
Chapter 2
Introduction to Label-Free Biosensing

This section of the thesis introduces the fundamental concepts related to label-free
biosensing and the theoretical concepts related to the resonant photonics employed
in this thesis. Starting with an introduction to conventional approaches of molecu-
lar detection and medical diagnostics, a range of single-mode label-free biosensing
techniques are then presented. The theoretical frameworks that underpin photonic
waveguide-based detection strategies are discussed, which then serves to understand
and explain the sensing principle of the devices discussed in later chapters. This
is followed by an introduction to the most widespread dual-mode sensing princi-
ples, namely electrochemical detection combined with optical or acoustic sensing. A
presentation of dual-mode electro-photonic silicon biosensing is then given before
concluding the chapter with an introduction to functionalisation techniques using
self-assembled monolayers.

2.1 Motivation

Biosensors that are able to detect disease specificmolecular biomarkers play a crucial
role across healthcare, from initial diagnosis to optimising andmonitoring treatment.
Such biosensors need to be able to quantify biological molecules specifically and
selectively and with high temporal resolution to accurately monitor their evolution.
This combination of requirements can be extremely challenging as a large number of
different molecules are present in a clinical sample while only a single one, or a small
group of molecules being markers of a specific disease. In addition, it is envisaged
that with the introduction of personalised medicine, biomarker profiles rather than
individual biomarkers will be required. A highly sensitive, selective and multiplexed
biosensing platform is therefore needed to meet all of these requirements [1].

Moreover, many biochemical analytes, including DNA, RNA, proteins, viral cap-
sides, and small molecules are sometimes present at concentration orders of fg/ml
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to pg/ml together with other molecules. Biosensor technologies must therefore be
highly sensitive.

Detecting biological analytes directly and specifically according to physical prop-
erties (such as physical size,mass or charge) is extremely challenging.Most biochem-
ical assays thus exploit the high affinity of a ‘receptor molecule’ towards a specific
biomarker. For example, in the case of protein detection, this receptor molecule is
typically an antibody raised against the specific protein antigen while a complemen-
tary single stranded DNA is used for specific DNA detection. Following binding to
the target molecule, the receptor molecule can be functionalised with a ‘label’ that is
easy to measure and quantify, for example an enzyme that produces a colorimetric
response as in the well established Enzyme-Linked ImmunoSorbent Assay (ELISA)
[2] technology which enables the detection and quantification of specific antigens in
a sample (Fig. 2.1). Particularly, detection at subfemtomolar concentrations has been
reported using this assay [3].

The first step in an ELISA assay (Fig. 2.1, 1) is the immobilisation of antibodies
at the surface of a well (typically these kind of assays are performed in microwell
plates or reaction tubes). The sample containing the complementary antigen is added,
leading to the formation of antibody-antigen complexes (Fig. 2.1, 2). Thereafter,
the surface is washed with a detergent solution that removes material bound non-
specifically to the surface. After this, a second monoclonal antibody which binds
to a different region of the target is added (Fig. 2.1, 3). This secondary antibody is
modified to carry a reporter enzyme designed to produce a color change when the
enzyme reacts with its substrate. If the antigen is present, a complex will have been
formed that includes the antibody bound to the well, the antigen and the enzyme-
conjugated antibody (Fig. 2.1, 4). To conclude the assay, the specific enzyme substrate
is added to produce a visible signal proportional to the quantity of antigen present in
the sample (Fig. 2.1, 5).

Even though labels have been essential for implementing nearly all biochemical
and cell based assays, this technique presents several practical drawbacks. Firstly,
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Fig. 2.1 Followed steps to perform an indirect ELISA assay
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Fig. 2.2 Example of a label-free sensor transducer. Antibodies (red) and antigen (blue) are immo-
bilised on the surface of the sensor

labelling assays only provide endpoint read out, and do not allow continuous moni-
toring. It is thus not possible to provide information on the binding kinetics. Secondly,
themultiplewashing stages required between each step of the assay often complicates
the required sample preparations, reducing the effective throughput and increasing
the cost. And finally, the need to identify and produce two different antibodies that
recognise different regions of the same target significantly increases the complexity
of establishing a reliable assay.

Due to the above considerations, there has been a drive to develop label-free
biosensors that reduce assay cost and complexity while providing quantitative infor-
mation with high throughput. Label-free methods allow to continuously monitor
the affinity reaction, providing highly quantitative measures of binding affinity and
kinetics [4] and the variation in biomarker concentration over time. Label-free assays
are typically surface-based, where the surface of a transducer is functionalised with
a layer of receptor molecules. The assay development is also significantly simpli-
fied, particularly for highly multiplexed arrays, since only one recognition element
is required for each analyte.

The sensor itself consists of a transducer, where the binding event causes a change
in a physical property of the sensor which is subsequently measured (Fig. 2.2).

2.2 State-of-the-Art Label-Free Technologies

Here I provide a brief overview of some of the most prominent transduction tech-
nologies for label-free biosensing applications, while highly relevant publications
are also deeply discussed in specific contexts within each chapter of this thesis.

Currently the most widespread and well-known example of label-free biosensor
technology is surface plasmon resonance (SPR) [5],which directlymeasures the local
refractive index change induced by biomolecular interactions at a gold surface using
surface plasmon waves. Surface plasmons are charge density oscillations that can be
excited optically. A number of commercial technologies based on this technique has
already been developed by industrial companies such as Biacore (a division of GE
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Healthcare), GWC Technologies, IBIS Technologies, Toyobo, GenOptics, SensiQ
and Bio-rad. The best limits of detection (typically around 0.1 pg/mm2 or ng/mL for
protein interactions [5–8]) are obtained when interrogating the sensor with angular
or wavelength spectroscopy, but then only up to ten measurements can be performed
simultaneously [9], limiting the degree of multiplexing and throughput.

With the prospect of providing a robust and practical technology that can deliver
limits of detection that rival that of SPR spectroscopy,while still allowing high degree
ofmultiplexingwith small fluidic sample consumption and high throughput, multiple
technologies have emerged in the last decades.

For instance, sensors based on optical diffraction gratings can measure refractive
index changes induced by molecular interactions through a shift of the diffraction
wavelength in a fixed direction. They can bemass produced cost-effectively, and also
commercial systems for high throughput cell-based assays and drug development are
offered bySRUBiosystems andCorning.Nevertheless, simultaneous interrogationof
a large number of wells of themicrotiter plate in parallel requires optical imaging that
only offers end-point read-out [10], instead of the real-time binding curves necessary
for analysis of binding kinetics and affinity. Additionally, no highly multiplexed
quantitative proteomics at clinically relevant limits of detection has been reported to
date.

