binding is open to free space to eliminate mass-transport 
issues and allow real-time binding measurements. This configuration possesses the advantages 
of evanescent-field-based optical resonators without light coupling problems as the cavity Q is 
not made too large. Moreover, the properties of PC structures make it easy to be designed and 
engineered to operate at any optical wavelength.  
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2. Principle 

Figure 1 shows the design principle of the PC-TIR biosensor. In order to enable analyte 
molecules to access the sensing surface, we conceptually split a Fabry-Perot cavity (Fig. 1(a)) 
in half; in other words, the resonator consists of a high-reflecting PC structure and a single 
defect layer (Fig. 1(c)). Light is incident through a coupling prism at an angle greater than the 
angle for TIR. Owing to the TIR, the light propagation may be thought of in terms of an 
imaginary PC structure (Fig. 1(b)), forming a microresonator. For light that is resonant with 
the cavity mode, the optical field will be enhanced near the surface of the defect layer; light 
outside the photonic bandgap is reflected from the PC layers and has a reduced field 
amplitude at the surface. Of course, light of all frequencies would be reflected from such a 
structure, so we incorporate a small amount of absorbing material in the defect layer; only 
light resonant with the microcavity mode will be absorbed in this layer. Thus the reflectance 
spectrum of the total PC-TIR structure will show a pronounced dip at the resonant frequency, 
whose smallest reflectance can be engineered to be nearly zero by optimizing the absorption 
in the defect layer [19]. 

 
Fig. 1. Principle of a PC-TIR sensor. (a), A sample sandwiched by two pieces of PC structures. 
We conceptually split this structure from the middle layer into two pieces. (b), Use only one 
piece of the PC structure in a TIR geometry. Owing to the TIR, conceptually an imaginary PC 
structure exists and forms a microcavity as if there would be two pieces of PC 
structures.(c),This PC-TIR sensor offers a unique sensing interface open for biomolecular 
assay. 

 
The operating principle of a PC-TIR sensor is as follows. Assume the incident angle at 

the substrate layer is θs, and the refraction angles in the lower index layer, higher index layer, 
and the defect layer are θa, θb, and θx, respectively. Let ns, na, nb, and nx be the refractive index 
of the substrate, lower index layer, higher index layer, and the defect layer, respectively.  
According to Snell’s law,  

        sin sin sin sins s a a b b x xn n n nθ θ θ θ= = =       (1) 
In order to form the photonic crystal structure, the properties of dielectric multilayers 

should satisfy 
cos cos / 4a a a b b b Rn d n dθ θ λ= =      (2) 
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where λR is the resonant wavelength, da, db represent the physical thickness of the low and 
high index layers, respectively.  

The thickness of the defect layer, dx, is determined by the following resonant condition, 

where α represents the Goos-Hänchen phase shift between the defect layer and bulk medium. 
The factor of 2 in the first term on the left hand side is due to the fact that the light double 
passes the defect layer owing to the TIR.   

If analyte molecules bind to ligands on the surface of the defect layer, they will give rise 
to a shift in the cavity resonance due to the phase shift seen by light propagating in the defect 
layer and undergoing TIR. Because of the field enhancement near the surface and the high Q 
of the microcavity, the shift can be very sensitive to molecular binding. The key feature of the 
PC-TIR sensor is that the surface available for binding is open, thus reducing mass transport 
limitations, and the cavity Q can be optimized through the design of the PC multilayer 
structure. As with the SPR sensor, the analytes bound to the sensing surface do not need to 
absorb the light and the method is label-free. 

The adlayer binding to the sensing surface will change the resonant condition to: 

where nad , dad and θad  are the refractive index, thickness and refracted angle of the adlayer, 
respectively. λR' represent the new resonance wavelength, and α' is the effective Goos-
Hänchen phase shift after the adlayer binding [20]. 

Therefore, by monitoring the reflectance response, one can detect the properties of binding 
biomolecules (e.g. physical thickness or refractive index). There are two methods to measure 
the shift of the resonance dip. The first is to measure the resonance wavelength shift using a 
white light source and a spectrometer. However, the detection sensitivity is limited, mainly by 
the spectrometer resolution [21]. Much higher sensitivity can be obtained by performing an 
intensity measurement with a narrow-band optical probe tuned to the edge of the resonance 
line [21-24]. When a single-wavelength probe light is tuned near the half-width of the 
resonance dip, the reflected beam intensity varies sensitively with the analyte binding on the 
sensing surface due to the shift of the resonance dip wavelength λR.  

The overall sensitivity S of the PC-TIR sensor using the intensity detection approach 
depends on two figures of merit: the conversion efficiency of resonant wavelength shift to the 
change of the intensity Ir (optical sensitivity Os) and the conversion efficiency of molecular 
binding to resonant wavelength shift (binding sensitivity Bs). The latter term Bs is a function 
of the thickness (dad) and refractive index (nad) of the adlayer bound to the sensing surface; 
here we emphasize its relation with the adlayer thickness dad, and presume that the adlayer has 
essentially the same refractive index as the sensing surface:  

which indicates that the overall sensitivity S of the PC-TIR sensor is given by the product of 
Os and Bs. 

