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Abstract

Nanomechanical resonators offer a pathway towards highly sensitive and labelfree detection of biomolecules by transducing the mass of bound analytes into
resonant frequency shifts. Zeptogram level and even single cell detections have
been successfully achieved by others. However, these experiments have been
performed through traditional “dip-and-dry” method, requiring the use of a large
quantity of analyte. Such a system is not readily amenable to automation, is
subject to contamination and is prone to inter-run variation. Integration of
nanomechanical resonators into a microfluidic system would facilitate sample
delivery and provide a stable Lab-On-a-Chip (LOC) system that could be
effectively used for diagnostic tests. There have been a few demonstrations of
integrating nanomechanical resonators with microfuidic systems. However, these
works involved external syringe pumps and valves for sample delivery which
make their system bulky, complex and not suitable for point-of-care testing
applications. Here we have developed a nanomechanical resonator-based
microfluidic system that delivers sample using on-chip automated pump and
valve systems and that demonstrates the biosensing capabilities with the limit of
detection in femtogram range using minute amount of sample. To our best of

knowledge, this is the first integration of nanoresonator-based sensing platform
with the automated on-chip sample delivery system. Such integration can
provide the system with simplicity, portability and potential realization as easily
accessible point-of-care diagnostic tools.
Nanoresonator arrays operating at 4.8 MHz ~ 10 MHz were fabricated and their
surfaces were modified with vapour-deposited mercaptopropyl trimethoxysilane
(MTPMS) to sequentially immobilize biotin (0.6 mg/mL) and streptavidin
protein (1 mg/mL and 10 µm/mL). Based on resonance assaying, the calculated
mass-per-area for the bound streptavidin were 1.23 mg/m2 for 1 mg/mL and 1.01
mg/m2 for 10 µm/mL streptavidin concentrations. These values correspond to
one streptavidin per 80 (nm)2 and 95 (nm)2 or 81 % and 63 % coverage over the
biotin-covered surface, respectively. The overall lowest detected mass from the
resonators was 8.8 fg of biotin.
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Chapter 1
Introduction
Development of sensitive, reliable, rapid, portable and inexpensive biosensors
has been a subject of extensive research to improve global healthcare. According
to the statistics of the World Health Organization, the dominant burden of
diseases are non-communicable diseases such as cardiovascular disease, cancer
and respiratory disease in developed countries and infectious diseases such as
HIV/AIDS, malaria and tuberculosis in developing countries [4]. A wide range
of such diseases is accompanied by changes in protein concentrations in the
patient’s physiological fluids [5]. Detection and quantification of these protein
markers are routinely carried out through immunoassays making use of the
specificity and sensitivity of the antibody-antigen interaction. The biosensors
designed for immunoassays can be adopted as frequent point-of-care test tools
for physicians’ and home use. Consequently, such use permits early and accurate
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diagnosis of diseases and, thus, prompt and proper treatment of patients [6]. In
addition, those biosensors can greatly benefit developing countries or remote
locations with inadequately trained technicians, low-resource settings and
limited resources to maintain complex equipment and handle fragile reagents.
Readily usable biosensors can ultimately limit the spread of disease in the
population through rapid and early detection. Development of such biosensors
can revolutionize healthcare by promoting the decentralization of medical
laboratory testing, thereby giving an equal opportunity of health to the public.

Since the introduction of micro-total-analysis system (µTAS), or Lab-On-a-Chip
(LOC) systems by Manz in 1990s [7], the efforts to develop such biosensors
have been accelerated. Lab-on-a-chip systems rely on microfluidic systems in
which material is transported within micrometer scale channels. Their goal is to
fully incorporate analytical procedures into flowing systems through the
integration of the full functionalities of a room-sized laboratory onto a small chip.
The advantages of such integration include reduced reagent and power
consumption, shortened analysis time and increased detection sensitivity due to
the high surface-to-volume ratio, ease of automation and reduced unit cost [8].
Development of integrated microfluidic devices is growing not only with
immunoassays [9, 10] but also with DNA analysis [11] and cytometry [12].

Conventional microfluidic immunoassays involve chemically labelling proteins,
typically with radioactive species, fluorescent markers or enzymes to transduce
the presence of the analyte into a measurable signal [13]. Although label-based
detection has been well established and widely used in microfluidic devices, the
technology is not ideal due to the problems with conjugation, relatively low
sensitivity and additional cost and time for labeling the biomolecules.