The potential advantages of integrated photonic sensors have also been exploided
in the last decades. They can be easily miniaturised and they offer high potential
for chip integration, while showing extremely high sensitivities (pM in a label-free
scheme [7, 11, 12]). They also offer a high degree of flexibility in the materials
and structures selection, while allowing the fabrication of arrays of sensors with the
same characteristics within the same chip for multiplexing analysis. In the case of
using silicon photonics technology, they provide additional advantages as are low
power consumption and potential for mass production with subsequent reduction of
production costs.

Electrochemical label-free techniques (Sect. 2.3.1), such as impedance biosen-
sors and field-effect transistor sensors based on nanowires and carbon nanotubes, are
well-suited for highly sensitive integrated systems (for instance, detection of fg/mL
concentration values has been reported [13]). However, their performance often dete-
riorates at physiological ionic strengths (0.15 M), requiring desalting of the sample
prior to the measurement [14].

2.3 Single-Domain Techniques

A number of strategies have been developed for transducing biomolecular binding
between a surface immobilised probe molecule and a target biomarker in solution,
including acoustic, electrical or optical sensing principles. Sensing systems which
transduce the binding event via a single sensing mechanism can be classified as
“single-domain” techniques. This section reviews the most established electrical and
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photonic waveguide-based single-domain sensing systems. In-depth reviews of these
sensors can be found in [15, 16].

2.3.1 Electronic Biosensing

A large number of mechanisms can be exploited to transduce a biochemical sig-
nal to the electrical domain. Depending on how this transduction is done, a broad
subdivision into six classes can be suggested: amperomic/voltammetric biosensors
[17], potentiometric biosensors [18], conductometric biosensors [19], impedance
biosensors [20] and field-effect transistor (FET) biosensors [21].

Amperomic/voltammetric biosensors measure the change in peak redox current
(either oxidation or reduction) of a perturbed capture molecule immobilised on an
electrode surface.Here, the capturemolecule needs to be an enzyme forwhich the tar-
get is the corresponding enzyme substrate. A notable example is the electrochemical
detection of glucose (diabetes biomaker) which employs the enzyme glucose oxi-
dase. Since Clark proposed the first enzyme glucose biosensor in 1962 [22], the field
received considerable attention which has lead to fast, sensitive (limits of detection
down to 0.18µM have been reported [23]) and reliable glucose biosensors [24].

Potentiometric biosensors exploit ion-selective electrodes whose potential
responds selectively to the concentration of a given ion. Operated under conditions of
negligible current flow, this electrode measures the accumulation of charge versus a
reference electrode immersed in the analyte solution. In order to apply this principle
to biosensing applications, for example the detection of proteins, one has to relate
any change in the local concentration of ions at the electrode surface to the binding
of the pointed molecules. This technique is capable of operation at extremely low
detection limits (below ng/mL) as demonstrated in [25], although in this particular
case the high sensitivity is achieved at the expense of throughput (10h).

Conductance sensors employ a measurement of current flow (i.e. conductance)
across a supporting solution that bridges two electrodes. To perform a test using this
approach, one needs to link any change in the flow of charge through the substrate
(e.g. a nanowire [26]) to the binding of a target to a capture molecule immobilised
on the electrode surface. For example, a highly sensitive, conductometric label-free
biosensor has been reported based on polyaniline nanowires between goldmicroelec-
trodes pairs on silicon [27]. The immobilisation of the immunoglobulin E aptamer
onto the engineered nanowire enabled detection of immunoglobin at concentration
as low as pg/mL [27].

The most widespread technique employed by the electrochemistry community to
sensitivelymonitor variations on the resistivity/charging capacity of an electrochemi-
cal interface is thewell-knownElectrochemical Impedance Spectroscopy (EIS). This
technique employs a small sinusoidal potential superimposed on aDCbias to an elec-
trochemical cell whose impedance is measured as a function of the frequency. The
complex impedance, which is defined as Z(ω) = X (ω) + iY (ω) where i equal
to

√−1, reveals information about the dielectric medium between the electrodes.



12 2 Introduction to Label-Free Biosensing

Z(ω) can be modelled as simple equivalent circuit where each component relates to
different sections of the dielectric medium as depicted in Fig. 3.15.

When there is a redox related charge transfer across the electrode interface dur-
ing measurement (Faradaic EIS), published assays employing immobilised surface
antibodies are capable of sub ng/mL detection limits for a wide range of targets in
aqueous solutions [28–31]. A simpler and potentially more suitable approach for
practical applications is found with the absence of this redox probe (non-Faradaic
EIS). Employing this technique, M. Dijksma and co-workers [13] were able to detect
a biomarker for autoinflammatory and autoimmune disease with a sensitivity of 0.02
fg/mL.

Devices based on field-effect transistors (FETs) have also attracted great attention
due to their ability to directly translate the interactions between targeted biological
molecules and the FET surface into readable electrical signals [21]. In a standard
FET, current flows along a semiconductor path (the channel) that is connected to two
electrodes, (the source and the drain). The channel conductance between the source
and the drain is switched on and off by a third (gate) electrode that is capacitively
coupled through a thin dielectric layer. They can be sufficiently sensitive to achieve
protein detection down to pg/mL or even lower levels [32].

Arrays of electrical biosensors have been demonstrated based on some of the
detection strategies described previously. These arrays seek to find patient “finger-
prints” through the quantification of several tens of makers [33]. For example, simul-
taneous and real-time detection of three cancer biomarkers has been demonstrated
with the use of three antibody modified FET devices with concentrations down
to pg/mL [14]. Table2.1 provides a summary of the different levels of sensitivity
obtained by the electrical biosensors discussed in this section.

In contrast to the electrical sensing platform, optical waveguide-based label-free
biosensors allow for sophisticated and compact transducers due to the high con-
finement of light into the waveguide. These optical label-free biosensors evaluate
changes in the propagation velocity of electromagnetic fields due to the presence of

Table 2.1 Summary of the different levels of sensitivity obtained by the electrical biosensors
discussed in this section. PB stands for phosphate buffer solution, while PBS for phosphate buffer
saline solution. All the sensitivity values reported here were reported without any amplification
method

Sensor type Analyte Sensitivity Analyte Reference

Amperomic Glucose 32.4 ng/mL PB [23, 24]

Potentiometric Vascular endothelial
growth factor

17.35 pg/mL PB [25]

Conductance Immunoglobin 0.56 pg/mL PBS [27]

Non-faradaic
EIS

Protein interferon
gamma

0.02 fg/mL PB [13]

FET Carcinoembryonic
antigen (CEA)

0.5 ng/mL PBS [32]

http://dx.doi.org/10.1007/978-3-319-60501-2_3
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biological particles. They translate changes in the propagation speed of light into a
quantifiable signal proportional to the amount of biological material present on the
sensor surface.

