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Abstract— Label-free biosensors based upon detection of shifts
in the emission wavelength, which occur when biological analytes
are adsorbed on the surface of a solid-state laser, represent an
important new class of sensors that can simultaneously provide
high sensitivity and high resolution. We report on a signal
processing approach that enables detection of lasing wavelength
shifts as small as λ ∼ 1.5 pm from a distributed feedback laser
biosensor (DFBLB) fabricated upon a flexible plastic substrate
and incorporated into standard-format microplates. Because the
DFBLB can be optically pumped in a pulsed mode at a repetition
rate that is substantially faster than the rate of biomolecular
binding interactions, noise may be reduced through the ability
to average multiple independent readings through integration
of many lasing spectra within a single spectral integration
period, and to subsequently use boxcar averaging to collapse
multiple readings in a time sequence to a single time point. We
have observe that the DFBLB occasionally produces nonclassical
output spectra that can lead to an increase in wavelength
shift noise, and therefore we implement a statistical metric to
automatically determine whether an acquired spectrum should
be discarded from analysis. The combined approaches are used
to demonstrate the ability to detect a protein–protein interaction
with an analyte concentration that would not otherwise be
observable over background noise.
Index Terms— Distributed feedback, label-free, laser biosensor,
noise reduction.

I. I NTRODUCTION

I

N ORDER for label-free biosensors to have an impact
on the most challenging detection applications, they must
simultaneously provide high sensitivity, large dynamic range,
and resolution sufficient for detection of mass density changes
less than < 1 pg/mm2 , with values in this range for several
optical biosensors compared in a recent review [1]. Resonant
optical biosensors represent a class of devices that have been
widely adopted in applications that include pharmaceutical
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high throughput screening, environmental monitoring, life science research, and diagnostic testing. Until recently, resonant
optical biosensors were mainly comprised of passive optical
structures such as gold films for surface plasmon resonance
(SPR) [2]–[5], photonic crystals [6]–[10], circular whispering gallery mode resonators [11]–[18] that interact with an
external light source via reflection, transmission, or waveguide
coupling. In order to achieve improved resolution, these
approaches seek to provide passive resonators with greater
resonant quality factor, defined as Q ≡ λ0 /λ0 , where λ0
represents the resonant wavelength, and λ0 represents the
spectral width of the resonance at one-half of the peak intensity. In general, a tradeoff is obtained in which greater Q also
results in reduced sensitivity as measured by the wavelength
shift obtained for an adsorbed biomolecular mass density.
A high Q resonator may also efficiently constrain its resonant
electric field largely within the dielectric material of the sensor
structure, so that the electric field that has the opportunity
to interact with adsorbed biomolecules may only extend a
few nanometers into the surrounding liquid medium. In this
case, the dynamic range of a sensor may not be sufficient
for detection experiments involving surface chemistry layers,
large capture molecules such as antibodies, and high molecular
weight analytes.
The distributed feedback laser biosensor (DFBLB) represents a departure from passive optical resonator biosensors because the structure incorporates its own source
of optical gain and feedback, so that it can achieve
narrow bandwidth output through the process of stimulated emission. As shown in previous publications, the
DFBLB can be fabricated upon glass [19] or flexible
plastic substrates [20], [21] by nanoreplica molding so
that the sensor can be incorporated into the bottom surfaces of all the wells in a standard format 384-well
microplate [22]. As shown in Fig. 1, the DFBLB device
structure is comprised of a low refractive index polymer thick
film (n = 1.39, t∼100 μm) that is molded with a linear grating
upper surface structure (period  = 400 nm, grating depth d =
40 nm). The grating is coated with a higher refractive index
layer dye-doped SU-8 (n = 1.58, t = 300 nm) which provides
horizontal confinement of the lasing mode and a source of
gain. When applied using a horizontal dipping process, the
SU-8 layer planarizes the surface relief of the underlying
grating [23]. In order to improve detection sensitivity by
biasing lasing modes towards the liquid media that covers
the DFBLB surface, a thin film of TiO2 (n = 2.1, t =
10 nm) is applied over the SU-8 layer. Full details of the
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Fig. 1. Schematic cross-sectional diagram of the DFBLB structure and detection instrument. The dye-doped SU8 layer provides both light confinement
along the horizontal direction and amplification of the oscillation mode, while
the TiO2 top layer contributes to spatial mode bias into the liquid medium.
The device is pumped by a pulsed Q-switched laser and the signal is detected
by a spectrometer.

