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A B S T R A C T

Interferometric biosensing offers the potential of label-free detection with very high sensitivities. In our opto-
fluidic grating detector the accumulation of biological target molecules on the surface of functionalized na-
nochannels can be detected due to the change in refractive index. Based on an analytical model, the sensitivity of
the optofluidic grating detector was improved by a factor of 3.5 to 8.45 RIU−1 (refractive index unit) by
adapting the grating geometries. The grating consists of nanochannels, through which the sample flows. This
allows transport without diffusion-limitations inside the sensing area, as it is of particular importance when
molecule concentration in the sample decreases. The nanochannels were functionalized by silanization and
covalent bonding of antibodies. Finally, the binding of Mycobacterium ulcerans specific antigen MUL2232 was
detected label-free.

1. Introduction

Miniaturization of analytical instruments enables the potential to
increase performance while simultaneously reducing costs. Microfluidic
platforms, in particular, require very small volumes which drastically
reduces sample consumption and costs, while also significantly short-
ening the time from sampling to results. All these features, therefore
make microfluidic systems the ideal platform for point-of-care tests [1].

Here, optofluidics, as a combination of microfluidics and optical
analysis methods, is of special interest. With methods such as surface
plasmon resonance SPR [2–4], photonic crystals [5] and others [6],
sensitive and label-free biosensors have already been realized.

All of the above label-free biosensors rely on surface-based sensing.
As such, when the target molecule concentration in the solution de-
creases, analyte depletion in combination with diffusion-limited trans-
port to the sensor surface hinder the detection process [7]. When de-
signing a microfluidic biosensor, this aspect needs then to be considered
to ensure that a sufficient numbers of target molecules interact with the
detector in a short enough time.

In our previously introduced asymmetric nanofluidic grating de-
tector the measurement is performed in the Fourier space. Fluidic
channels are arranged as an optical grating and the refractive index
difference between reference and detection channels is determined

optically. A sensitivity of 2.416 RIU−1 (refractive index units) and the
detection of an adsorbed protein layer in the detection channels has
been successfully achieved [8].

Here we show how the sensitivity of our asymmetric nanofluidic
grating detector can be improved significantly by adapting the geo-
metrical arrangement based on an analytical model.

The optical biosensor is functionalized and detects specific binding
of target molecules as small as 18 kDa without further labeling. Mass
transport can be then shown to be dominated by convection through
the channel rather than by diffusion across a boundary layer. In this
regime, all molecules passing through the nanochannel device en-
counter the surface with high probability, making them available to
participate in a binding reaction.

1.1. Asymmetric nanofluidic grating biosensor

In Fig. 1 a schematic of the optical grating made of nanochannels is
shown. Reference and detection channels are placed in an inter-
digitating structure. Collimated laser light is diffracted by the optical
grating and the resulting diffraction pattern is analyzed. The intensity
distribution will change sensitively with a change in refractive index
due to protein accumulation at the channel walls.

Vias at the end of each nanochannel connect with the bigger supply
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channels. Through these, detection and reference structures can be
flushed with different fluids from separate supply channels or rinsed by
a common supply channel.

Importantly, the unit cell of the grating shows an asymmetric
structure (see Fig. 2D and SI 1). The interdigitating channels of the
reference structure are shifted out of the middle position between the
detection channels. This arrangement allows the direct sensitive de-
tection of refractive index differences between the two sets of channels
which provides an inherent common mode rejection for small refractive
index differences, as reported earlier [8].

2. Fabrication

The asymmetric nanofluidic chip is made of silicon and glass al-
lowing the treatment with harsh chemicals like piranha solution after
each experiment. Therefore, chips can be reused multiple times.
Additionally, the surface chemistry of silicon and glass is very similar,
allowing the same functionalization chemistry for later immunoassay
development and antibody immobilization.

The fabrication protocol has been described before [8,9]. Fig. 2
shows SEM images of the final grating made of nanochannels. The
grating consists of 25 reference and detection channels. Each channel
has a width of w = 3 μm per channel and a channel depth of
h = 290 nm. The asymmetry of the unit cell can be described by the
asymmetry parameter l, here l = 9.5 μm (Fig. 2D).