2.3.2 Photonic Waveguide-Based Detection Strategies

Sophisticated and compact label-free biosensors based on optical waveguides exploit
the high confinement of light in a waveguide to transduce a biomolecular binding
event. Such optical label-free biosensors evaluate changes in the propagation velocity
of electromagnetic fields due to the presence of biological particles and translate
changes in the propagation speed of light into a quantifiable signal proportional to
the amount of biological material present on the sensor surface.

Recently, integrated photonic components based on silicon have become some of
the most promising photonic integration platforms. This promise can be attributed
to the combination of very high index contrast and the availability of CMOS fabri-
cation technology, which enables the developments and facilities developed for the
fabrication of microelectronics to be applied to Photonic Integrated Circuits (PICs)
[34]. In this way, it is possible to design and optimise optical label-free biosensors
exploiting the most recent progress in the PIC field.

2.3.2.1 Electromagnetic Waves

All the properties of electromagnetic waves, and their interaction with matter, are
dictated by the four Maxwell equations [35]. In these equations, light is defined as
an electromagnetic wave consisting of sinusoidally-varying electric (E) and mag-
netic (B) fields. Both fields have the same frequency (ν), are in phase and oscillate
perpendicularly to each other. Light then propagates through space on a direction
perpendicular to both E and B and is described by the orientation of the ‘k-vector
(k), such that E, B and k are all orthogonal for a plane wave. The ‘wavenumber’

(|k|) can be understood as a spatial angular frequency: k = 2π

λ
, where λ is the

wavelength, and the temporal angular frequency being ω = 2πν. Therefore, the
Maxwell equations describe the propagation of light in vacuum (where there are no
sources or existing electrical charges or currents):

� · E = 0 (2.1)

� · B = 0 (2.2)

� × E = −∂B
∂t

(2.3)
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� × B = μ0ε0
∂E
∂t

(2.4)

where t , μ0 and ε0 represent the time and the vacuum permeability and permittivity,
respectively. For the vacuum case, the two divergence Eqs. (2.1 and 2.2) state that
there are no sources or sinks of E or B fields, while the two curl Eqs. (2.3 and
2.4) indicate that an oscillating magnetic field induces an oscillating electric field,
while an oscillating electric field induces an oscillating magnetic field. Thus, due to
these inductions between fields, electromagnetic waves do not require a medium in
which to propagate. Maxwells equations are coupled first-order partial differential
equations, but they can be decoupled to yield separate second-order equations for E
and B [35]:

�2E = μ0ε0
∂2E
∂t2

(2.5)

�2B = μ0ε0
∂2B
∂t2

(2.6)

These take the form of equations describing awave that has a propagation velocity

of
1√
μ0ε0

, which equals to speed of light in vacuum (c ≈ 3× 108ms−1). When an

electromagnetic wave passes through a dielectric material, the speed at which light
propagates is altered due to the change in the permeability and permittivity of the
material (μ and ε, respectively), which is defined as:

1√
με

= c

n
; n =

√
με

μ0ε0
(2.7)

being n the refractive index of the material, which represents how the propaga-
tion velocity is reduced compared to the vacuum velocity c. When the electromag-
netic wave faces an interface with a material of different ε, the boundary conditions
imposed by Maxwell’s equations give rise to Snell’s law of refraction and the Fres-
nel equations, which predict the reflection behaviour of light at a dielectric interface.
Moreover, the time-space dependency inMaxwell’s equations can be separated due to
their linearity. Furthermore, by considering monochromatic harmonic waves (waves
with a single frequency ω), they can be solved as:

E(r, t) = E(r)e−iωt (2.8)

B(r, t) = B(r)e−iωt (2.9)

The conformation of the spatial profile E(r) depends on the spatial distribution of
ε, and the knowledge of this allows the spatial mode profiles (mode distribution) to
be calculated by treating Maxwells equations as an eigenvalue problem. Following
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this approach, the resulting mode profiles are the eigenfunctions of the system, while
the frequencies (ω) of the modes are the corresponding eigenvalues.

2.3.2.2 Silicon Waveguides

A waveguide is a structure that guides the propagation of waves, such as electro-
magnetic waves or sound waves. In this work, a waveguide guides light over the
chip by total internal reflection (from Snell’s law of refraction). It is based on a high
refractive index core (n2 in Fig. 2.3) surrounded by a low refractive index cladding
(n1 and n3 in Fig. 2.3). Here, the high refractive index core is made of silicon while
the cladding compromises both air and silicon dioxide.

The waveguide can guide multiple optical modes depending on whether the major
electric field component is along the transverse direction (transverse electric modes,
quasi-TE modes), or the major magnetic field component is along the transverse
direction (transversemagneticmodes, quasi-TMmodes) [36]. Eachmode propagates
across the waveguide with a phase velocity c

nef f
, where nef f the effective refractive

index perceived by the mode. As long as the effective refractive index is larger than
the largest refractive index of the cladding (1.44 at 1.55 µm for silicon dioxide
(SiO2)), the mode is guided and confined in the waveguide. The higher the effective
refractive index, the stronger the confinement.

Power can be transferred between multiple guided modes as light propagates
through the waveguide, causing undesired interference effects that distort the trans-
mission spectrum of optical components. To avoid such power transfer, waveguides
need to be made sufficiently narrow to limit the number of modes [36]; typically,
we use waveguides that only support a single-mode for each polarisation. If the dif-
ference between the effective refractive index of the two remaining quasi-TE and
quasi-TM modes is large, coupling between these modes will be limited because of
the phase mismatch and very different mode profiles. For widths under 520nm, the
silicon photonic waveguide studied here will be single-mode for each polarisation
[36].

The dimensions of these waveguides (typically around 500× 220 nm) at the
wavelength of 1.55 µm support the propagation of the quasi-TE mode (Fig. 2.4),
which enables very compact and high-performance sensors as a result of this high
confinement.

Si
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3

Fig. 2.3 Cross section profile of a waveguide on a substrate with air cladding. A high-refractive-
index core (n2) is surrounded by low-refractive-index media (n1 and n3) to confine the optical mode
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Fig. 2.4 Illustration of the
high mode confinement in a
standard waveguide for TE
polarised light

Si
SiO2

220 nm

500 nm

Due to the fact that the propagation constant (nef f ) of an optical mode is obtained
together with the mode profile as a solution of the Maxwells equations to the mate-
rial system via an eigenvalue equation (Sect. 2.3.2.1), it is then conceived that this
nef f will change when the conditions at the waveguide are modified (as occurred
when molecules bind to the surface of a waveguide). Perturbation theory states that
a change in ε(r) leads to a change in the propagation constant relative to the size of
the fields at the perturbation. Therefore, given that the fields at these perturbations
exponentially decrease away from the core of the waveguide, these evanescent tails
of the modes effectively sense the action close to the waveguide. This is, for most
waveguide systems, a distance of the order 0.1 − 1µm, and is known as the ‘pene-
tration depth’. This sensing phenomenon is called ‘evanescence wave sensing’, and
can be evaluated by any of the waveguiding optical properties (polarisation, inten-
sity, phase, resonance…). In Sect. 2.3.2.5, this sensing mechanism will be discussed
in-depth for the sensors employed throughout this thesis.

