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Abstract. This paper describes a new multiplexed label-free biosensor. The detection technology is based on
nanostructured gold-polymer surfaces. These surfaces support surface plasmon resonance modes that can be
probed by a miniaturized optical setup. The optical characterization of the sensing chip shows the sensitivity and
the limit-of-detection to refractive index changes. Moreover, by studying the progressive adhesion of molecular
monolayers of polyelectrolytes, the decay of the plasmonic mode electric field above the surface has been recon-
structed. A multiplexed label-free biosensing device is then described and characterized in terms of sensitivity,
lateral resolution, and sensitivity to a model biological assay. The sensitivity in imaging mode of the device is of
the order of 10−6 refractive index units, while the measured lateral resolution is 6.25 μm within a field of view of
several tenths of mm2, making the instrument unique in terms of multiplexing capability. Finally, the
proof-of-concept application of the technology as a point-of-care diagnostic tool for an inflammatory marker
is demonstrated. © 2014 Society of Photo-Optical Instrumentation Engineers (SPIE) [DOI: 10.1117/1.JBO.19.1.017006]
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1 Introduction
In recent years, the early detection of biological agents and
markers has attracted great interest among researchers in the bio-
sensing field. Early detection sensing technologies consist of the
following characteristics: portability, user-friendliness (e.g., lim-
ited sample preparation required), and multiplexing. When a
biosensing technology encounters the mentioned characteristics,
it acquires high impact in many applications: food safety, home-
land security, environmental and industrial monitoring, and,
most importantly, medical diagnostics.1–4 The last decade has
witnessed a constant technical improvement of both detection
methods and instrumentations. Among other technologies, sur-
face plasmon resonance (SPR)-based optical devices have
become a front-figure. SPR biosensors have been proven to
be suitable systems for label-free real-time and multiplexed
detection purposes.5–11 Surface plasmons are collective charge
oscillations confined at the interface between two media with
dielectric constants of opposite sign.12 The plasmonic modes
are characterized by an electric field that exponentially decays
into the two media composing the interface. This property
makes the plasmonic modes extremely sensitive to refractive
index changes occurring at the interface. Since the maximum
sensitivity is in a region comprised within a few tenths of nano-
meters above the sensing surface, these devices are ideal plat-
forms for the label-free detection of molecular monolayers.13

Moreover, the possibility of a real-time detection of the binding
events is particularly interesting for measuring the affinity
between molecules. Within the great family of SPR-based opti-
cal devices, different system sensing platforms have been inves-
tigated. Particular interest has been found in metallic
nanoparticles supporting localized plasmonic excitations14

due to their sensitivity to the detection of small molecules.
Despite their well-performing sensing capabilities, these sys-
tems have never found a true routine industrial application.
On the other hand, most of the commercially available devices
exploit the surface plasmon polaritons (SPPs) propagating at the
interfaces of thin metallic (usually gold) films. Because of the
mismatch in the wavevector of the SPP and the incident light
having the same energy, momentum-coupling techniques
must be used for the SPP excitation.15 The most used sensor
configuration consists of a thin metallic film deposited on the
top of a high refractive index prism (Kretschmann configura-
tion).16 The light beam impinges from the prism side at an
angle greater than the total internal reflection angle. The
chips for prism-based SPR detection do not require nanofabri-
cation, and the use of a reflective geometry decouples optical
signals from fluidic channels.8,17–20 However prism-based optics
may be expensive and delicate, in particular in the case of plas-
monic imaging systems.21–23 Alternatively, the wavevector mis-
match between incident light and SPP modes can be coupled by
the periodical patterning of the metal surface, with the formation
of an optical grating.6,24–28 In order to function as a plasmonic
coupler, the grating period needs to be in the order of the
involved SPP wavelength. However, SPR sensors based on gra-
ting coupling are usually configured in such a way that the inci-
dent light is passing through the analysis liquid cell,
compromising the sensitivity and the stability of such sensors.26

On the other hand, the grating coupling configuration offers the
possibility of tuning the resonant wavelength by scaling the gra-
ting period while keeping fixed the angle of incidence of light.
In this way, the optical constraints are greatly relaxed and a nor-
mal incidence detection scheme can be used. Normal incidence
detection using telecentric optics enables facilitated plasmonic
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imaging of the surface over a large field of view and, contem-
porarily, with microscopic lateral resolution.