Since the resonance of the PC-TIR sensor is a Fabry-Perot cavity mode, its reflectance 
spectrum near the resonance can be described by Lorentz curve as 

                                   2
2 cos (2 1)x x x

R

n d m
π θ α π

λ
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where I0 is the incident probe light intensity, Rmin is the minimum reflectance of the resonant 
dip, λ0 is the initial resonance wavelength and Δλ is the full width at half maximum (FWHM) 
of the resonance dip.  

When λR = λ0  + 0.29Δλ, the maximum optical sensitivity Os,max can be obtained  

The positive (negative) sign corresponds to the probe light wavelength lying on the lower 
(upper) side of the resonant dip.  

According to Equation (4), with the assumption nad = nx, there is α' = α, and the binding 
sensitivity Bs can be expressed as 

Substituting Equations (7) and (8) into Equation (5), one obtains the maximum overall 
sensitivity, 

Because the minimum reflectance Rmin can be nearly 0 by optimizing the absorption in the 
defect layer, and smaller resonance dip width Δλ can be easily obtained by increasing the 
number of the dielectric layers in the PC structure, the intensity detection mode may be used 
rather than the full spectral measurement in order to take the advantage of the narrow 
resonance dip of a PC-TIR microcavity and achieve the highest possible sensitivity. Of 
course, Equation (9) also implies that intensity fluctuations of the incident probe light directly 
affect the PC-TIR sensor response. Thus a differential reflectance method is required to 
suppress the effect of laser fluctuations [25]. As illustrated in Figure 2, a HeNe probe laser 
beam was split into two and the ratio of the light intensity reflected from a binding area to a 
reference area of the sensor was measured. 

3. Experiment 

 
Fig. 2. Experimental setup for spectral detection and differential reflectance measurements. 
OL1-OL5: objective lenses, PH1-PH2: pinhole, PL: polarizer, NPBS: Non-polarizing beam 
splitter, M1-M9: reflecting mirrors, D1-D2: photodiode detectors. 

 
Figure 2 shows the experimental setup which combines the white light spectral measurement 
and the laser intensity measurement. For spectral measurement, a white light source is used. 
The beam was coupled with an objective lens into a single-mode optical fiber to obtain a good 
spatial beam profile and was collimated with a second objective lens. A linear polarizer was 

 0 min
,max
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used to select TE polarized light, and a 1-mm pinhole (PH2) was used to set the size of the 
probe beam. The beam was incident on the PC-TIR sensor with an incident angle controlled 
using a high precision programmed rotation stage. The reflected beam was propagated into a 
spectrometer (Jobin Yvon iHR550) with a resolution of 0.025 nm to measure the reflectance 
spectrum around the resonance dip. For intensity measurement, a single wavelength laser 
(HeNe laser) was used and the collimated laser beam traveled the same path as the white light 
except that the reflected light was directly detected using a pair of photodiode detectors. These 
two measurements could be easily switched by moving mirror M2, which enabled us to 
monitor the molecular binding with spectral shift and intensity ratio change almost 
concurrently.  

Figure 3(a) shows a schematic of the structure of a PC-TIR sensor used in this study. The 
PC structure is composed of pairs of alternating 106-nm TiO2 and 334-nm SiO2 layers. A 20-
nm Si thin layer was used as the absorptive layer and formed the defect layer with a 330-nm 
SiO2 layer. The dielectric layers were coated by electron-beam deposition onto a BK-7 glass 
substrate with flatness of λ/10. The thicknesses of these layers were designed using a transfer 
matrix method [26] to achieve minimum reflectance by incorporating appropriate absorption 
in the defect layer. The sensor was placed on a prism with refractive index matching oil. 

Figure 3(b) shows the reflectance spectra of the PC-TIR sensor when the incident angle in 
the substrate is 63.59o and the top sensing surface is covered by de-ionized (DI) water. The 
reflectance dip is in reasonable agreement with a simulation using a transfer matrix 
calculation [26]. It has a resonance wavelength of 638.17nm and a narrow resonance width Δλ 
of 1.30 nm. Although the resonance width is slightly larger than the simulated value of 0.60 
nm due to nonuniformity of the deposited thin films, it is much narrower than that of a typical 
SPR resonance (about 40 nm)[3], and allows more sensitive detection of resonance shifts. In 
addition, Fig. 3(b) also shows that the reflectance spectrum near the resonance can be well-fit 
by a Lorentzian lineshape. By adjusting the incident angle, one can tune the resonance dip to 
the desired wavelength. For the experiments reported here, the incident angle was adjusted to 
63.74o to tune the resonant wavelength to 632.0nm, so that a HeNe laser at 632.8 nm lies in 
the linear region of the resonant dip [23, 24] and could be used to detect the resonance shift 
with molecular binding.   