Another important factor to consider is the waveguide dispersion. Dispersion
means that the effective refractive index of a waveguide is strongly dependent on
the wavelength. In ring resonator sensors, dispersion plays an important part as we
will discuss. The group refractive index of an optical mode is a useful parameter as
it takes first-order dispersion into account:

ng = nef f − λ
dnef f
dλ

(2.10)

with nef f the effective refractive index and λ the wavelength in vacuum.
Here, all optical modes have a normal first-order dispersion, with a group refrac-

tive index that is larger than the effective refractive index. In particular, the group
refractive index (ng = 4.35) of the a quasi-TEmodewaveguide, as used here, is nearly
twice the effective refractive index (nef f = 2.33), highlighting the importance of the
dispersion.

2.3.2.3 Integrated Optical Label-Free Biosensors

Optical waveguides are able to transduce binding events (biochemical signals) into
the optical regime; interferometric waveguide sensors (such as Mach-Zehnder inter-
ferometers [37] and bi-modal waveguide sensors [38]), photonic crystals (PhC) [39],
slot-waveguides [40–42] and ring resonators [43] are examples of this capability. Ini-
tially, biosensing performedwith integrated optical deviceswasmainly carried out on
Silicon-On-Insulator (SOI) substrates. However, due to the strong water absorption
at the operating wavelength of this silicon devices (which limits the performance of
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the sensing devices), integrated optical biosensing is nowadays primarily performed
on silicon nitride based devices. Here I present a brief review of the biosensing per-
formed with the most widespread and commonly employed devices, while I refer to
[11, 12] for very comprehensive reviews of integrated optical label-free biosensors.

Mach-Zehnder interferometers (MZI) utilise the interference between two light-
waves of equalwavelengthwhere one of themhas experienced a phase delay.Depend-
ing on the amount of phase delay (induced by the refractive index medium or optical
path length), the optical waves will interfere constructively or destructively. There-
fore, functionalising just one of these optical paths, binding events will change the
refractive index locally and will induce a shift in the transmission spectrum. MZI
have been shown to be able to detect refractive index changes of 10−7 RIU [37] and
concentrations down to 1 fmol/µL using a silicon nitride substrate [44], while their
use for the implementation of labonchip platforms has also been reported [45].

Contrary to MZI, bimodal waveguide interferometry sensors employ a single
waveguide to perform the transduction of chemical events. In these sensors, two
areas within the waveguide are employed: one operating in a single-mode regime,
and a second one that supports two modes (zero- and first-order modes). As the
evanescence field has a different distribution for each of the areas, they propagate at
different velocities depending on the refractive index of the overlayer. In this way,
the interference pattern at the exit of the waveguide changes if the refractive index
varies, for instance, as a consequence of a biointeraction event. With this simple
approach, based on a silicon nitride substrate, refractive index changes of 10−7 RIU
[38] and concentrations down to 30 pg/mL of human growth hormone (HGH) [12]
have been reported.

PhCs are basically structures with a periodic arrangement of material of different
dielectric constant. The periodicity of the structure is very important as it defines
the wavelengths that it can support. This periodicity can occur in 1D, 2D or 3D,
yet we will discuss 2D structures which are the most widespread configurations. 2D
structures have a varying dielectric function in two directions. Typically, triangular
or square lattice of air holes are created in semiconductor materials such as silicon.
When waves move through such periodic structures they scatter and interfere with
themselves.When interference occurs, it results in the diffraction of thewave, forcing
it to be sent out of the structure. When interference does not occur (waves that are
physically supported by the periodic structure), waves continue to propagate through
the structure. In such structures, light can be confined to high quality factor (Q-factor)
cavities, directed, split and even slowed down. Their transmission spectrum contains
a photonic bandgap in which almost all of the light is reflected for a wavelength
range determined by the period of the lattice. Hence, they can be thought of as very
efficient wavelength dependent mirrors, with frequencies within the bandgap being
strongly reflected. Four detection strategies are used for the detection of biomarkers
using PhCs: band-edge detection [46], defect based devices [47], resonant gratings
[48] and angular spectrum sensing [49].

As an example of the high sensitivity detection which these devices can achieve, a
defect-based PhC can detect 2.5 fg/mL of Bovine Serum Albumin (BSA) [50]. PhC
can also be used for a wide range of interesting biosensing applications. For example,
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they can be placed on a fiber facet for in-situ sensing [51], used as a sensing device
in an imaging method for detection of cancer cell cytotoxicity and proliferation [52]
or for resonant surface imaging with high spatial resolution [53]. In the literature,
we can find examples of optical biosensor arrays based on PhCs. A method to create
large-scale chip-integrated photonic crystal biosensor arrays is demonstrated in [54].
In this example, four defect microcavities are able to sense binding events with 3.35
pg/mL concentrations.

Slot-waveguide sensors consist of two slabs of high refractive index substrates
distanced by a nanometer-scale low refractive index slot region and surrounded by
low refractive index claddingmaterials in such a way that light is strongly confined in
the slot region. Due to this strong confinement, a stronger light-matter interaction can
be achieved within this region as compared to conventional rib or planar waveguides,
which results in an enhanced bulk sensitivity. Different slot-waveguide structures
have been developed with different structures such as ring resonators [42], photonic
crystals [41] and microdisk resonators [40]. However, despite the enhanced light-
matter interaction, moderate sensitivity have been reported (changes of 10−6 RIU
[41] and detection of 30 ng/mL [40]) due to the experimental noise of these systems
which limits their sensitivity.

In summary, MZIs present very high sensitivity, however they require large foot-
prints which is limiting for the fabrication of highly dense multiplexed arrays of
sensors. PhCs also exhibit extremely high sensitivities due to the strong localisation
of the light mode, nevertheless they are very sensitive to fabrication deviations. On
the other hand, ring resonator based biosensors have also been extensively examined
and also used in commercial products [55], which are more tolerant to fabrication
deviations than MZIs and PhCs while still showing high quality resonant factors.
This resonant structure, frequently used in integrated photonics, will support our
work and is presented in the next section. Finally, a comparison between the differ-
ent sensitivity levels obtained with the optical sensing techniques presented in this
section is given in Table2.2.