3. Optical and fluidic setup

The chip is placed inside an optical setup, as shown schematically in
Fig. 3. Here, a collimated laser beam (wavelength λ = 635 nm) is first
focused to reduce the beam diameter to approximately 350 μm and
passes through a hole in a parabolic mirror before it is perpendicularly

incident on the fluidic grating surface. The diffracted laser light is re-
flected back towards the parabolic mirror, which reflects and focuses
the diffraction pattern towards a sCMOS camera (PCO edge 4.2, Kel-
heim, Germany). Due to the aperture of the mirror, the 0th maximum is
not recorded by the camera. Higher order maxima (m ≠ 0) are there-
fore not overwhelmed by the center maximum, as this is very intense
but contains no information for the measurement. Before the laser hits
the diffraction grating, the intensity is reduced by a grey filter. In this
way the intensity of the diffraction maxima with m ≠ 0 does not
oversaturate the camera sensor. However, the intensity is still high
enough to set the exposure time as short as possible and to record more
images per time. Using this procedure and subsequent averaging of the
images, impact of white noise sources like shot noise, is reduced [10].

A region of interest (ROI) is set around two maxima of the same
order and the intensity Im of each is determined by integrating the grey
values. Finally, the signal is calculated from Eq. (1).

Fig. 1. Schematic of the nanofluidic grating detector. A) Nanofluidic channels
are arranged as an optical grating, where reference and detection channels are
placed in an interdigitating structure. Each channel is connected to bigger
supply channels. B) Laser light is diffracted by the optofluidic grating. Every
second channel is a detection channel, which is functionalized with specific
antibodies. Target molecules accumulating inside the detection channels will
alter the intensity distribution of the diffraction pattern due to a local change in
the refractive index.

Fig. 2. SEM images of chip structures A) optical grating made of nanochannels,
B) Cross sections B-B of one via and a parallel nanochannel, C) Cross section A-
A: The nanochannels are created by wet chemical etching of a thin silicon oxide
layer on a silicon wafer and subsequently sealed with a glass wafer on top by
anodic bonding. D) Cross-section showing detail of grating cross section with
period P, asymmetry l and channel width w.

Fig. 3. Schematic of the optical setup.
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The chip is mounted inside a fluidic holder and pressure controllers
ensure the fluidic flow. Here, the separate supply channels for reference
and detection channels allow the specific functionalization of the de-
tection channels, without affecting the reference structures. However,
both types of nanochannels can be rinsed from the third supply channel
simultaneously (see SI 2). The applied pressure values are presented in
Table 1 of SI 2.

4. Analytical modelling and experimental characterization

The refractive index n can be used as a measure of sample con-
centration [6]. The refractive index influences the optical phase shift ϕ
inside the nanochannels of the optofluidic grating, which is defined as

=φ π
λ

hn22
(2)

Consequently, the difference in the optical phase Δϕ between re-
ference and detection channels has a direct impact on the intensity
distribution of the diffraction pattern generated by the optofluidic
grating. To evaluate the dependency of refractive index difference on
the optical signal, an analytical model was established.

The intensity distribution of the diffraction pattern can be analyti-
cally calculated by a Fourier transformation of the grating [11].

The obtained signal (Eq. (3)) depends on the refractive index dif-
ference Δn between reference and detection channels and therewith the
phase difference Δϕ, and the order of maximum m. This is valid for
small Δϕ as we expect it for protein binding [8]. As a third parameter,
the asymmetry l/P has a certain impact on the signal. Here, l/P de-
scribes how much the unit cell structure is shifted from the symmetric
arrangement, with the two extreme cases l/P = .5 for a symmetric
grating and l/P = 1-w, when reference and detection channels are in
direct contact to each other.
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We analyzed the influence of asymmetry (l/P) on the sensitivity of
our biosensor on refractive index changes by analytical calculation. The
results for the first two order of maxima are shown in Fig. 4. The in-
tensity difference between positive and negative maxima of the same
order ΔIm shows a strong dependency on the phase shift Δϕ. However,
also the asymmetry parameter l/P has a certain impact on how sensitive
the signal changes due to a change in phase.

As small changes in refractive index due to protein binding are

expected, the sensitivity values ∆ ≈∆ φ( 0)dS
d n are of special interest.

Here, the first order shows clear optima for l/P = .507 and 0.542, the
second order for l/P = .727. For the second order, an additional op-
timum appears around l/P = .772. However, this is challenging to
fabricate, as the distance between detection and reference channels
needs to be very small. For instance, in a grating with a period of 16 μm
the reference and detection channel would need to be separated by only
200 nm on one side.