In this paper, we present an SPR imaging system based on a
nanostructured gold-polymer chip. The system enables the real-
time multiplexed detection of several analytes. The sensing chip
consists of a two-dimensional hexagonal array of plasma polym-
erized poly-acrylic acid (ppAA) nanopillars embedded in an
optically thick gold film deposited on a glass substrate.29–31

The sensing performance of the surfaces (sensitivity to refractive
index change and to the adhesion of molecular monolayers) has
been tested using standard spectroscopic techniques. Then, an
imaging biosensing device tailored on the chip response has
been developed in-house and called Imaging Nanoplasmonics
device (iNPx). The iNPx system integrates the fluidics, the elec-
tronics, and the computing and data analysis unit resulting in a
compact, stand-alone, and fully portable device. The iNPx per-
formance has been characterized with both sensitivity measure-
ments on refractive index changes and detection of a model
biomolecular interaction (where a receptor has been immobi-
lized on the chip surface and the ligand dispensed on the
chip by the integrated microfluidics system). Finally, to assess
the performance of our system in a real diagnostic application,
we focused on the detection of a new molecule, the long pen-
traxin 3 (PTX3). PTX3 belongs to the super family of long pen-
traxins and is characterized by a long, unrelated N-terminal
domain associated to the C-terminal pentraxin-like domain
homologous to C-reactive protein and serum amyloid P compo-
nent.32 PTX3 is a multifunctional molecule rapidly and locally
produced by immune and stromal cells in response to primary
proinflammatory molecules and bacterial components as lipo-
polysaccharide, capable of interacting with several proteins,
including complement components, microbial moieties, and
adhesion molecules.33 Translational efforts are in progress to
evaluate the role of PTX3 as a possible marker and therapeutic
agent in human pathologies.34 PTX3 levels increase in cardio-
vascular diseases, kidney pathologies, and infections (like sep-
sis) and represent a new prognostic marker reflecting local
activation of innate immunity and inflammation, rapidly
induced, and correlating with the severity of disease.34–38

Given its relevance as a new marker of human pathologies,
PTX3 is an interesting candidate to do new and exciting research
in medical diagnostics. After a description of the experimental
methods in Sec. 2 and optical response of the chip in Sec. 3.1,
we report a characterization of the sensitivity of the sensing
chip. The spectral measurement of the chip response to a refrac-
tive index change allows evaluation of the detection limit
(Sec. 3.2). Reflectance measurements of the chip response to
the adhesion of polyelectrolyte monolayers give the field exten-
sion of the plasmonic mode above the nanostructured surface
(Sec. 3.3). In Sec. 3.4, a brief description of the instrumental
configuration of the plasmonic imaging device is described.
Finally, a proof-of-concept diagnostic application of the system
is presented in Sec. 3.5.

2 Materials and Methods

2.1 Chip Fabrication

The sensing surfaces consist of a hexagonal lattice of polymeric
pillars embedded in an optically thick gold film deposited on a
glass substrate. The fabrication process based on colloidal
lithography and plasma enhanced chemical vapor deposition
(PE-CVD) is described in detail elsewhere29 and can be outlined

in five steps. A ppAA film is deposited on a glass substrate by
PE-CVD. By the Langmuir-Blodgett technique, a self-
assembled monolayer of polystyrene spheres is transferred
onto the ppAA film. Reactive ion etching is then used to com-
pletely remove the ppAA from the areas not covered by the
spheres (and, simultaneously, reduce the diameter of the
spheres). A gold layer is then deposited on the sample using
physical vapor deposition. Finally, the residual colloidal mask
is removed by a sonication bath.

2.2 Chip Optical Characterization

The optical characterization of the sensor chip was carried out
by reflectance measurements. Most of the measurements were
performed using a commercial Fourier transform spectrometer
(FT-66, Bruker, Karlsruhe, Germany) equipped with a home-
made variable angle micro-reflectometer. In order to test the
optical scheme of our biosensor setup, a prototypal device
was assembled. In the prototype, a beam splitter was used to
send the light of a Xenon lamp to the sample and collect the
reflected beam with a compact CCD spectrometer
(OceanOptics, Dunedin, Florida). Comparison measurements
were carried out with both instruments. Moreover, a double
beam UV-VIS-NIR spectrometer Varian Cary6i has been
used for high-sensitivity detection. The spectra were acquired
in the spectral range of 400 to 1250 nm with TM polarized
light incident on the samples from the substrate side. The sample
holder was equipped with a home-made cell allowing the sol-
ution to flow on the chip surface. A spectroscopic ellipsometer
(Sopra ESG4R) was used to determine the thickness and refrac-
tive index of polyelectrolyte films used for the sensitivity tests.

2.3 Solutions for Refractive Index Calibration

NaCl, glycerol, and ethanol solutions in ultrapure water (resis-
tivity>18 MOhm) were used to monitor the changes in the opti-
cal response of the chips with respect to small refractive index
variations. Concentration ranges were, respectively, between
0.0004 and 2% in weight for NaCl, between 0.0004 and 3%
for glycerol, and between 0.006 and 3.16% for ethanol. An
Abbe refractometer (Zeiss, Jena, Germany) was used to measure
the refractive index of the more concentrated solutions down to
0.25, 0.25, and 0.8% in the case of NaCl, glycerol, and ethanol,
respectively. The lowest measured refractive index differs ∼5 ·
10−4 from that of ultrapure water (used as a reference). The mea-
sured refractive indexes were used to extrapolate the refractive
index changes for the solutions at the lowest concentration.
Refractive index variations from 4 · 10−3 refractive index
units (RIU) down to 1 · 10−6 RIU ð¼ 1 RUÞ with respect to
water have been explored. It is important to notice that the
refractive indexes of the more dilute solutions are extrapolated
from those measured for solutions that are already well diluted
(0.25 to 3%). In this way, the nonlinearity problem arising when
the extrapolation is based on the pure solute refractive index
should be avoided. To evaluate the chip response to the adhesion
of nanometric layers, polyelectrolyte solutions of poly(diallyl-
dimethylammonium chloride) (PDDA, Sigma Aldrich, St.
Louis, Missouri) and of poly(sodium 4-styrenesulfonate)
(PSS, Sigma Aldrich) diluted at 2% in water were used.
Each polyelectrolyte solution has been injected in a liquid
cell by means of a peristaltic pump, alternating a rinsing step
of ultrapure water. In this way, the excess material can be
removed, preparing the surface for the following injection step.