Microsensor platforms such as surface plasmon resonance (SPR), quartz crystal
microbalances (QCMs) and micro-/nano-cantilevers have been gaining attention
as alternative label-free transduction platforms. Surface plasmon resonance is an
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optical measurement technique that monitors changes of refractive index induced
by binding events on functionalized noble-metal surfaces. A quartz crystal
microbalance detects adsorbed mass by measuring changes in mechanical
resonance properties of a thin film deposited on a metal electrode. These two
techniques have been widely employed in biosensing applications. However,
their resolutions are relatively low such that it is difficult to detect low molecular
weight molecules and low concentration samples. Most SPR systems offer
resolution on the order of 100~1,000 pg/cm2 [14] and QCMs have demonstrated
sensitivities on the order of 1 ng/cm2 in fluid [13].

Micro-/nano-resonant cantilevers are another promising platform for label-free
detection of molecular systems. Zeptogram level [15] and single cell detections
[16] have been successfully achieved. However, these demonstrated detections
have been generally performed through “dip-and-dry” methods, requiring the
usage of large quantities of analyte. Such an approach is not readily amenable to
automation, subject to contamination, prone to inter-run variability and limits the
diagnostic capability of the device. Integration of nanoresonators into a
microfluidic system would facilitate sample delivery and provides a stable LabOn-a-Chip (LOC) system that could be used routinely for diagnostic tests.
Recently, Hwang et al. [17] detected prostate-specific-antigen (PSA) placed in a
microfluidic cell with sensitivity of 0.2 ng/mL. More recently, Aubin et al. [18]
showed the feasibility of integrating nanoresonators in microfluidic channel but
actual experiments of specific detection have not been reported. Both works
involved external syringe pumps for fluid handling which make the systems
bulky.

We have developed a microchip that encapsulates nanoresonators, handles the
sample through automated on-chip micro-pneumatic pumps and valves, and
perform the specific detection of biological agents. Chapter 2 presents a
literature review on micro-/nano-cantilever and microfluidic immunoassay.
Chapter 3 covers the design, fabrication of the microchip and discusses the
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feasibility of the resonators in the system to perform as biological sensors.
Chapter 4 studies the resonator performance at various pressure levels as well as
its dependency on resonance actuation mechanisms, and Chapter 5 demonstrates
the biosensing capabilities of the developed system using a biotin-streptavidin
complex for the proof-of-concept. A project summary and suggested future
works are finally presented in Chapter 6.
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Chapter 2
Literature Review
2.1. Micro-/Nano-Cantilevers
Micro-/nano-cantilevers are typically micro-/nano-meter scale “diving boards”
anchored at one end to a relatively large mass [19]. These devices can be massfabricated from silicon using conventional micromachining techniques originally
developed in the microelectronics industry. These sensors are derived from the
microfabricated cantilevers used in atomic force microscopy (AFM). In AFM, a
cantilever with an integrated sharp tip is used to characterize surface topography
by measuring changes of its deflection or resonant frequency [13]. Cantilevers
can also perform as stand-alone sensors by using the same physical principles
employed in AFM. They operate in either deflection mode or resonant mode, and
transduce the recognition of the molecules of interest into mechanical motions.
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Figure 2.1: Examples of microfabricated silicon cantilevers. Reprinted with
permission from ref. [1]. Copyright Elsevier, 2006

Cantilever-based devices have been demonstrated a highly sensitive label-free
sensors in chemical and biological applications. More details in sensor operation
and applications are presented in the following sections.

2.1.1 Deflection-based Cantilever Sensors
2.1.1.1 Principles of Operation
Static deflection of a cantilever occurs when a species adsorbed on a
functionalized surface causes differential surface stresses on the opposite nonfunctionalized surface. The degree of cantilever deflection is measured to
determine the amount of material adsorbed onto its surfaces [19]. In case of a
typical rectangular cantilever beam, fixed at one end and free to move at the
other end, the relationship between the differential surface stress, ∆σ
( ∆σ adsorbed − ∆σ passivated ), and the resulting cantilever tip displacement, ∆z ,
approximately follows Stoney’s equation [20]

∆z =

3L2 (1 − v)
∆σ
Et 2

(2.1)

where v, E, t and L are Poisson ratio, Young’s modulus, the thickness and length
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of the cantilever, respectively. These deflections are commonly measured
through an optical reflection technique whereby a laser is focused on the
cantilever and reflected onto a position sensitive detector. The varying detector
signal due to motion of the reflected laser beam corresponds to the degree of
cantilever deflection [13, 19, 21].