We built two types of gratings with different asymmetry (l/P = .59
and 0.72) and evaluated the response on varying refractive index dif-
ferences. For this purpose, the detection channels were filled with
glycerol solutions of different concentrations (2%–8% w/w in water)
representing a range for refractive index values of n = 1.3354–1.3434
as measured with a handheld refractometer (DR201–95, A.Kruess,
Hamburg, Germany). The reference was filled with water (n = 1.3325)
for the entire experiment. Each experiment was repeated at least three
times and the results are plotted in Fig. 5.

The results of the experiments are in good agreement with the
analytical findings. For an asymmetric parameter l/P = .59 the slope of
the signal for the first order (sensitivity = 8.45 RIU−1) is much higher
compared to the second order. However, the sensitivity of the second
order can be improved by using a device with an asymmetry parameter
of l/P = .72. Here, the sensitivity was increased to −11.62 RIU−1.

Fig. 4. Influence of Δφ and l/P on ∆ = −+ −Im I Im m and the sensitivity
∆

dSm
d n

(h = 328 nm, P = 16 µm).

Fig. 5. Signal dependency on refractive index differences for the first and
second order with asymmetry parameters l/P = .59 and 0.72. The results of the
analytical model (lines) are validated by experiments (marks).
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Fabrication of the l/P = .72 chips requires a lithographic resolution
better than 2 μm, which is challenging with a standard contact align-
ment process. Therefore the fabrication yield was relatively low and we
decided to continue the protein experiments with the l/P = .59 chips
evaluating the first order maxima. With a sensitivity of 8.45 RIU−1 we
still gain a 3.5-fold higher sensitivity compared to the first generation of
chips [8].

5. Fluidic flow and molecule diffusion inside the nanograting

For biosensing, the channel surfaces need to be functionalized with
specific capture molecules and the accumulation of the respective target
molecules is measured (see Section 6). In addition to the optical de-
tection principle, it is also important to understand the interaction of
capture and target molecules in the detection area, which is caused by
the transport and reaction conditions within the fluidic channels.

Therefore, the velocity inside the nanochannels was determined by
fluorescence measurements. The grating was placed under a fluores-
cence microscope and the supply channel of the detection channels was
filled with fluorescein sodium salt in water. The propagation of the
fluorescence dye in the grating was recorded with a camera (Phantom
VEO 640 L, Vision Research, USA) after changing the fluidic pressure
configuration from rinsing to functionalization (see Table 1 of SI2).

By evaluating the distance of the fluorescence front over time, we
calculated an average velocity of about 0.0002 m/s (Fig. 6).

The Dammköhler number Da is a dimensionless number to describe
the relation between rate of arrival at the sensing surface by diffusional
transport for the target molecules and the rate of reaction with the
capture molecules. Da ≫ 1 indicates a diffusion-limited process and
Da ≪ 1 indicates that the process becomes reaction-limited [12,13].

= ∙ ∙Da k C h
D

on s0
(4)

with Cs0 – total number of binding sites kon – association rate constant h
– channel height D – diffusivity

As an example, we consider the binding process of a secondary IgG
antibody to the related IgG antibody on a functionalized surface, which
reveals Da = 0.0018 (assuming Cs0 = 10.13 fmol/mm2 [14];
kon = 2.73 × 104 M−1 s−1 [15]; D = 4.4 × 10−5 mm2s [16] and
h = 290 nm), indicating that the binding between two antibodies is
reaction-limited inside the sensing grating.

As illustrated by Fig. 7, this will lead to rapid axial depletion of
target molecules. Thereby it is ensured that every molecule will arrive
at the channels surface activated with capture molecules.

However, as the fluidic flow is slow due to the small structure size
and the low pressure difference applied, the reaction process over the
entire channel length becomes convection limited. This is characterized
by the reaction/convection number ζDa [12]

= ∙ ∙
∙

ζDa k C L
U h

on s0
(5)

with L – channel length U – velocity
In this example ζDa = 1.5, indicating convection-limited conditions

(ζDa > 1) [12]. Binding occurs right at the entrance of the grating and
depletes the bulk solution. As the surface saturates, the depletion front
moves through the nanochannel in axial direction in a wave like fashion
leaving behind saturated surfaces.