Journal of Biomedical Optics 017006-2 January 2014 • Vol. 19(1)

Bottazzi et al.: Multiplexed label-free optical biosensor for medical diagnostics



2.4 Characterization of the Imaging
Nanoplasmonics Device

2.4.1 Sensitivity and imaging performances with a model
bioreaction

Calibrated glycerol solutions as the ones used for chip surface
characterization in spectroscopic mode were used for the cali-
bration of the imaging system with respect to refractive index
variations.

A test of the imaging performances of the device has been
instead performed using the well-known FLAG, anti-FLAG
peptide system as a biomarker.

FLAG® peptide (aminoacid sequence: DYKDDDDK, Sigma
Aldrich)was immobilized to the carboxyl functionalized chip sur-
facevia theamineresiduecoupled through thestandard1-Ethyl-3-
(3-dimethylaminopropyl)carbodiimide/N-Hydroxysuccinimide
(EDC/NHS) activation chemistry using a microarray spotter
(SciFLEXArrayer, Scienion AG, Berlin, Germany). The spots
were organized in a square lattice array with a pitch of 500 μm
and a spot size of ∼100 μm. Then the microarray spotting the
chip was rinsed by ethanolamine (1 M) in order to passivate the
unreacted carboxyl groups. Bovine serum albumin (BSA,
250 μg∕ml)was then injected inorder to eventuallyblock residual
activebinding sites. Themicroarray plated chipwas then sealed to
amicrofluidicscell (10μLvolume)andinserted inthe iNPxreader.
Ab-FLAG detection experiments have been performed online
using the in-house developed analysis software. Briefly, the soft-
ware continuously acquires the camera frames (maximumacquis-
ition rate 35 fps) and elaborates averaged pictures. The number of
averaged frames affects both the time resolution and the noise
level. The averaged picture is then processed by the software in
order to evaluate the reflectance variations occurring on the
chip surface. The reflectance variations are monitored in real
time in the following way:

• One or multiple regions of interest (ROIs) are selected via
software by the user. The ROI corresponds to a group of
one or more pixels of the camera sensor.

• Each ROI is characterized by a statistical distribution of
pixels according to their gray level. The gray level corre-
sponds to the intensity of the reflected light to the camera
sensor on each pixel.

• For each ROI, the median value (hROIii) of the distribu-
tion of gray levels is calculated from the distribution
histograms.

• The real-time evolution of the hROIii is then calculated by
the software and plotted in a sensorgram.

• The sensorgrams are then normalized to the reference
value (e.g., the first value of the baseline) in order to cal-
culate the relative percentage variation of reflectance for
each ROI.

2.4.2 Biodetection of the marker for sepsis
in imaging mode

Biosensing imaging assay was performed on plasmonic chips
by covalent immobilization of antibodies raised against PTX3
(Ab-PTX3) on self-assembled mercaptohexadodecanoic acid
monolayers via EDC/NHS activated covalent binding. Selective
surface functionalization and immobilization of the Ab-PTX3

was performed using microcapillary pumps consisting of
seven independent microchannels. This is a simple
Polydimethylsiloxane (PDMS) microfluidics device fabricated
in-house, enabling the localized immobilization with controlled
flow of different molecules or chemicals. All the seven channels
were activated using EDC/NHS protocol. Four of the seven
microchannels (from top: channels 1, 3, 5, 7) were loaded over-
night with Ab-PTX3 (10 μg∕ml in 10 mM acetate buffer,
pH ¼ 5), while three of them were loaded with acetate buffer
(2, 4, 6) only and used as negative control. PTX3 was purified
by immunoaffinity from the supernatant of chinese hamster
ovary transfected cells. Purified recombinant PTX3
(100 ng∕ml) and 1% BSA (used as blocking solution) were
diluted in 1× phosphate-buffered saline (PBS, pH ¼ 7.4,
Invitrogen, Carlsbad, California). Rat monoclonal antibodies
and rabbit polyclonal antiserum were obtained by immunizing
animals with purified recombinant PTX3.39