2.1.1.2 Applications
Deflection-based cantilevers have been demonstrated as sensitive detectors of
chemical [22-30] and biological species [13, 31-38]. Baller et al. [30] developed
a cantilever-array based artificial nose and detected alcohols, solvents and
natural flavours in the gas phase. Thiol(-SH)-based self-assembled monolayers
on gold-coated cantilevers have been used to detect toluene, water vapour [24]
and explosive vapour such as trinitrotoluene (TNT) with a sensitivity of 120
parts-per-trillion (ppt) [25]. Quantization of various metal ion concentrations
such as mercury [26], Cr2+, Ca2+ and CrO42- [27-29] has also been demonstrated.
In addition, pH measurement was demonstrated using polymer coated cantilevers
[22, 23].

Deflection-based cantilever sensors have also demonstrated high sensitivity in
biosensing applications. Arrays of microcantilevers have been used in the field of
genomics to detect a single-base mismatch in 12-nucleotide complementary
DNA strands [31, 32] by generating a differential surface stress onto the
functionalized cantilever surface upon target recognition. Also, the detection of
Taq DNA polymerase has been demonstrated using two adjacent cantilevers, one
that is functionalized with aptamers that bind specifically to Taq DNA
polymerase while the other is surface-modified with single stranded DNA to act
as a reference for direct detection of the differential bending [33]. Detection of
bacteria such as Salmonella [34] and Bacillus subtilis [35] has also been
demonstrated in liquid. In immunoassays, Arntz et al. [36] showed detection of
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cardiac biomarker proteins, creatine kinase and myoglobin, with a detection limit
below 20 µg/mL using the corresponding antibody-functionalized cantilevers.
Wee et al. [37] and Wu et al. [38] have shown detection of prostate-specific
antigen (PSA) at concentrations as low as 0.2 ng/mL [38]. PSA is a particularly
useful marker for early detection of prostate cancer and in monitoring for disease
progression.

Deflection-based cantilever sensors are good candidates for biological sensors
since their ability of working in air or liquid can allow real-time analysis.
However, their use in practical applications has been somewhat hindered by: the
need of one-sided functionalization to induce differential surface stress and a
lower sensitivity compared to resonant-based cantilever sensors (2.1.2). The
latter one is because the typical deflection-based system requires very high
surface coverage of analytes to induce measurable bending [13] while the
resonant-based systems can detect single cell (2.1.2) [16].

2.1.2 Resonant-based Cantilever Sensors
2.1.2.1 Principles of Operation
Cantilevers possess a mechanical resonant frequency that is determined by their
geometry and on the material being employed. When mass is adsorbed on such a
cantilever surface, it causes a corresponding decrease in resonant frequency. The
resonant frequency, fo, of a resonant mechanical device can be characterized as a
spring-mass system with the absence of damping [39]:

f0 =

1
2π

k
m

(2.2)

where k is the spring constant and m is the effective mass of the resonator. When
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a small mass, ∆m , is added to the device, the resulting change in frequency,
∆f = f after − f 0 , can be approximated to the first order by [39]:

∆f = −

1 ∆m
f0
2m

By rearranging Eq 2.3, the mass sensitivity,

∆m 2m
=
∆f
f0

(2.3)

∆m
(g/Hz), of the resonator is
∆f

(2.4)

The general equation of the resonant frequency of the fundamental, out-of-plane
mode of a cantilever (Eq 2.5) has been derived by Timoshenko [40] for
numerous cross-sections;

f0 =

3.515 1
2π L2

EI
ρA

(2.5)

where L is the cantilever length, I is the second moment of inertia (or area
moment of inertia), ρ is the density of the resonator material, and A is the crosssectional area of the beam. The second moment of inertia is a measure of the
resistance of a cantilever to bending and deflection. For a typical rectangular
cross section with width w and thickness t, the second moment of inertia is [41]:

wt 3
I=
12

(2.6)

As seen from Eq 2.2 - 2.6, a smaller resonant beam results in a lower mass
sensitivity and, therefore, a smaller minimum detectable mass.
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2.1.2.2 Applications
Resonance-based micro-/nano-cantilevers, or simply micro-/nano-resonators,
demonstrated extremely high sensitivity for the detection of various chemical [3,
42-46] and biological [15-17, 47-52] analytes. As chemical sensors, detection of
hydrogen gas was demonstrated on palladium-coated resonators [43] as well as
PtO2 film deposited resonators [44]. Also, Thundat et al. [45, 46] detected
mercury vapour by using gold coated microresonators. Polyetherurethanefunctionalized resonators were used to detect octane and toluene vapours at
concentrations in the single ppm range [3, 42].