   
Fig. 3. (a), PC-TIR sensor structure. (b), Experimental, simulated and Lorentz fitting PC-TIR 
reflectance spectra. 

 
To demonstrate the operation of the PC-TIR sensor, and to determine its sensitivity, we 

used two coupling agents, aminopropyltriethoxysilane (APTES) and glutaraldehyde, which 
can form uniform thin layers on silica surfaces [27]. The sensing surface was first cleaned by 
a piranha solution (H2SO4 (95%) / H2O2 (30%) = 3:1), and then a flow cell with two channels 
formed of PDMS is placed on top of the surface. Solutions are introduced to the sensing 
surface by withdrawing syringes controlled by a syringe pump. The binding procedure used 
here was similar to that described in Reference [12]. Briefly, the sensing surface was first 
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exposed to 5% APTES in H2O and methanol (1:1) solution for 20 minutes, then rinsed with 
de-ionized (DI) water and dried with air. After the silanization, a thin layer of APTES 
molecules was formed on the sensing surface. Then the sensor was exposed to a 2.5% 
glutaraldehyde solution in 20 mM HEPES buffer (pH=7.4) for 30 minutes and rinsed with DI 
water and dried with air. A thin layer of glutaraldehyde molecules was adsorbed on the 
surface due to the reaction with the amino groups on the silanized surface.  

We performed spectroscopic ellipsometry measurements on a separate substrate (a 
crystalline p-type silicon wafer with a thin thermally oxidized layer of thickness 
4.93±0.02nm) to provide an independent determination of the layer thicknesses; we found the 
APTES monolayer and APTES/glutaraldehyde bilayer to be 0.55±0.04 nm and 1.31±0.04 nm 
respectively, assuming the refractive indices of APTES and glutaraldehyde to be 1.46 [12]. 

The shift of the PC-TIR resonance as the layers were adsorbed was first observed by 
measuring the reflectance spectrum. The results, shown in Figure 4(a), revealed a resonant 
wavelength shift of 0.52 and 1.18 nm respectively as the APTES monolayer and 
APTES/glutaraldehyde bilayer were formed. With the refractive indices of APTES and 
glutaraldehyde assumed to be 1.46, their physical thicknesses adsorption on the sensing 
surface are calculated to be 0.62 and 1.39 nm from the transfer matrix simulation [26], which 
are in approximate agreement with the ellipsometry measurement.  

In addition, the differential reflectance ratio change was observed. Taken as a reference 
point, the ratio for the bare PC-TIR sensor changed from 1.00000 to 0.77814 for the binding 
of an APTES monolayer (data in Figure 4(b)). Since the probe laser wavelength 632.8nm 
shifted out of the linear region of the resonant dip when the glutaraldehyde layer was formed, 
the ratio change for this layer is not a meaningful quantity.  

Similar to SPR-based systems, our present experimental setup is characterized by a short 
term noise floor and a long term drift limited by the detection electronics and the mechanical 
stability of the system, respectively.  Over a typical molecular binding period (150 seconds) 
[7, 17, 25], with a 1-Hz signal bandwidth, both the differential reflectance noise floor (i.e., 
standard deviation) and long term drift are below 2.5×10-5. Assuming this as the smallest 
detectable signal, the detection limit of our PC-TIR sensor for analyte layer thickness is thus 
estimated to be 0.55nm × (2.5×10-5/0.22186) = 6×10-5 nm, as the ratio changed by 0.22186 for 
a 0.55-nm APTES monolayer. This thickness detection limit corresponds to 10-4 monolayers 
or 0.06 pg/mm2 for an analyte such as APTES which has a bulk density 0.946 g/cm3  [24, 28]. 
Moreover, the detection limit corresponds to a resonant wavelength shift 5×10-5 nm. With the 
sensitivity for solvent refractive index change measured to be 1490 nm/RIU, our PC-TIR 
sensor also has a detection limit of 3×10-8 RIU, which represents an order-of-magnitude 
improvement over conventional SPR based measurements [1, 2, 29]. We note that the 
resonance width of the PC-TIR sensor can be made much narrower by increasing the number 
and uniformity of dielectric layers in the structure, in contrast to a fixed SPR bandwidth of a 
metal film.   
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Fig. 4. (a), Resonance dip wavelength shifts with the binding of adlayer. (b), Reflectance ratios 
at 632.8 nm from differential reflectance measurements for a PC-TIR sensor without treatments 
(blue) and with APTES monolayer (red).  

4. Conclusion 

To summarize, we have proposed a novel biosensor based on a PC structure used in a TIR 
configuration. We have demonstrated the operation of the sensor and determined its detection 
limit by observing the binding of an APTES monolayer and APTES/glutaraldehyde bilayer. 
Of course, for detection of biologically important ligands, other surface functionalizations 
may be used. The PC-TIR sensor provides an open interface allowing easy access for sensitive 
real-time binding assays. A significantly improved detection limit was experimentally shown 
for the PC-TIR sensor in comparison with that of state-of-the-art SPR sensors.  
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