fabrication process are provided in [23]. Operation of the
DFBLB detection instrument is also summarized in Fig. 1.
The DFB cavity is based on a second order Bragg grating that
supports a vertically emitting mode by first-order diffraction.
The device is optically excited by a frequency doubled,
Q-switched Nd: YAG laser (λ = 532 nm, 10 ns pulse width,
single pulse mode) through a 200 μm diameter fiber and a
focusing lens beneath the sensor surface. The emission from
the DFB laser biosensor is coupled to a spectrometer (Horiba
550) through a detection fiber bundled with the excitation fiber.
As shown in previous work [24], the dependence of the relative
laser pulse energy on the pump fluence exhibits a clear threshold fluence of ∼1.0 μJ-mm−2 . The laser emission spectrum
generally fits a Lorentzian profile, which is fit mathematically
to determine the center wavelength. The lasing output has a
spectral linewidth of λ = 0.05 nm at an emission wavelength
of λ ∼ 590 nm, resulting in a quality factor of Q = 104.
The sensitivity and dynamic range of the DFBLB have been
demonstrated to share similarities to its passive counterpart,
the photonic crystal biosensor [25]. The DFBLB demonstrates
single mode operation over a total wavelength range of 20 nm
in which the lasing wavelength is linearly proportional to the
bulk refractive index of the liquid media on its surface [22].
A bulk refractive index sensitivity, as defined by Sb = λ/n,
(where λ is the shift in lasing wavelength when the sensor
surface is exposed to a bulk refractive index change of n)
of Sb = 100 nm/RIU (RIU = refractive index units) has
been obtained for previous devices, which is not as large as
that obtained for SPR (Sb = 1000 nm/RIU, Q = 10 [1])
and photonic crystal biosensors (Sb = 300 nm/RIU, Q =
1000 [26]), but larger values reported for microring resonators
(Sb = 36 nm/RIU, Q = 1000 [27]) and microtoroids (Sb =
30 nm/RIU, Q = 106 [28]) .
In order to fully take advantage of the potential gains
in resolution from a sensor with high Q, it is necessary to
measure the resonant wavelength with as small of a standard
deviation as possible. Because the DFBLB is operated in
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Fig. 2.
Fitted spectra of DFBLB output displaying either single mode
or double mode operation. The black dots represent points gathered by the
spectrometer, and the red curves are Lorentzian functions that best fit the
measured spectra. The R2 parameter (defined in the text) quantifies the degree
of fit between the Lorentzian function and the measured spectrum.

a pulsed mode, in which we wish to accurately determine
the wavelength of laser emission directed vertically from
the device surface, determination of wavelength shifts must
be considered slightly differently than how one typically
measures resonant wavelength from a passive resonator. First,
the pump source provides short 10 ns pulses, resulting in a
measurement that samples the biosensor surface for a very
precisely defined time. However, the duty cycle of pumping
is extremely low (10−7) because the rate of pump pulses is
1-10 Hz, resulting in an overall pump energy density of only
10 μW. As a result, we have not observed gradual heating of
the sensor when conducting continuous measurements over
extended periods of time. Each pump pulse results in the
delivery of laser emission photons to a discrete set of sensor
pixels within the spectrometer, in order to produce a spectrum.
If multiple pump pulses are provided to the sensor within
the integration time of the spectrometer, then the spectrum
effectively accumulates several discrete lasing pulse outputs,
representing a form of averaging. Ideally, the accumulated
spectrum resembles the plot shown in Fig. 2, in which the
discretized pixels of the spectrometer combine to form a
smooth single mode spectrum that can be fit accurately with a
mathematical function such as a Lorentzian. However, a potential noise source for measuring the output of DFBLBs results
from lack of pump intensity repeatability from one pulse to
the next. For example, the intensity of pump pulses may vary
by as much as 150% from pulse to pulse, resulting in output
pulses that also have highly variable intensities. Deviation in
laser emission intensity can subsequently have a substantial
effect on the accumulated lasing spectrum measured on the
spectrometer. Therefore, it is important to determine whether
a lasing spectrum should be obtained from a single pulse, many
pulses, or some intermediate value–as a means to achieving
the lowest noise in lasing wavelength measurements.
We have also observed the random occurrence of emission
spectra that do not fit our desired single mode characteristic.
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For example, the lasing output will sometimes contain two
apparent modes as shown in the inset of Fig. 2, where the
second mode may either be close or far from the main mode.
In some instances, such behavior occurs either once, or for a
small number of measurements, after which the sensor returns
to single mode operation. In other cases, a device will begin
to display multimode behavior and remain in that state. Such
multiple mode phenomena were observed in 20 percent of
the sensors in a 384-well microplate and have not reported
previously by other research groups studying plastic-based
laser biosensors [29].While we have worked to identify the
cause of this issue and to remedy it through elimination of
surface defects or other physical damage, its occurrence has
a substantial negative effect on the ability of the peak fitting
algorithm to accurately determine the lasing wavelength, as
shown by the poor fit of Lorentzian curves to the measured
spectra in Fig. 2 (inset). As a result, we have also incorporated
a mechanism by which the detection instrument software can
automatically determine whether or not the lasing emission
spectra is well-behaved or not, and to remove from analysis
any peaks that do not fit the desired profile.
Finally, for many biomolecule interaction measurements,
one wishes to measure the wavelength shift induced from
a baseline state (before an analyte is bound) which occurs
before an analyte is exposed to the sensor, to a post-binding
equilibrium state which occurs after the analyte has had
opportunity to bind with its capture molecule and reach a
new steady state. In this case, detection of the wavelength
shift between two states can be achieved with lower noise
through the averaging of independent measurements in each
of the two states. Noise is quantitatively characterized as the
standard deviation,