6. Immunoassay for antigen detection

For the application as biosensor, the reliable and stable im-
mobilization with capture molecules like antibodies is essential.
Consequently, we used a covalent coupling process of specific anti-
bodies to the nanochannel walls in order to enable the specific accu-
mulation of target molecules only in the detection channels.

First, all nanochannels are silanized with APTMS (3-aminopropyl
trimethoxysilane) in the gas phase. After washing with ethanol, water
and PBS (sodium phosphate buffer), glutaraldehyde is introduced only
to the detection channels. Glutaraldehyde binds to the amine group of
the silane and offers a reactive aldehyde group to bind to an amine
group of the antibody. [17–20]. The functionalization process is illu-
strated in Fig. 8.

Due to the accumulation of proteins inside the fluidic channels, the
optical path length is increased. As proteins exhibit a higher refractive
index in the range of 1.36–1.55 [21] compared to the buffer medium
(e.g. refractive index of PBS = 1.334) this will lead to a change in the
average refractive index within the detection channels compared to the
reference channels, which are filled with buffer medium only. This
refractive index difference can be detected in the same manner as in the
measurements with glycerol solutions as shown in Fig. 5.

6.1. Proof of antibody coupling and detection

The functionalization process described above has been used to

Fig. 6. Velocity determination by running fluorescent dye through the detection channels.

Fig. 7. Schematic of the depletion of target molecules inside a nanofluidic
channel
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immobilize anti-mouse IgG antibodies produced in goat on the detec-
tion channel surfaces. This increases the optical path difference be-
tween the detection channels and the reference channels. In the fol-
lowing, we display the resulting path differences in terms of an
equivalent refractive index difference Δn to facilitate comparison with
Fig. 5. Fig. 9 gives the equivalent refractive index difference over time
during the functionalization and subsequent detection of the respective
anti-goat antibody. The accumulation of the antibody leads to an in-
crease in the effective refractive index in the detection channels. As the
reference channels are not affected, Δn increases due to the formation
of the antibody layer (reference channels remain filled with only PBS).
This shift is stable even after rinsing the complete system with PBS. The
immobilization of the antibodies was additionally proven by introdu-
cing anti-goat IgG through the detection channels. Again, the signal
increases, indicating the binding of the secondary antibody on the
functionalized channel walls.

We repeated the experiment with different anti-goat IgG con-
centrations. As the surface coverage varied from experiment to ex-
periment, due to functionalization reproducibility, the signal change
was scaled by the maximum signal after functionalization Δnmax, func

with the primary antibody. The results are shown in Fig. 10. For the
experiments with sencondary antibody concentrations of 36 μg/ml and
120 μg/ml the fluctuations are stronger compared to the experiment
with 72 μg/ml. Variations in the surface coverage along the channel
due to imperfect cleaning or partial blockage of individual

nanochannels during the measurement might at least partially explain
the varying strength of the fluctuations. However, this will need to be
investigated in more detail in the future. Nevertheless, there is a clear
relationship between the signal slope and the anti-goat IgG concentra-
tion. Also, the equilibrium signal tends towards higher levels for higher
concentrations of secondary antibody (see SI 3).

6.2. Detection of the Mycobacterium ulcerans antigen MUL2232

Buruli ulcer is an infectious disease of the skin and soft tissues,
which is particularly prevalent in the tropics. After tuberculosis and
leprosy, it is the most common disease worldwide caused by myco-
bacteria [22]. A major challenge to prevent the disease is the lack of
appropriate diagnostic procedures since PCR based tests are not avail-
able in most remote areas. Hence, the diagnosis of buruli ulcer in the
affected areas is usually made much too late, when a clear clinical
picture already appears. This calls for a fast, sensitive and reliable
point-of-care test.

The development of a specific biosensor for Mycobacterium ulcerans
is complicated due to the antigenic cross-reaction among different
mycobacterium species. Recently, small heat shock proteins expressed by
the bacterium and located on the cell wall surface, have attracted
special attention. These proteins are highly specific and enable the
antigen capture-based detection [23].

Fig. 11 shows the signal for functionalization and detection of the
antigen MUL2232, which is a small heat shock protein ofMycobacterium
ulcerans with a molecular weight of 18 kDa [24].