3 Results and Discussion

3.1 Analysis of the Chip Optical Response

A complete optical characterization of the sensing surfaces has
been reported in previous papers.29,30 The optical response of
these surfaces can be interpreted in terms of plasmonic excita-
tion localized inside the ppAA pillar (the main resonance is
shown as a reflectance minimum at ∼850 to 900 nm) and
SPP propagating at the film interfaces (characterized by
lower wavelengths around 550 nm). The localized modes enable
the coupling between the SPPs supported by the opposite film
interfaces, even if the gold film is relatively thick (∼100 nm).
This allows detection of a refractive index change at the free
surface of the chip by measuring reflectance spectra with
light incident from its substrate side. Figure 1(a) shows the
reflectance spectrum between 840 and 910 nm measured
with TM polarized light at nearly normal incidence, when
pure water (dashed line) or a solution of water with 2%
NaCl (solid line) are flowing inside the liquid cell. The refractive
index change induces a shift of the resonance minimum
of ∼1 nm. The chip response can be simply visualized as
the ratio between the two reflectance spectra [Fig. 1(b)]. The
value of such a ratio, corresponding to both positive (maxima)
and negative (minima) intensity variations with respect to 1, is
directly proportional to the spectral shift at each wavelength.

The ratio RNaCl sol∕Rwater can be expressed as
ðRwater þ ΔRNaCl sol-waterÞ∕Rwater and approximated by
1 − Δλ × ðdRwater∕dλÞ∕Rwater. Figure 1(b) shows the ratio of
the reflectance curves reported in panel (a). The dash-dot
curve in panel (b) represents the approximate ratio expression
when a Δλ ¼ 1 nm, constant over the whole considered range,
is assumed. The expression linearly correlates the relative
change ΔRNaCl sol-water∕Rwater of the reflectance with the spectral
shift Δλ. Such a change is proportional to the steepness of the
reflectance spectrum and reaches its maxima amplitudes at
850 nm (ΔR > 0) and 900 nm (ΔR < 0). Nevertheless, due
to the large spectral width of the plasmonic mode, these maxima
are spectrally broad. Moreover, since the response in terms of
positive- or negative-ΔR change is referred to the same spectral
shift Δλ, the two signals can be combined and summed into a
unique parameter, as shown by the arrow in Fig. 1(b). In a first
approximation, the so-defined signal amplitude is insensitive to
drift effects of the measured reflectance spectra.
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3.2 Chip Response to Refractive Index Variations

The chip sensitivity to small refractive index changes has been
evaluated. We measured the near-normal incidence reflectance
of the chip with water-ethanol, -glycerol and -NaCl, at different
concentrations, flowing on the chip surface. The solutions were
made using different solute molecules in order to monitor the
occurrence of interaction effects with the chip surface and to
disentangle them from the bare refractive index effect. The spec-
tra were divided by the reflectance of ultrapure water and

analyzed, as explained in Sec. 3.1. After preparation, solution
and reference samples were left in the measurement room for
12 h in order to let the temperature stabilize. The refractive
index of the reference water and of the concentrated solutions
was directly measured with the Abbe refractometer [Fig. 2(a)].

Then, reflectance measurements were performed by making
pure water to flow first in the cell and then the solution at a given
concentration. As a final step, the sample surface and the cell
were rinsed with ultrapure water and the reflectance spectrum
was measured again. After each injection step, spectra were
acquired until the signal was definitely stabilized. The reflec-
tance intensity variation was evaluated during the change
from water to salt-, glycerol-, or ethanol-solution, and from
the solution to water. The test was repeated several times and
on different samples. The y-axis error bar was fixed as the
largest value-excursion for each refractive index variation. In
fact, at the lowest concentrations, the main source of drift is rep-
resented by the temperature variations. The refractive index of
water is proportional to the temperature variation rate of
∼10−4 RIU∕°C.40 A temperature fluctuation of 0.01°C affects
the refractive index by the order of 10−6, i.e., on the order of
magnitude of the refractive index variation corresponding to
the lowest concentration of glycerol, ethanol, and NaCl. A care-
ful reading of the data before, during, and after each measure is
needed in order to discriminate the variations in the spectrum
induced by the refractive index change. This problem is less
important in the imaging system presented below because it
is possible to optimize a reference ROI for normalizing the tem-
perature drift. Figure 2 also shows that the signal amplitude is
roughly independent of the solution used, indicating that the sig-
nal variation depends mainly on the refractive index change and
not on the eventual chemical species absorbed by the nanostruc-
tured surfaces.

3.3 Chip Response to Layer Adhesion

The sensitivity in the region close to the top of the nanocavities
has been measured by the sequential absorption of molecular
monolayers, each of them characterized by a calibrated thick-
ness. In this way, the direct evaluation of the plasmonic field
profile above the surface has been carried out. The measurement

Fig. 1 (a) Detail of the chip reflectance spectra measured by TM
polarized light at 5 deg incidence angle from the glass side of the sam-
ple when the flow cell is filled with ultrapure water (milliQ) (red dashed
line) or with a 2% NaCl solution (black solid line). (b) Ratio of the
reflectances shown in (a): R(NaCl 2% solution)/R(distilled water)
(black line). The blue dash-dot line corresponds to the quantity
1 − ð∂Rwater∕∂λÞΔλ∕Rwater with Δλ ¼ 1 nm, uniform over the whole
spectral interval. Despite the small vertical shift, the difference
between maximum and minimum is the same for both curves.