1 M
 (x i − μ)2
(1)
σ =
M i=1
where xi is the measured data, M is the total number of
measurements and μ is the mean value of the multiple
measurements. A laser wavelength shift of three standard
deviations above background noise has a 99.7% likelihood of
being a measurable signal. Thus, the measurable wavelength
shift therefore should be larger than 3σ to be considered statistically distinct from background noise [30]. The commonly
used “boxcar” technique, in which the reported measurement
for a particular point in time is the average of measurements
√
taken both before and after that time, can reduce noise by N ,
where N is the number of averaged independent measurements
of the DFBLB emission wavelength.
In this work, we study the effects of these three approaches
on the low-noise measurement of lasing wavelength from a
plastic-based DFBLB in microplate format. We first apply
a fitting coefficient to automatically exclude emission spectra that deviate from a Lorentzion model. We examine the
influence of the external pump repetition rate to determine
the extent to which multi-pulse accumulation in the measured
spectrum effects the ability to measure the lasing wavelength
accurately, finding that increasing the repetition rate results
in lower noise. We also compared the noise calculated from
temporally averaged measurements within one well to show
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that boxcar averaging further reduces the laser wavelength
noise as expected. Using all three approaches together, we
are able to reliably measure wavelength shifts as small as
1.5 pm, as determined by 3σ (σ = 0.5 pm). Dose-response
characterization is performed for a protein-protein interaction,
in which immobilized Protein A is used to capture an antibody
from a test sample.
II. M ETHODS AND R ESULTS
A. Determining Presence of Single Mode Operation and
Rejection of Nonclassical Spectra
Optical pumping of the DFBLB generally results in single
mode lasing output, with a spectral characteristic measured by
the spectrometer that can be fit to a Lorentzian function. The
lasing wavelength value (LWV) for a biosensor measurement
is defined as the wavelength of peak output intensity. Because
the measured spectrum is comprised of discrete points separated by wavelength steps of λ = 0.0265 nm, LWV can be
estimated with better resolution that the wavelength resolution
of the spectrometer by mathematically determining the peak
wavelength of the Lorentzian function that fits the measured
points. This method is valid as long as the Lorentzian function
fits the measured spectrum closely. However, deviations of the
actual lasing spectrum from the Lorentzian curve are often
observed as shown in the inset of Fig. 2, where more than one
lasing mode is present. The curve-fitting algorithm, unable to
match the data to the expected Lorentzian function, reports
a LWV that is no longer representative of the actual lasing
wavelength. In fact, because two modes are present, the lasing
wavelength is poorly defined, and LWV noise in the range of
50–100 pm is introduced as the magnitudes of the two modes
change with respect to each other.
Therefore, it is necessary to introduce a quantity to
describe how well the measured spectrum represents a classical
Lorentzian profile, and a threshold for rejecting spectra that
will result in elevated LWV noise. Here, we use the coefficient
of determination (R2 ) as defined by R2 ≡ 1−SSerr / SStot ,
where SSerr is the sum of squares of residuals and SStot is
the total sum of squares. R2 is a commonly used statistic
that describes how well actual outcomes are likely to be
predicted by a model [31]. The value of R2 will be 0 <
R2 < 1, where R2 = 1 represents a perfect fit of the data
to the model. Fig. 2 demonstrates the calculation of R2 for
several representative spectra. We observe that when R2 <
0.8, the measured data deviates so much from the fitted curve
that the LWV values are no longer meaningful. Therefore,
we have selected a threshold value of R2 > 0.8 for a sensor
spectrum to be considered acceptable for further analysis. If
a sensor begins to demonstrate multimode output behavior,
the algorithm automatically identifies it, and flags the sensor
so its output may be disregarded. A sensor that transiently
demonstrates multimode output may also be identified, and
elevated LWV noise from this mechanism may be eliminated.
B. Determination of Optimal Pump Repetition Rate
To study the effect of pump repetition rate, the integration
time for the spectrometer was set to 500 ms and pumping rates
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Fig. 3. Standard deviation (σ ) calculated from a sequence of independent
measurements plotted as a function of the external pumping repetition rate.
Increasing the camera integration time (400, 500 and 600 ms) results in accumulation of an increasing number of DFBLB pulses into a single spectrum.
Accumulation of multiple pulses is observed to decrease the standard deviation
for DFBLB output wavelength through both increased pump repetition rate
and increased integration time.
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Fig. 4. Standard deviation (σ ) calculated from multiple measurements for a
time sequence that represents the noise amplitude is plotted as a function of
the boxcar number. The noise decreased from 4 to 0.5 pm as the number of
independent measurements combined into a single output is increased from
1 to 10. The inset of Fig. 4 illustrates the dynamic variation of the averaged
lasing wavelength over a 90 s period.