Table 2.2 Summaryof the different levels of sensitivity obtainedby the optical biosensors discussed
in this section

Sensor type Analyte Limit of detection
(RIU)

Sensitivity Reference

MZI DAPK gene 10−7 ≈1pg/mL [44]

Bi-modal
waveguide

HGH 10−7 30 pg/mL [38]

PhC BSA 10−5 12.5 fg/mL [50]

PhC array Avidin 10−4 3.35 pg/mL [54]

Slot-waveguide
µdisk

Streptavidin 10−6 30 ng/mL [40]

Slot-waveguide
PhC

Streptavidin 10−6 15 ng/mL [41]
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2.3.2.4 SOI Ring Resonator Biosensors

Biosensors based on photonic ring resonators have been extensively examined and
used in commercial products such as Genalyte [55]. Due to the fact that this resonant
structure is robust to fabrication deviations and exhibit high quality resonant factors,
it will be used extensively throughout this thesis.

In general, a ring resonator consists of a ring-waveguide and a couplingmechanism
to access the loop. A mode propagating through the loop constructively interferes
with itself when its wavelength fits an integer number of times in the loop. In other
words, the cavity is in resonance when waves that travel in the loop have a round
trip phase shift which equals an integer time 2π . Thus, the ring is in resonance at
wavelengths λres :

λres = nef f L

m
,m ∈ N (2.11)

Here, nef f is the effective refractive index of the resonant mode and L is the
physical round trip length of the ring resonator. To provide access to its resonance
modes, one or more access waveguide are placed next to the ring cavity. Depending
on the number of these access waveguides, the whole configuration is called all-
pass ring resonator (one access waveguide) or add-drop ring resonator (two access
waveguides).

An all-pass ring resonator is a ring resonator in which a fraction k of the field
that is propagating through its access waveguide is coupled into the cavity loop
(Fig. 2.5). Without considering losses, the amplitude of this coupled wave is related
to the coefficient r = √

1 − k2 [56].
The basic spectral properties of an all-pass ring resonator can be derived by assum-

ing continuous wave regime and matching fields [56]. Assuming that reflections are
negligible, L the physical round trip length of the ring cavity, a the single-pass
amplitude transmission (including propagation losses in both the ring and in the cou-
plers), it is possible to obtain the power transmission from squaring the ratio of the
transmitted electrical field and the incident electrical field in the continuous wave
regime:

Fig. 2.5 All-pass ring
configuration

input passr

k

a
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Fig. 2.6 Transmission
spectrum of an all-pass ring
resonator, showing dips at
the resonance wavelengths
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= a2 − 2ar cos( 2π
λ
nef f (λ)L) + r2

1 − 2ar cos( 2π
λ
nef f (λ)L) + (ar)2

(2.12)

Under the assumption of a lossless ring (a = 1), the power transmission is unity
for all wavelengths, hence the name all-pass ring resonator. However, in a practical
case, where a < 1, thus the transmitted power presents minimum values at the
resonance wavelengths (Fig. 2.6), due to destructive interference between the access
wavelength mode and light coupled back into the waveguide from the ring.

Considering the relation between r and a, it can be seen that the ring can be
overcoupled (r < a), undercoupled (r > a) or critically coupled (r = a). Critical
coupling is an interesting regime for sensing as it allows accurate measurements of
the resonance wavelength due to the sharpness that the resonance dip exhibits at this
regime [56].

The coupling section, together with the access waveguide and the cavity make
up the entire ring resonator. The access waveguide is brought close to the cavity
so that the waveguide modes are coupled and power can be transferred from one
to another [56]. This coupling is possible due to the portion of the electrical field
(associated with the optical mode) that propagates outside the waveguide (commonly
called evanescence field). When both waveguides are brought sufficiently close, the
evanescence field can couple from the access waveguide into the cavity’s waveguide
(and vice-versa). Commonly, a directional coupler is employed to couple light from
the ring’s access waveguide to the ring’s cavity and vice-versa.

As Fig. 2.7 shows, the directional coupler employed in the rings of our work
consist of a section where two waveguides are close to each other with a gap Gc over
a length Lc. The power which is transferred can be calculated as [57]:

k2 = Pout
Pin

= sin2(κ · Lc + κ0) (2.13)

Fig. 2.7 Directional coupler
scheme

in

coupling k
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Gc
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Fig. 2.8 Power transmission
to the drop port of an all-pass
ring resonator, where FSR
indicates the spectral
distance between subsequent
resonances
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where κ[1/µm] is the coupling coefficient per unit distance in the closest section of
the coupler and κ0 is the offset coupling in this region. It is interesting to point out
that the coupling strength (both κ and κ0) increases with the wavelength, due to a
decreasing mode confinement.

A key parameter for the all-pass configuration is the free spectral range (FSR).
The FSR represents the spectral distance between subsequent resonances (Fig. 2.8),
which as a function of wavelength equals:

FSR = λ2

ngL
(2.14)

where λ is the wavelength in vacuum, ng is the group refractive index and L the
physical round trip length of the ring’s cavity. The transmission spectrum at the drop
port of an all-pass ring resonator is depicted in Fig. 2.8, where the FSR is illustrated.

In photonic ring resonator biosensors, a larger FSR in comparison to the esti-
mated 	λresonance is desired in order to be able to accurately monitor the resonance
wavelength along an experiment (i.e. FSR > 	λresonance). In this way, interferences
between adjacent resonances originated from large 	λresonance are avoided when
monitoring the resonance wavelength.

The performance of ring resonator sensors is mainly limited by losses [56]. Losses
have a strong impact on the sharpness of the resonance leading to a reduced accu-
racy of the peak resonance position, due to the broadening of the resonance dip.
Scattering due to sidewall roughness and absorption by the cladding layer are the
major loss factors (≈3dB/cm for air cladding and ≈4.7dB/cm for water cladding
[56]). Moreover, as has been mentioned, bend losses (≈0.04dB/bend) also play an
important role in ring resonator performance [56].

2.3.2.5 Evanescence Field Sensing with SOI Ring Resonators
Biosensors

Biosensors based on ring resonators directly measure selective affinity interactions
between analyte molecules in solution and receptor molecules immobilised on the
ring waveguide surface (Fig. 2.9).
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Fig. 2.9 Ring resonator biosensor coated with immobilised receptor molecules

Fig. 2.10 Spectral shift of a
ring resonator biosensor due
to a change in the effective
refractive index
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Since nearly all biological molecules have a larger refractive index than the sur-
rounding aqueous solvent(for instance, nantibodies ≈ 1.45 Refractive Index Unit
(RIU) and nwater ≈ 1.31 RIU), this molecular binding increases the local refrac-
tive index in the area where the tail of the evanescent field of the waveguide mode
is present. The consequent phase change of the waveguide mode produces a mea-
surable shift of the resonance wavelength (	λ) of the ring (Fig. 2.10). This shift can
be monitored to give detailed information about the analyte concentration, affinity
between the molecules and the kinetics of the biochemical reaction [57].