Fig. 2 (a) Measured refractive index change with respect to distilled water for NaCl (open circles), glyc-
erol (filled triangles), and ethanol (filled squares) as a function of the solution concentration. (b) Chips
response to NaCl (open circles), glycerol (filled triangles), and ethanol (filled squares) solutions with dif-
ferent concentrations. The plot displays the amplitude changes in reflectance referred to the reflectance
of ultrapure water. (c) Plot in logarithmic scale of the same data as (b) for the low concentration data.
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was performed by alternately injecting on the chip surface a sol-
ution of polyelectrolyte molecules positively and negatively
charged (PDDA and PSS, respectively).

First, the chip was coated with a PDDA layer, which is
immobilized on the surface by the negative charges of the
ppAA pillars. Once the first positive-charged PDDA layer is
deposited, a layer of negatively charged PSS layer is easily
formed. The alternate deposition was repeated for at least 30
times. After each deposition step, the sample surface was rinsed
with flowing water in order to remove residual unbounded
molecules.

The calibration of the thickness of polyelectrolyte layers was
previously carried out by ellipsometry. Polyelectrolyte layers
were deposited on a ppAA-coated, as well as on a gold-coated
flat silicon surface. Ellipsometric measurements performed after
each deposition step allowed for the monitoring of the polyelec-
trolyte film thickness and for the check of the nominal refractive
index value of 1.5.41 The thicknesses of polyelectrolyte layers
grown on ppAA substrate are in agreement with the nominal
values during the first 10 deposition steps (1 and 3 nm for
PDDA and PSS, respectively41). For the following steps, the
film total thickness increases by ∼2 nm each time. This behav-
ior may be due to a nonuniform adhesion of the polyelectrolyte
chains, which could be given by an outstretched or curled con-
figuration, or a nonuniform density of the deposited layers.
When gold is used as a substrate, the thickness measured
after the first deposition step is equal to zero, indicating that
PDDA does not adhere to the gold surface and that the first sta-
ble layer is made of PSS. As observed also for the ppAA sub-
strate, in subsequent deposition steps, the thickness of the film
increases ∼2 nm after each polyelectrolyte layer deposition.

The reflectance characterization of the alternate deposition of
PDDA and PSS on the ppAA-gold nanoplasmonic surface is
shown in Fig. 3. After the first step of PDDA deposition, the
reflectance spectrum changes with respect to that measured
with ultrapure water inside the flow cell, as shown in Fig. 3(a).
The adhesion of the PDDA molecules to the chip determines a
shift of the plasmonic resonances related to both localized and
delocalized mode, which results in two sigmoidal structures cen-
tered, respectively, at 900 and at 590 nm. The 900-nm structure

is attributed to the localized plasmonic modes, while the 590-nm
structure is attributed to the SPP modes. After rinsing with
water, the localized signal decreases, while the signal related
to the SPP modes disappears. This result is in accordance
with the ellipsometric calibration of the PDDA absorption on
gold and ppAA flat surfaces: the PDDA is deposited only on
the ppAA pillar top, where the localized plasmonic modes
are mainly effective due to the distribution of the electric
field. Figure 3(b) reports the signal evolution for the first
four deposition steps. In the second deposition step, the PSS
solution was injected into the flow cell and the signal reached
a stable value after few seconds. The adhesion of PSS molecules
to the sample surface induced an additional shift of the main
spectral features. In the case of PSS adhesion, the amplitude
of the signals related to both localized and delocalized modes
was larger with respect to the amplitudes measured for the
PDDA adhesion due to the higher thickness of the PSS layer
with respect to the PDDA one. The subsequent water rinsing
gave only a slight decrease of the observed signals: in this
case, the spectral feature related to the SPP mode did not dis-
appear since PSS molecules could also adhere to the gold por-
tion of the chip surface. During the third deposition step, the
PDDA molecules adhere to the whole sensor area because of
the presence of the PSS layer. As a consequence, the water rins-
ing gives only a slight decrease of the signals related to both
localized and delocalized modes. A quantitative evaluation of
the localized plasmonic mode signal evolution during the
first four steps of alternate PDDA/PSS deposition was carried
out. During the first deposition of PDDA, the molecules adhere
only to the top of the pillars and produce a signal increase of
∼1.8%; in contrast, the PSS molecules cover the whole chip sur-
face and produce a signal increase of ∼16.5%. Since the PSS
layer has a thickness that is three times larger than that of
the PDDA layer, assuming that the signal increase is linear in
the first few deposition steps, we can deduce that a 1-nm-
thick PSS layer produces a signal increase of ∼5.5%. This
is roughly the value obtained as a difference between the
third (PDDA layer) and the second step (PSS layer). In this
case, the signal measured by covering only the pillar top is
one-third of the one obtained by covering the whole sample