In equation form, the moving average is calculated by:
of 1 Hz, 3 Hz, 6 Hz, and 10 Hz were compared. The highest
pump rate of the Nd:Yag laser used in this work is 10 Hz
due to the thermal loading effect of its flash lamp. A DFBLB
was prepared in microplate format, and covered with water
media, with no other variable. For each pump rate, the standard
deviation (σ ) was calculated from 85 discrete measurements.
The inset of Fig. 3 compares the dynamic LWV readout over
time sequences with pump rates of 1 Hz and 10 Hz. We
observe that the noise amplitude decreases with increasing
pump rate, as a single gathered spectrum is comprised of the
combined output of a greater number of pulse outputs within
a fixed duration, resulting in a more pronounced “peak” in the
measured spectrum. This effect is further confirmed through
changing the integration time of the spectrometer (400 ms and
600 ms), as shown in Fig. 3. A further observation is that the
noise decreases as the integration time is increased for a fixed
pump rate, which indicates that the gathered spectrum can
be fit more accurately as the more outputs are accumulated.
Beyond an integration time of 600 ms and pump rate of 10 Hz
pumping, the noise is not reduced further.
C. Temporal Averaging
Time averaging is a common way to reduce random noise
by canceling out random errors. Provided that independent
measurements are gathered at a rate that is much faster than
the rate of the biomolecular binding process that is being
measured, boxcar averaging will have only a minor effect
on measurements on the rate of a biomolecular interaction,
and no effect if one is interested only in the endpoint of a
measurement. To further reduce noise, a boxcar method was
studied. It is the simplest form of smoothing which replaces
each data value with the average of neighboring values.

x̄[i ] =

1 N
 x[i + j ],
N j =1

(2)