The evanescent field of a guided mode is the fraction of the mode that extends in
the cladding (out of the waveguide). It decays exponentially with the distance from
the core cladding interface [58]:

∣∣∣ �E(d)

∣∣∣ =
∣∣∣ �E(0)

∣∣∣ · exp(−γ d) (2.15)

where
∣∣∣ �E(d)

∣∣∣ is the electric field in the cladding as a function of the distance d

from the interface. γ is the decay constant that is formulated as [59]:

γ = 2π

λ

√
n2e f f − n2w (2.16)
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Here, nef f is the effective refractive index of the waveguide mode and nw the
refractive index of the cladding. Thus, a large refractive index contrast results in a
short decay length. This is advantageous when sensing the presence of a thin layer of
biomolecules as the mode only will interact with changes in the cladding that happen
a few nanometers from the waveguide’s surface in the region where the biomolecules
are immobilised. In this way, the sensor is very sensitive towards refractive index
changes caused by molecular binding near that surface. The greater the overlap
between the immobilised molecular layer and the evanescent tail, the more sensitive
the sensor. Furthermore, as the sensing zone remains very close to the waveguide’s
surface, the measurement will be less disturbed by the solution away the surface
(improving signal-to-noise ratio). The length of the evanescent tail in solution can
be tuned by modifying the geometry of the sensor. This will be exploited in Chap.6
to quantify conformational changes of immobilised molecules on the surface.

If the refractive index of the cladding changes, the effective refractive index of the
waveguide mode will also change (in the range of the waveguide mode evanescent
field). Then, the resonancewavelength of the ring resonatormodewill shift following
the expression [43]:

	λresonance = λresonance · 	nef f
ng

(2.17)

where ng is the group index that takes into account the large first order dispersion of
the waveguide (Eq.2.10).

Therefore, the sensitivity for ring resonators is defined as the shift of the resonance
wavelength for a certain excitation. For sensing the refractive index of the fluid
flowing over the sensor’s surface, bulk sensitivity is a more useful metric. Its units
are [nm (resonance shift)/RIU]. Another useful metric for evanescence field sensing
is the surface sensitivity, which corresponds to the sensitivity of the device upon
surface-related molecular interactions. This metric, usually given in [nm (resonance
shift)/nm (layer thickness)], provides a quantification of the molecular mass bound
to the sensor surface and can help to compare non-optical different technologies with
optical ones.

Another important concept related to the sensor’s sensitivity is the smallest wave-
length shift that can be measured, 	λmin , which is associated with the precision of
the measurement equipment and the sharpness of the resonance wavelength relative
to its central frequency, the quality factor (Q-factor).

Combining these two concepts, it is possible to define the limit of detection (LOD)
of a sensor. The LOD refers to the minimum detectable concentration of an analyte
in a test sample, and follows:

LOD = 	λmin

sensi tivi t y
(2.18)

The high Q-factor associated with ring resonators, can result in biosensors with
sensitivities comparable to SPR [60]. Detection limits on surfaces of 1.5 pg/mm2

(corresponding to 7.6× 10−7 RIU) have been reported with a multiplexed sensing

http://dx.doi.org/10.1007/978-3-319-60501-2_6
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scheme [61], while cortisol-bovine serum albumin binding has been detected at
protein concentrations in solution down to 1 ng/mL [62]. In a more sophisticated
example, C. F. Carlborg et al. presented a fully packaged optical device based on
slot-waveguide ring resonators sensors [63]. This example employed a variety of
ring resonators where the optical signal is confined within two Si waveguides, hence
sensing the analyte with the bulk optical signal and not with the evanescence tail.
Here, a detection limit of 0.9 pg/mm2 was demonstrated.

2.4 Bi-Domain Techniques

While single-domain techniques have been demonstrated to provide accurate, fast
and reliable analysis of chemical events at the surface of the sensor, techniques that
monitor these chemical events in two measurement domains can provide further
insight into the undergoing molecular and (bio)molecular processes. For this rea-
son, they are readily becoming more popular within the scientific community. For
example, dual-mode (or bi-domain) techniques can simultaneously probe both the
electrochemical and optical properties of thin films on the surface at the nanome-
ter scale [64], or the viscoelastic properties and conformational state of deposited
macromolecules [65]. The number of solutions developed to date for dual-mode
(or multi-mode) sensing is significantly more limited than that available for single-
domain techniques. Here we highlight the major dual-mode sensing strategies and
some of their most relevant applications, while a comparison between them and the
system proposed in this thesis is given in Sect. 4.8.

2.4.1 Electrochemical Surface Plasmon Resonance

SPR has significantly evolved since it was first applied for sensing three decades ago.
A range of sub-techniques have also emerged from this sensing technique, including
Localised Surface Plasmon Resonance (LSPR) [66], Long-Range Surface Plasmon
Resonance (LR-SPR) [67] or Metal-Clad WaveGuide (MCWG) [68], which have
been proven to be suitable for performing sensing and imaging. Of particular impor-
tance here is the simultaneous characterisation of the optical and electrochemical
properties of immobilised molecules on the surface achieved with electrochemical-
SPR (EC-SPR). For example, using EC-SPR, characterization of electrochemical
DNA sensors has been reported [69], capable of detection of concentrations down to
20 nM. As discussed in Sect. 2.1, SPR sensors directly measure the local refractive
index change induced by biomolecular interactions on a gold surface using surface
plasmon waves. The transducer translates chemical changes into changes in refrac-
tive index, which may be determined by optically interrogating the SPR. The sensor
sensitivity, stability, and resolution depend upon properties of both the optical system
and the transducing medium. SPR allows the incorporation of a secondary sensing

http://dx.doi.org/10.1007/978-3-319-60501-2_4
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Fig. 2.11 Electrochemical-SPR schematic diagram with a three electrode cell set-up. The gold
substrate that carries the optical surface mode is simultaneously used as the working electrode,
allowing simultaneous optical and electrochemical interrogation

domain, here the electrochemical, where the gold substrate that carries the optical
surface mode is simultaneously used as the working electrode in a standard three-
electrode electrochemical system (Fig. 2.11).

This combination of electrochemical and optical sensing modes can provide
deeper insight into redox active system, for example enzymatic reactions [64]. Nev-
ertheless, the EC-SPR technique presents some disadvantages. Firstly, SPR requires
a stable optical setup requiring bulky equipment to perform accurate and repeat-
able measurements. As a consequence, this technique is not a compact solution and
thus limits application in point-of-care devices which can be used at the bedside.
Secondly, high density arrays of SPR sensors are particularly difficult to engineer.