Fig. 3 Chip response to the adhesion of polyelectrolytes monolayers. (a) The spectral changes after the
deposition of the first polydiallyldimethylammonium chloride layer before (solid line) and after (dashed
line) the rinsing with pure water. Red bars indicate the localized mode and surface plasmon polariton
(SPP) signal amplitude. (b) The evolution of the signal around 900 to 950 nm, related to the shift of the
localized mode (filled squares) and the one relative to the SPP mode (open circles), during the first four
steps of the deposition sequence. (c) The signal related to both the localized and SPPmodes after rinsing
for each step, as a function of the increasing thickness of the deposited polyelectrolytes film.
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surface. Such a value appears almost one order of magnitude
larger than what one might expect by considering the bare
ratio of the area occupied by the pillar top to the whole sensor
surface. Such a signal enhancement is due to the localization of
the electric field at the top of the pillar as shown in a previous
publication.31

Figure 3(c) illustrates the signal amplitude recorded after the
rinsing with ultrapure water for both localized and delocalized
modes, displayed as a function of the polyelectrolyte layer thick-
ness after many successive deposition steps. Since the localized
mode is strongly confined inside the dielectric pillar top, its sig-
nal amplitude is plotted as a function of the layer thickness cali-
brated by ellipsometry on the flat ppAA surface. In contrast,
since the SPP mode is mainly supported by the gold surface,
the SPP mode signal amplitude is plotted as a function of the
layer thickness measured on flat gold. Such a distinction affects
only the first few layers. After a layer thickness of ∼50 nm,
which is obtained within the first 20 deposition steps, the signal
amplitude related to the localized mode exhibits a saturation
behavior, i.e., the signal increments are smaller the further
the distance from the chip surface. On the contrary, the signal
related to the SPP mode maintains an almost linear behavior.
Since the signal amplitude is considered proportional to the
effective electric field intensity at the exposed surface, the
saturation behavior allows us to determine the penetration
depth (i.e., the decay with the distance) of the electric field
in proximity of the chip surface. The experimental data of
the localized mode can be fitted by the equation
yðxÞ ¼ Af1 − exp½ð−xÞ∕L�g, where A is a constant related to
the saturation value, x is the thickness of the whole polyelectro-
lyte layer that is progressively deposited, and L is the electric
field penetration depth. The best fit gives a value for the pen-
etration depth of ∼34 nm. This is in agreement with the
value reported in the literature for localized plasmonic
modes, whose penetration depth is of the order of tens of nano-
meters. In contrast, the curve related to the delocalized mode
does not show any tendency of saturation, indicating a larger
penetration value with respect to the localized mode. As a matter
of fact, the values reported in the literature for the penetration
depth of delocalized modes are in the order of hundreds of nano-
meters. The simultaneous presence of localized and delocalized
plasmonic resonances makes the investigated surface sensitive

to two different length scales. This is particularly interesting
for the possibility of detecting small molecules.

3.4 iNPx: Biosensing, Imaging, and Time
Resolution Capabilities

As seen in the previous section, a refractive index increase
occurring within the first tenth of nanometers close to the sur-
face top results in a red shift of the main reflectance minimum.
Reflectance is particularly sensitive to the refractive index
change at the top of the nanocavities, as demonstrated by the
PDDA/PSS absorption experiment.

The refractive index change occurring on the surface of the
chip is monitored by a surface light detector (usually a CMOS
camera). If the surface is illuminated by a light-emitting diode
(LED) source characterized by a smaller (larger) wavelength
than the resonance, the CMOS camera will detect an increase
(decrease) of the intensity of the reflected light. The increase
(decrease) of the intensity of the reflected light is proportional
to the relative variation of the refractive index at the surface. The
image of the refractive index variations on the chip surface is
transferred to the camera as reflectance variations by an optical
imaging coupling system. The system is thus a plasmonic micro-
scope based on nanostructured surfaces. This plasmonic-micros-
copy technology is called Imaging Nanoplasmonics™ (the
trademark has been deposited by Plasmore S.r.l., Ranco
(VA), Italy).

The iNPx device consists of a stand-alone, portable, multi-
plexing, label-free imaging system with integrated optics, fluid-
ics, electronics, and computing [see Fig. 4(a)]. The instrument
weighs 6 kg and has the dimensions of a laptop computer. The
microfluidic setup consists of a dual-automatic syringe system,
for continuous buffer dispensing at a flow variable between 5
and 500 μl∕min, connected to a disposable microfluidic cell
sealed to the nanoplasmonic chip. Injection of the sample liquid
is done by loading a fixed volume loop connected to a 6-port
injection automatic valve. The volume of the cell is 10 μl,
while the dead volume between the loop and the liquid cell
is <1 μl. Images of the sample surface are acquired and analyzed
in real time using an in-house program that enables contempo-
rary acquisition of up to 10,000 sensorgrams of the correspond-
ing ROIs. The fast acquisition time of the camera (35 fps)
enables one to average a large number of frames ensuring, at

Fig. 4 (a) The Imaging Nanoplasmonics instrument used in the present work. The prepatterned plas-
monic chip is plugged into the integrated microfluidic system using the slot on the side of the instrument.
(b) Calibration curve with glycerol solutions for the Imaging Nanoplasmonics instrument.