Resonant devices have also shown promising sensitivity to measure extremely
small masses in vacuum where the quality factor degradation due to viscous
damping is avoided (Sec. 2.1.2.4). Ilic et al. [48] have detected 6.3 attogram (ag)
of thiol self assembled monolayers on the gold dots patterned onto a paddlenanoresonator and estimated the smallest resolvable mass with their devices to
be 0.39 ag. Detection of thiolated single dsDNA molecule (1587 bp) with a mass
of 1.65 ag was also demonstrated using nanoresonators functionalized with
localized gold nanodots [49]. This was done by observing many cantilevers
which revealed approximately discrete frequency jumps corresponding to a
handful of DNA molecules. Normalizing these shifts to the frequency shift from
a single binding event enables counting of DNA molecules bound to a particular
cantilever.

Although the deflection-based cantilevers are more commonly used as
biosensors due to their ability to operate in fluid environments, some recent
works have demonstrated the improved operation of resonators in air or liquid.
Lee et al. [51] and Hwang et al. [17] have detected PSA at concentrations of 10
pg/mL at atmospheric pressure and 1 ng/mL in liquid using calixcrown selfassembled monolayers on gold-coated nanoresonators. Detection of individual E.
Coli in air has been demonstrated by Ilic et al. [16, 52].
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2.1.2.3 Quality Factor
The mechanical quality factor (Q factor) is a measure of the energy dissipation
and the performance of a resonant MEMS/NEMS device. Mathematically, the Q
factor is defined as the ratio of the resonance frequency, fo, to the full width of
the resonance peak evaluated at the half-maximum (FWHM = full width halfmaximum) as shown in Figure 2.2. The definition of the Q factor is given by
[54]:

Q=

f0
FWHM

(2.7)

Sharper peaks (e.g. the decreasing width at FWHM) render higher resolution of
peak frequency shifts. The Q factor is directly related to the sensitivity of the
resonant device since an increase in Q lowers the minimum detectable frequency
and thus the minimum detectable mass.
The Q factor of a resonant device is affected by numerous losses and each of
those losses individually contributes Q factor according to the following
equation [60]:

1
1
=∑
Qtotal
Qindividual

(2.8)
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∆f
Power (Normalized)

1.0

0.5

FWHM

0.1

f02

f01

Frequency

Figure 2.2: Generic frequency response curves

Therefore, the overall Q factor, Qtotal, is limited by the lowest Q factor of all. The
following section will focus on the three main loss mechanisms, namely
thermoelastic loss, support loss and loss due to air damping.

2.1.2.4 Factors Influencing Q Factor
Thermoelastic Energy Dissipation (TED)

When the resonator structure is deformed, the strain gradient induces a
temperature gradient. This induced gradient yields energy dissipation due to
irreversible heat flow and consequently relaxation of the structure back to its
equilibrium [56-58]. This fundeamental process known as thermoelastic
damping would ultimately limit the quality actor achievable by micro- and
nanoscale resonators. Theoretical and experimental studies have shown that the
TED-related limit on quality factor depends on the resonator dimension, material,
and working temperature [59-62]. However, as device dimensions reach the
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submicron scale, extrinsic dissipative processes such as surface-related
phenomena and clamping point effects will dominate the performance of the
device, limiting their quality factor to values several orders of magnitude lower
than the TED-limited value. [59, 60].

The approximation of the TED-limited Q can be made using a thin rod
transversal vibration model [60]. In case of commonly used rectangular
cantilevers, the rod diameter in the model is replaced by the cantilever thickness
as follows:

QTED = 80

χ E
ft 2 δE

δE = E ad − E =

χ=

κ
ρ CP

E 2 Tα 2
9c P

(2.9)

(2.10)

(2.11)

where:
f = the resonance frequency [Hz]
t = the thickness of the beam [m]
χ = the thermal diffusivity [m2/s]
κ = the thermal conductivity [W/(m-K)]
CP = specific heat capacity [J/(kg-K)]
ρ = density [kg/m3]
E = the isothermal Young’s modulus [N/m2]
δE = the difference between the adiabatic
Ead and the isothermal Young’s moduli [N/m2]
T = absolute temperature [K]
α = thermal expansion coefficient [1/K]
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Support Loss