2.4.2 Electrochemical Quartz Crystal Microbalance with
Dissipation Monitoring

A rapidly emerging label-free biosensor that enables picomolar level detection along-
side simultaneous measurements of conformational changes in real-time is Quartz
Crystal Microbalance with Dissipation monitoring (QCM-D).

QCM-D relies on a voltage being applied to a piezo electric quartz crystal causing
it to oscillate at a specific resonant frequency (Fig. 2.12a). Changes in mass on the
quartz surface, for example due to protein binding, result in a change of the res-
onant frequency of the oscillating crystal. The Sauerbrey relationship (method for
correlating changes in the oscillation frequency of a piezoelectric crystal with the
mass deposited on it) defines the relationship between mass and resonant frequency
for rigid, homogeneous and thin adsorbed layers; the model is not valid for soft or
viscoelastic films. In addition to measuring changes in resonant frequency, QCM-D
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Fig. 2.12 Electrochemical Quartz crystal Microbalance with Dissipation monitoring (E-QCM-D).
a The sensor crystal can be coated with a conductive metal layer, which is simultaneously used as
theworking electrode, allowing simultaneousmechanical and electrochemical interrogation. bBoth
the resonant frequency and the energy dissipation are measured simultaneously for a non-driven
sensor crystal

also measures the energy dissipated by the acoustic wave [65]. This is achieved by
disconnecting the drive voltage from the crystal while recording the time taken for
the oscillation to decay due to damping (Fig. 2.12b). In this system, electrochemical
control over the surface of the sensor can also be achieved by coating the quartz
sensor with a thin metal layer which acts as the working electrode in a standard
three-electrode electrochemical system.

Changes in adsorbed mass of, for example, a rigid protein provide a change in
frequency, however for viscoelasticmasses such as biomacromolecules, there is also a
corresponding change in dissipation, leading to a rapid oscillatory decay of the stored
energy in the crystal (Fig. 2.12b). This change in dissipation provides information
regarding the viscoelastic properties of the immobilised layer and can thus be used
to probe molecular conformation.

Additionally, QCMD allows simultaneous measurements of frequency shift and
energy dissipation of multiple different overtones of the fundamental resonance. As
higher overtones are more confined into the quartz crystal, while lower overtones are
less confined and penetrate further into the supporting analyte, it is possible to also
probe the distribution of mass and viscoelasticity as a function of distance into the
immobilised layer.

E-QCM-D is an ideal technique for detection of mass on surfaces, as any change
is mass on the sensor surface is directly translated onto the resonant frequency. In
contrast with optical techniques, E-QCM-D is sensitive to water associated with
adsorbed proteins, allowing the quantification of hydrodynamically coupled water
(proteins and/or water trapped in cavities in the film).

This electro-mechanical system is also well suited for the detection of enzymatic
activities. For instance, a 21 pM threshold of enzymatic activity has been reported
while being able to distinguish different hydrolysis mechanisms [70].
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2.4.3 Electrochemical Optical Waveguide Lightmode
Spectroscopy

Another (however less developed) optical dual-mode experimental technique has
been developed called Electrochemical OpticalWaveguide Lightmode Spectroscopy
(EC-OCWLS). EC-OWLS combines evanescent-field optical sensing with electro-
chemical control of surface adsorption processes.

This technique, firstly presented in 2012, is based on grating-assisted coupling of
light into an optical waveguide layer [71]. The angle of the incident light beam is then
varied, exciting both guided transverse electric (TE) and transverse magnetic (TM)
modes. As the optical mode penetrates into the supporting solution for a distance
of about 200nm beyond the surface, the in-coupling angle of the incident light is
sensitive to the refractive index and the thickness of the adsorbed film on the surface.
A layer of indium tin oxide (ITO) is deposited on top of the waveguide and serves as
both a high-refractive-index waveguide and conductive electrode, being completely
compatible with the constraints of optical sensing (Fig. 2.13).

EC-OCWLS can further be exploited to calculate the refractive index of the layer
deposited on the ITO surface. This calculation is performed by measuring both TE
and TMmodes, as detailed in [72]. Alternatively, EC-OWLS has been reported to be
able to measure adsorbed mass down to 0.5% of an average protein layer, showing
its capabilities for studying protein adsorption kinetics [73].

2.4.4 Electro-Photonic Silicon Biosensing

It has become clear that with the introduction of the personalisedmedicine (PM) [74],
portable, compact and reliable sensing devices will be required in the near future.
For example, particular diseases, such as cancer, will require detection of biomarker
profiles to personalise diagnosis and treatment. The SOI platform is, therefore, con-
veniently positioned to address this challenge presented by PM, as its CMOS com-

 θ

Light beam

Photodetector

Incoupling
angle

ITO
(working electrode)

Waveguide

Fig. 2.13 Electrochemical OpticalWaveguide Lightmode Spectroscopy (EC-OCWLS). Light cou-
pled into the waveguide through a grating coupler changes its in-coupling angle when the refractive
index on top of the sensor surface is modified
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Fig. 2.14 Electro-photonic
silicon biosensing.
Electrochemical control to
the surface of a SOI sensor is
provided, allowing optical
evanescence field sensing
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patibility allows the development of such cheap and precise point-of-care devices
which will be able to monitor multiple biomarkers in parallel.

Nevertheless, this platform can also be complemented by performing parallel
sensing in a complementary domain, here the electrochemical (Fig. 2.14). In this
way, information about the electrochemical activity of immobilised molecules, and
deeper insight into molecular and (bio)molecular processes, can be provided in addi-
tion to that supplied by the optical domain. This novel sensing system, namely
electrochemical-photonic silicon biosensing, is the object of study of this thesis.

To successfully combine both the electrochemical and optical domains, an elec-
trochemically compatible layer has to be integrated within the SOI platform. For
instance, an electrochemically and optically compatible layer could be deposited on
the silicon layer of the SOI substrate or the electrical properties of the SOI substrate
itself can be modified. The viability of both approaches is studied in Sect. 4.1.

This bi-domain systemwould take advantage of the SOI sensor platform (i.e. free-
dom to choose the optical structure for sensing, tailoring of light-matter interaction
and read-out integration) while simultaneously conducting (and monitoring) electro-
chemical reactions occurring on the silicon surface. This not only provides insight
into electrochemical processes but can also be exploited for chemical modification
of the photonic sensors.

2.5 Self-assembled Monolayers

A critical component of all label-free technologies is the need to immobilise capture
molecules onto the sensor surface using a process that must preserve the high affinity
and selectivity of the capture molecule against the target biomarker.