Journal of Biomedical Optics 017006-6 January 2014 • Vol. 19(1)

Bottazzi et al.: Multiplexed label-free optical biosensor for medical diagnostics



the same time, a good signal-to-noise ratio while maintaining the
necessary time resolution to monitor molecular association and
dissociation events on the surface. The optimal compromise
between time resolution and signal-to-noise ratio can be con-
trolled by the instrument software. The imaging capability of
the system also enables one to make the optimal self-referencing
of the signal in the ROIs in order to compensate and correct
temperature, flow, illumination, or electronics drifts. This is a
further extension of the referencing procedure described in
Sec. 3.1. The sensitivity of the device to the refractive index
changes has been measured by using glycerol solutions. A cal-
ibration curve of the instrument is shown in Fig. 4(b). The
instrument is able to detect a signal down to 4 RU
(1 RU ¼ 10−6 RIU).

The experimental steps of the Ab-FLAG binding and regen-
eration cycle (table in Fig. 5) were monitored with proprietary
software and enabled the real-time acquisition and visualization
of selected ROIs. In particular, the sensorgrams of 12 ROIs, 11
FLAG functionalized spots, and 1 in reference region (Fig. 5)
show a stable baseline and <0.1% RMS noise. Once the Ab-
FLAG is injected by the automatic injection valve, the reflec-
tance increases proportionally to the amount of molecules
immobilized on the different ROIs. The signal amplitude satu-
rates 100 s after the injection. The response is homogenous
across the field of view, and the average value of the reflectance
change measured in all the FLAG functionalized spots is 3.81%
with a standard deviation of 0.17%. The FLAG-Ab-FLAG bind-
ing was successfully broken with 10 mM NaOH, resulting in a
complete regeneration of the surface. Decreasing concentrations
of Anti-FLAG were successively injected (not shown), resulting
in a calibration curve. The value of the KD for the FLAG-Ab-
FLAG interaction extrapolated from the calibration curve is
0.02 μM, which is in accordance with the value found in the
literature.42

With a ½-in., 2048 × 1280 pixel camera, the lateral resolu-
tion (or the single pixel dimension) achievable with the iNPx
system (zoomed picture of one FLAG functionalized spot) is

6.25 μm. Since the current field of view is of 13 × 8 mm, the
maximum theoretical multiplexing capability results seems to
be of >1 million individual spots. Such a multiplexing capacity
can only be achieved using microarrays produced with digital
micromirror device–assisted synthesis that reach 10 μm
resolution.

3.5 Proof-of-Concept of Diagnostic Application

According to the procedure described in Sec. 2.4, Ab-PTX3
selective immobilization has been provided inside four of the
seven channels of the microfluidics device. The bright field opti-
cal image of the device is reported in Fig. 6(a). Then, the chip
was mounted in the liquid cell and scanned with the iNPx instru-
ment. The plasmonic image of the surface in air [Fig. 6(b)] gives
the index contrast between air (n ¼ 1) and the PDMS (n ¼ 1.5)
gasket of the liquid cell in contact with the surface. The PBS
buffer was then continuously dispensed to the liquid cell by
the microfluidic system at a constant rate of 30 μl∕min.
After the acquisition of the baseline, the BSA at 1% (percentage
in volume) was injected into the cell as a blocking agent for
unreacted chemical groups on the surface. The difference
image between the frame at t ¼ 600 s and the reference picture
at t ¼ 0 s shows a strong reflectance contrast between the differ-
ent regions of the surface [Fig. 6(c)]. In particular, the negative
control channels show a higher reflectance and result brighter in
the image compared to the Ab-PTX3 functionalized channels
[Fig. 6(c)].

After having recorded a new reference image, and restarted
the acquisition, PTX3 at 100 ng∕ml was injected in the cell for
10 min. As shown in the sensorgram reported in Fig. 7(a), chan-
nels with the Ab-PTX3 immobilized exhibit a slightly higher
reflectance with respect to the negative control channels. This
indicates a specific recognition of the antigen by the immobi-
lized antibody. Nevertheless, a small nonspecific binding of
molecules can be seen in the negative control channel too.
The surface is then rinsed by the reference buffer, which

Fig. 5 The sensorgrams for the Ab-FLAG detection from 11 ROIi corresponding to FLAG spots and 1
ROI corresponding to the negative control (orange curve) are shown. The corresponding acquired pic-
tures for the three phases are reported above the plot in order to show the imaging capability. The
detailed resolution of one spot is shown in the right side.
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removes the unbound/not-specifically immobilized PTX3 mol-
ecules on the reference channels. On the other hand, the PTX3
molecules immobilized by the Ab-PTX3 were stable on the sur-
face, showing a high affinity with the antibody.