In vacuum, the Q factor becomes generally limited by support losses [60].
Mechanical structures are not perfectly rigid in reality, and, energy can be
dissipated to the support structure where local deformations and microslip can
occur when the resonator structure vibrates [41]. Yang et al. [60] reported that
support loss in an ultrathin cantilever will dominate for structures with a length
(L) to thickness (t) ratio of less than 100 ( i.e. L/t < 100). Park et al. [65]
developed a computational model to predict wave propagation in the substrate of
a MEMS resonator to study energy loss mechanisms from the vibrating beams to
the support. By varying the beam length, support loss was predicted to increase a
hundredfold for every tenfold increase in resonator center frequency in doublyclamped resonators.
The energy dissipation to the support can be calculated according to a twodimensional theory of elasticity by modeling the support as an infinitely large
elastic body in comparison to the size of a cantilever [66]. For the first-mode
resonance, the support loss limited Q factor can be estimated from the following
equation [60, 66]

L
Q = 0.34 
t

3

(2.12)

Surface Loss

Surface loss is another dominant loss mechanism in vacuum for micro-/nanoscale resonators. As the resonator thickness scales down, the surface-to-volume
ratio increases and the effect of surfaces becomes dominant. Resonator surfaces
may have impurities, lattice defects, absorbents or other imperfections which
serve to dissipate energy. A quantitative model for this loss has not yet been fully
developed but experimental demonstrations have shown that surface treatments,
such as annealing, can minimize these surface imperfections so that quality
factor dramatically increases [60,66].
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Air Damping

MEMS/NEMS resonating in the out-of-plane mode at ambient pressures are
subject to resistance from the surrounding fluid. This fluid-induced effect, also
known as viscous damping, is often a dominant loss mechanism in non-vacuum
environments and increases with pressure in air or with increasing beam’s
surface-to-volume ratio [13, 63, 67-70]. It is not uncommon to experience a
reduction in Q factor of two to three orders of magnitude when operating in air
rather than vacuum [13, 69]. The analysis of pressure-dependent damping of a
resonating beam can be done by dividing the pressure ranges into four regions
[63, 67, 69, 70].

In the first region, the intrinsic damping region, the pressure is so low that air
damping is negligible compared to other loss mechanisms. The intrinsic Q factor
is independent of pressure and must be determined empirically since the
quantitative model for

surface loss which is a dominant source of energy loss

in vacuum has not yet been developed and, therefore, cannot be mathematically
estimated [71].
In the second region, the molecular region, air damping is the dominant
mechanism but air molecules are so far apart that they do not interact with each
other [60]. In this region, the air damping is proportional to air pressure and the
Q factor for a standard cantilever beam is given by [69]:

2

2πf n tρ k n  t 
Q=
=
 
km P
km P  L 

km =

32 M
9πRT

2

Eρ
12

(2.13)

(2.14)
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where:
fn = resonance frequency of the nth mode [Hz]
ρ = density of the cantilever [kg/m3]
P = pressure [Pa]
kn = constant of the nth mode resonance
t = thickness of the cantilever [m]
L = length of the cantilever [m]
R = universal gas constant [J/mol.K]
T= Absolute temperature [K]
M = molar mass of the air [kg/mol]
km = [s/m]

The third region is the crossover region where neither viscous nor free molecular
flow adequately describes gas behaviour [63, 70]. This region is defined as
0.01<< Kn << 10 where the Knudsen number, Kn, measures the ratio of the
mean free path ( λ mfp ) of gas molecules to the size of the beam (w) (Kn= λ mfp /
w).

The fourth region is the viscous region. The pressure is high enough that the air
molecules do interact with each other, and the air is assumed to act as a viscous
fluid. In this region, Q factor is inversely proportional to the fluid viscosity ( µ )
[71]. The Q factor in this region is estimated using Stoke’s law for damping [72]:

 w( Eρ )1 / 2  t  2
Q=
 
 24 µ  L 
where:
E = Young’s modulus [N/m2]
ρ = fluid density [kg/m3]
t = thickness of the cantilever [m]
L = length of the cantilever [m]
w = width of the cantilever [m]

(2.15)
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Therefore, the value of the Q factor is strongly influenced by the media that
surrounds the cantilever in the viscous regime.