First, the complete grating is rinsed with PBS, while the reference
channels are filled with PBS for the entire experiment. Glutaraldehyde
(10% in PBS) is introduced into the detection channels. Glutaraldehyde
has a higher refractive index compared to PBS indicated by the high
shift in the signal curve. Afterwards the antibody (anti-MUL2232,
0.5 mg/ml in PBS) is pushed through the detection channels. The signal
changes from 0.003 to 0.0055 due to the binding on the channel walls.
Even after washing with PBS, the signal stays on the higher level, in-
dicating the formation of a stable protein layer. Finally, the buruli an-
tigen MUL2232 (0.5 mg/ml) is introduced. The increase of the signal
indicates the binding of MUL2232 to the antibody.

This shows that we are able to functionalize nanochannels of an
optofluidic grating with antibodies and to detect binding without any
further labeling of the target molecule, despite the fact that the mole-
cular weight of MUL2232 is only 18 kDa [24].

Fig. 8. Functionalization of the detection channels by covalent bonding of specific antibodies with a silane coupling. For details see text. APTMS (3-aminopropyl
trimethoxysilane). OHC(CH2)3CHO (Glutaraldehyde). The antibody is shown in yellow. (For interpretation of the references to colour in this figure legend, the
reader is referred to the web version of this article.)

Fig. 9. Measured refractive index difference for the functionalization with anti-
mouse antibodies (1.15 mg/ml in PBS) and specific binding of anti-goat anti-
bodies (72 μg/ml in PBS + 1 mg/ml BSA).
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7. Conclusion and outlook

For the detection of specific biomolecules a high sensitivity and a
thorough understanding of the transport phenomena is essential to
generate reliable signals for both small analytes and low concentra-
tions.

Here, we present our optofluidic biosensor based on refractive index
difference measurements in the Fourier space. We were able to improve
the sensitivity of our sensor over 3.5 fold by adapting the grating design
based on an analytical model. The results were then validated with
experimental trials. Further improvements might be feasible by other
fabrication technologies like e-beam lithography or focus ion beam
structuring to achieve more accurate distances between the na-
nochannels.

Specific biomolecule binding was detected after functionalization of
the detection channels with antibodies by covalent binding via silani-
zation. In this way, we were able to detect the binding ofMycobacterium
ulcerans antigen MUL2232. However, the samples were prepared in
filtered buffer medium with concentrations above the expected values
found in field (lysate concentration in the range of a few ng/ml [23]).
The significance of these results, is that the detection of proteins with a
molecular weight of only 18 kDa can be realized without any sub-
sequent labelling. This shows great promise for future studies with field
samples.

With channel heights below 300 nm, mass transport to the sensor
surface is limited by convection rather than by diffusion. This allows a

complete depletion of the target molecules inside the nanochannels.
This regime is advantageous for precise and fast point-of-care diag-
nostic by end-point detection, as it can be ensured that every target
molecule reacts with the functionalized surface in a short time.

Bridging the gap between highly specialized research and the ap-
plication in the “real-world” as an affordable and location-independent,
but sensitive POC device remains a major challenge of many micro-
fluidic biosensors to still be addressed [25,26].

In a previous study, we were able to translate the laboratory-based
setup to a mobile POC setup including a smartphone-assisted readout
device [9]. Low sample volumes with no diffusion limitations, easy
handling by technically untrained persons, no need for sophisticated
equipment and the inherent robustness against biasing signals like
temperature fluctuations, make the asymmetric nanofluidic grating
detector a promising tool for POC applications. However, the fabrica-
tion based on silicon and glass processing to create nano and micro
scale fluidic structures currently does not translate well into low-cost
large scale production [26]. Even though the fabrication process based
on silicon and glass allows the creation of smallest feature sizes with
high precision and tailor-made 3D fluidic connections like the 3 μm vias
at the end of each nanochannel, it is still labor and cost intensive and
not standardized leading to higher chip-to-chip variations [26]. For the
application as an affordable and disposable POC device, low cost al-
ternatives are required. Here, fabrication based on polymer materials
offers the potential of cost effective, large-scale production. Some au-
thors already have shown that even complicated 3D and nanofluidic

Fig. 10. Measured refractive index (normalized) for different anti-goat concentrations

Fig. 11. Covalent binding of antibodies to the channels walls and detection of buruli ulcer specific antigen MUL2232.

F. Purr, et al. Micro and Nano Engineering 8 (2020) 100056
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structures can be realized based on PDMS [27], SU-8 [28], polymethyl
methacrylate (PMMA) [29] or cycloolefin polymer (COP) [30].
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