We can conclude that the stable signal (after rinsing) related
to the PTX3 recognition inside the Ab-PTX3 immobilized chan-
nels corresponds to a 0.1% variation of reflectance, while the
signal in the negative control channel is considerably smaller.

In order to amplify the specific immobilization-related signal
in the Ab-PTX3 functionalized channels, and confirm the speci-
ficity of the detection, a secondary antibody was injected onto
the chip at a concentration of 10 μg∕ml. Figure 7(a) reports also
the evolution of the signal after this further step. When the sec-
ondary antibody is injected and after the rising with the buffer,
the reflectance change with respect to the baseline rises to
∼0.3%, confirming the specificity of the PTX3 recognition.
The difference image in Fig. 7(b) corresponds to the difference
between the image at t ¼ 1600 s and the image at t ¼ 900 s. It
is possible to notice how the specific recognition of the Ab-
PTX3 inside the Ab-PTX3 functionalized channels results in
a higher reflectance and how the signal is homogenous in the
four Ab-PTX3 functionalized channels.

4 Conclusions
In this paper, we characterized a new label-free multiplexed bio-
sensing instrument based on the special optical properties of a
nanostructured chip consisting of a lattice of polymeric pillars
embedded in a gold matrix and an integrated imaging device.
The characterization of the biosensing performance of the
instrumentation has been carried out with the following steps:

1. Characterization of the sensitivity of the nanostruc-
tured chip by means of spectroscopic techniques.
By an accurate analysis of the spectral response
of the chip, it was possible to detect a refractive
index variation of 10−6 RIU (1 RU). These results
reveal a sensitivity and a dynamic range for these sur-
faces, which is comparable with state-of-art SPR
sensors.

2. Characterization of the localized (above the nanopil-
lars) and delocalized (SPP) plasmonic modes in
terms of electric field profile above the surface by
means of the sequential deposition of polyelectrolyte
layers. The sensitivity of the localized modes is eight
times larger than the one showed by the SPP mode.
The measured penetration depth for the localized
mode was found to be 34 nm, a much lower value
with respect to that for the SPP. This overcomes
some limits of the traditional SPR technique and
opens the way to the detection of small analytes.

3. The optical setup used for the characterization of the
sensing performance of the surfaces can be transferred
to a miniaturized version, enabling the imaging of the
surface. By using (quasi) monochromatic light
sources, like LEDs, tuned across the spectral position
of the localized plasmonic resonance, the detection in
real time and with a microscopic resolution of the
refractive index variation occurring on a large area
of the chip becomes possible. This optical setup rep-
resents the technological core of the iNPx device. In

Fig. 7 (a) Typical sensorgrams for one of the Ab-PTX3 functionalized channels (black curve) and a neg-
ative control channel (red curve). (b) Reflectance variation measured after the rinsing of the chip with
buffer. The signal is stable and homogenous inside the channels functionalized by the Ab-PTX3, while
the reference channels go back to zero level as shown in the sensorgram.

Fig. 6 (a) Optical picture of the microfluidic device mounted on the plasmonic chip for surface biological
patterning. (b) Plasmonic image of the patterned chip inserted in the liquid cell of the fluidic system of the
iNPx instrument. (c) Ratio of the plasmonic images taken at t ¼ 600 s and t ¼ 0 s for the blocking step.
The functionalized and control channels are put into evidence.
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this instrumentation, the optical module, the microflui-
dics module, the electronics, and the data analysis
have been integrated in a unique stand-alone portable
device. The system sensitivity has been shown to
attain 4 RU (a competitive value with other SPR im-
aging devices). The imaging and multiplexing capabil-
ities have been characterized by using a model
biomolecular interaction showing high affinity. The
system is able to contemporarily detect in real time
the sensorgrams of different ROIs distributed over
an area of 13 × 8 mm with a resolution of 6.25 μm.
The in-house developed software enables detection
of up to 10,000 ROIs at the same time.

4. The sensing and the imaging capabilities of the iNPx
device have been exploited for the proof-of-concept
rapid detection of a diagnostic marker. The results
obtained in the proof-of concept experiment show
that the iNPx system is able to specifically detect in
a sandwich assay format molecules such as the long
pentraxin PTX3 within half an hour and with clinically
relevant concentrations (100 ng∕ml). The basal value
in blood for PTX3 is normally very low, ∼2 ng∕ml,
but considerably increases for patients with severe sep-
sis with values up to few hundreds of ng∕ml.34,35 In
our case, the extreme rapidity of the clinical response
represents a crucial advantage of the technology since
the effective delay between the sample collection and
the clinical result is <30 min. Moreover, the multi-
plexing capability of the iNPx enables the combined
detection of different diagnostics markers on the
same chips. The analytical validation of the iNPx tech-
nology for the detection of PTX3 and other inflamma-
tory markers is under development, as well as the
clinical validation. These promising results pave the
way for the extensive use of the iNPx technology
as a powerful and cost-effective diagnostic tool in
the field of human health and consumer protection.
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