A number of different methods can be employed to anchor capture molecules to
the surface of a label-free transducer. The most basic approach is to allow the cap-
turemolecules to bind non-specifically to the transducer surface through electrostatic
and/or hydrophobic interactions. While simple, this approach is rarely used due to
the following reasons. On the one hand, it leads to non-specific interactions on the
surface, as the surface itself is not selective to any particular chemistry. Covalent
attachment is also desired rather than non-specific interactions in order immobilise
the molecules on the surface. Furthermore, non-specific interactions do not allow to
control the surface density or, when possible, the orientation of immobilised mole-
cules. This is very important in biosensing as the need to optimise the bioassay

http://dx.doi.org/10.1007/978-3-319-60501-2_4
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conditions for the detection of molecules. Controlling the surface density allows to
prevent steric hindrance, effect which can limit the performance of biosensors [75].
Finally, when proteins are used as capture molecules, their stability is affected when
their are brought into contact with inorganic material, as they undergo a change in
their structure (generally unfolding) with the loss of activity [76].

Amore controlled approach to immobilisation is to pre-functionalise the surface in
order to control the surface chemistry. This functionalisation, which can be patterned
in different ways [77], introduces chemical functional groups to the surface of the
transducer which can further link to other molecules through covalent chemical
bonding.

The most widely utilised method of surface functionalisation is based on Self-
Assembled Monolayers (SAMs). SAMs have received significant interest due to
their ability to modify and control the chemistry and properties of planar surfaces,
including semiconductors and metals, and curved surfaces, such as nanoparticles,
as they form a well-ordered and stable thin film. SAMs are molecular assemblies
spontaneously formed on surfaces by adsorption of a surfactant on a solid surface.
Note that adsorption refers to the adhesion of atoms, ions, or molecules from a
gas, liquid, or dissolved solid to a surface, while absorption relates a physical or a
process in which atoms, molecules or ions enter some bulk phase. In contrast with
ordinary surfactantmonolayers, themoleculeswhich form theSAMtypically possess
a chemical moiety (the head group as depicted in Fig. 2.15), that has a strong affinity
for the substrate and thus tethers the molecule stably to the surface to expose the tail
group (which acts as a physical barrier and provides a well-defined thickness). These
functional tail groups are typically chemically functional, for example thiols (-SH),
hydroxyls (-OH) and amines (-NH2), allowing the covalent coupling of receptor
molecules, as required for the design of label-free biosensor. In addition to chemical
functionality for molecular immobilisation, SAMs can also provide further control
of surface properties including chemical resistance, biocompatibility, wetting and
adhesion [78]. The most widely investigated SAMs are those based on monolayers
of alkanethiols on gold substrates [79].

Fig. 2.15 Schematic of a
SAM on a substrate. The
“head group” is chemically
absorbed onto the substrate,
followed by a slow
rearrangement of “tail
groups” driven by
intermolecular interactions
between the organic tail
region

Tail

Functional tail group

Head group

Substrate
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2.5.1 Formation of Self-assembled Monolayers

SAMs are created by the chemisorption of head groups onto the substrate from
either liquid of vapour phase, followed by a slow rearrangement of “tail groups”.
The formation process is driven by the minimisation of energy in the formation of
the layer, as adsorption lowers the surface free-energy of the system [78]. The main
energies involved in the assembly of themonolayer are four: the energy of adsorption
of the headgroup to the surface (�Eads), the energy related to the corrugation of the
surface (�Ec), the Van de Waals energies between the backbones (�Ev) and the
energy associated with the conformational isomers of adjacent groups along the
backbone (gauche conformation in the case of alkane chains) (�Eg). These energies
are depicted in Fig. 2.16.

A key aspect for the quality of the SAM is the surface topography of the substrate.
Surface roughness on the scale of the molecule will have a direct impact on the
SAM quality, as the integrity of the SAM is inversely proportional to the roughness
dimensions. Indeed, the quality of the SAM is more associated to the amount of
grains in the substrate than to the amount of adsorbed molecules which construct
the SAM [78]. However, if optimised, it has been reported that the roughness of the
SAM can be employed to reduce non-specific adsorption in microfluidic biosensors
[80].

2.5.2 Assembly of Silane SAMs on Silicon

Alkoxysilanes are some of the most common chemistries employed for the assembly
of SAMs on both silicon and glass substrates through a process known as silanisation.
Silanisation requires substrates to contain hydroxyl groups on the surface in order
to form a covalent Si-O-Si bond between the surface and the alkoxysilane [78]. An
example for the formation of a 3-Mercaptopropyltrimethoxysilane (MPTS) layer
on silicon is shown in Fig. 2.17, which provides a thiol modification to the silicon
substrate.

Although organosilane layers are typically disordered, they exhibit high stability
once assembled, and showgreater robustness to desorption than alkanethiolmonolay-

Fig. 2.16 Principal energies
associated with formation of
SAMs. The whole formation
process is driven by the
minimisation of energy in
the formation of the layer
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Fig. 2.17 Formation of a 3-
Mercaptopropyltrimethoxysilane
(MPTS) layer on silicon. a 3-
Mercaptopropyltrimethoxysilane
molecule requires hydroxil
groups on the surface b to form a
covalent Si-O-Si bond to the
surface c
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ers formed on gold [81]. Improvements to the order and reproducibility of organosi-
lane layers requires minimisation of water content (both in the solution and on the
surface). Excess presence of water molecules in the solution promotes the formation
of polysiloxanes in the solution-phase and the assembly of multilayers on the surface
[82], which decreases the quality of the layer.

2.6 Summary

This chapter has introduced the main motivation for the development of label-free
biosensors, as the need of biofunctionalisationing such label-free transducers for
the detection of biomolecules in their native conformation. The most widespread
label-free detection strategies in both electrical and photonic domains have been
highlighted, providing a summary of their sensing principles and main applications.
More specifically, photonic waveguide-based detection strategies, and in particular
ring resonator biosensors, have been the focus. The evanescence field sensing princi-
ple of such resonators has been extensively presented, as the devices here developed
base their optical sensing mechanism in this effect. Subsequently, the chapter has
followed with an introduction to bi-domain sensing techniques. It has been shown
how the added value of these label-free dual-mode systems will help to understand
complex molecular and biomolecular processes. The chapter follows introducing
the highly novel dual-mode electrochemical-photonic sensing technique developed
in this thesis, which is capable of, for instance, exploiting chemical modification of
the photonic sensors, monitoring in situ electrochemical reactions occurring on the
silicon surface or enzyme activity in parallel with substrate binding. Finally, a sum-
mary of the most common functionalisation techniques for silicon surfaces based on
SAMs is given.
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