where N is the number of the
√ averaging values. The boxcar
method can reduce noise by N , where the noise is characterized by the standard deviation σ calculated from the multiple
independent measurements [32]. A single spot in a DFBLB
biosensor microplate well was pumped 90 times with 0.5s
intervals between LWV determinations. Boxcar averaging was
applied to the data using 1≤N≤10. The integration time of the
CCD was set to 500 ms and the external pump rate was 10 Hz.
The black curve in Fig. 4 shows that the noise decreased from
σ = 4 pm to σ = 0.5 pm as the boxcar number N increased
from 1 to 10. The inset of Fig. 4 illustrates the dynamic
variation of the averaged lasing wavelengths. We observe
that determination of the lasing wavelength is improved by
temporal averaging. However, such improvement results in a
dramatic decrease in the scanning speed required for gathering
kinetic data, as a boxcar length of N = 10 corresponds to 50
pulses gathered over a time span of 5 seconds. For instances
in which we are concerned only with the laser wavelength
shift of the sensor between two stable states, such as before
and after exposure of the sensor to an analyte, averaging of
several independent wavelength measurements in each of the
two states can be carried out without concern for the effect
of temporal averaging on the kinetic sensor response. This
approach was applied to the dose-response characterization of
the interaction between an immobilized protein and an analyte
protein in solution.
Protein A was attached to the DFBLB surface using covalent
bonds by functionalizing the sensor surface aldehyde-based
surface chemistry. To functionalize the sensor surface, each
well was treated with a 10% solution of polyvinylamine (PVA;
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Three replicate wells were used for each IgG concentration.
Next, the sensor surface was allowed to stabilize for 10 min
and was subsequently rinsed with PBS solution to remove
any unbound IgG. Fig. 5 (a) shows the laser wavelength shift
end point as a function of rabbit IgG concentration. The error
bars represent one standard deviation calculated from the three
replicates. As an example, the LWV data taken before and
after the IgG exposure are shown for an IgG concentration
of 34 nM in Fig. 5 (b) with spectra measured every 8 s. The
detected signal for the high concentration (17 μM rabbit IgG)
approaches saturation due to the limited number of protein
A binding sites on the sensor surface. The lowest concentration of rabbit IgG (34 nM) resulted in an easily measured
laser wavelength shift of λ = 70 pm, which demonstrates
detection sensitivity comparable with other optical biosensor
approaches [33]. Using nonlinear curve fitting to determine
the inflection point of the dose-response curve, we measured
a dissociation constant of Kd = 0.53 μM for the protein
A-IgG interaction, which corresponds well with reported
values [34].
III. C ONCLUSION

Fig. 5. (a) Laser wavelength shift end point as a function of rabbit IgG
concentration for DFBLB sensors prepared with capture Protein A. The error
bars represent the standard deviation from three replicate experiments from
separate sensors. (b) Detection kinetics for human IgG at 34 nM with spectra
measured every 8 s.

provided by SRU Biosystems Inc.) in water and incubated at
40 °C for 2 hours. All wells were then washed 3 times with
water. Each well of the sensor was then exposed to 50 μL
glutaraldehyde solution (25% in water; Sigma–Aldrich) for
4 hours, followed by a wash step. Next, a measurement of
the emission wavelength from the PBS-immersed laser surface
was made and recorded. Protein A (Sigma-Aldrich; MW =
40 kDa) was dissolved in 0.01M phosphate buffered saline
(PBS; pH = 7.4) solution to a concentration of 0.5 mg/ml,
pipetted into the active wells with 20 μL volume, and allowed
to incubate for 20 min at room temperature. The emission
wavelengths were taken again and the shift from Protein A
adsorption was λ = 0.67 ± 0.05 nm.
After Protein A was immobilized on the sensor, it was
exposed to a rabbit antibody under a range of concentrations.
All of the wells in the sensor microplate were first rinsed and
soaked in PBS buffer to establish an initial baseline LWV.
Three wells were used as reference wells, while eighteen were
active wells. Prior to introduction of the IgG solution, the
wells were rinsed 3x with PBS, filled with 20 μL PBS, and
the lasing wavelengths were recorded for a ~11min duration.
Rabbit IgG (Sigma-Aldrich, Mw = 146 kDa) was dissolved
in 0.01M PBS solution in six different concentrations (17, 3.4,
0.68, 0.34 μM and 68, 34 nM). The PBS solution in the active
wells was then replaced with 20 μL of rabbit IgG solution.

In this work, we have demonstrated how a combination of
detection instrument configuration and data analysis can be
used to obtain low noise from DFBLB sensor measurements.
We show that noise is reduced through accumulation of multiple discrete pulses from the sensor into a smooth spectrum
with a Lorentzian profile, and that spurious instances of multimode lasing behavior, which would ordinarily increase noise
substantially, can be accommodated by a statistical curvefitting metric that automatically identifies multi-mode operation. As expected, temporal averaging of several independent
sensor measurements will also reduce noise, at the expense
of smoothing of kinetic sensor data. In the case in which
we are only interested in wavelength shift endpoints between
two states, many measurements can be averaged to obtain a
large reduction in noise. Detection of wavelength shifts as
small as 1.5 pm is demonstrated, which satisfies the requirement for characterization of protein-protein interactions, as
demonstrated using the Protein A-IgG system. The dynamic
binding curve shows no spurious data with the use of the signal
processing methods including R2 filtering, temporal averaging
and pump repetition rate optimization. The small wavelength
shift of 0.07 nm would not otherwise be detectable over the
background noise.
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