2.1.2.5 Actuation Mechanisms
A resonant cantilever is often excited at its resonance frequency to obtain a
measurable signal. Several approaches have been used to perform this actuation:
magnetic, electrostatic, piezoelectric and photothermal.
Magnetic Actuation

A cantilever can be actuated by placing it in a magnetic field. As shown in Figure
2.3. (A), a cantilever plane with a magnetic layer can be placed perpendicular to
an external magnetic field, B, induced by a coil [3, 73]. Application of an
alternating current through the coil induces the magnetic field which then exerts
a transverse force on the cantilever. The force, F, acting on the cantilever with
length L can be calculated using the formula F = mCB/L [73] where mC is the
magnetic dipole moment of the cantilever.

A cantilever with a conductive pathway can be electromagnetically actuated by
placing it in a constant external magnetic field [42, 74] (Fig 2.3 (B)). Application
of an alternating current I to the conductor on the cantilever generates a
transverse Lorentz force FL = 2IbB where b denotes the active section of the
current path perpendicular to the magnetic field [42].
A

B
I

FL

Bext

Cantilever with
magnetic layer

F

Conducting
path

Figure 2.3: Example of (A) magnetic actuation (Reprinted with
permission from ref [3]. Copyright Elsevier, 2006) (B) electromagnetic
actuation
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Magnetic or electromagnetic excitation can be achieved with relatively low
power consumption and the excitation frequencies can be extended to several
megahertz. However, the integration of a magnetic field and an electric pathway
complicates the fabrication and the packaging of the devices.

Electrostatic Actuation

A cantilever can also be driven by electrostatic forces. The electrostatic force,
also known as the Coulomb force, consists of the attractive or repulsive force
between two charged particles. Applying an alternating voltage between the
cantilever surface and the underlying substrate generate electrostatic forces and
results in the actuation for the structure [75, 76].

Piezoelectric Actuation

A piezoelectric material is a material that produces mechanical deformation, i.e.
shrinkage or expansion, when an electrical field is applied. Cantilever actuation
can be performed by depositing a thin layer of piezoelectric material such as lead
zirconate titanate (PZT) and polysilicon onto the device and applying a
sinusoidal voltage [51, 77]. Alternatively, a cantilever chip can be simply
attached to a piezoelectric actuator to induce resonance [16].

A piezoelectric cantilever has the advantage of simultaneous electrical excitation
and detection of the mechanical resonance using a feed back circuit. Also, it can
be easily integrated with a lab-on-a-chip because external hardware or equipment
is not needed. However, it generally requires additional conductive layers on the
oscillator surface, which, in turn, reduces the quality of the resonance [78]. Also,
fabricating the electrical connection to the individual cantilever in arrays can be
complicated.
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Photothermal Actuation

When heat is passed through a stack of materials with different thermal
expansion coefficients, stresses are built between the layers and result in bending
motion. Photothermal actuation is a method of thermally driving resonance using
a laser beam as a localized heat source. A laser beam modulated at device
resonance is focused on the cantilever’s clamped end, typically consisting of a
thin silicon or silicon nitride device layer and a sacrificial silicon oxide layer
underneath. The difference in the thermal expansion coefficients of these layers
generates a periodic compressive and tensile stresses which again drives the free
end of the cantilever beam in resonance [78, 79].

Photothermal actuation offers easy implementation since electrical connection to
the device is not required. It is also easy to integrate with an optical
interferometric resonance detection system. The disadvantage of photothermal
actuation is that an external laser is needed, which has not been integrated on a
chip and therefore it may increase the costs and dimensions of the system [19].

2.1.3 Fabrication Techniques
Fabrication of micro-/nano-cantilevers is based on two distinct micromachining
strategies: (a) bulk micromachining and (b) surface micromachining [13, 80].
Bulk micromachining is used to create suspended structures by removal of
substantial portions of the substrate. Surface micromachining uses the original
substrate as a base for another layer in which the device is fabricated. Both
strategies involve common fabrication processes such as thin film deposition,
photolithography, doping substrate and etching. These are well established
technologies commonly used in fabricating integrated circuits. For in-depth
information of these techniques, please refer to ref. 85 and 86. The most
commonly employed substrate is single crystal silicon with silicon oxide, silicon
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nitride, polycrystalline silicon (polysilicon) and metal films used as device layers.
Polymers have also been used to fabricate static cantilevers since polymers can
provide much larger beam deflection to give, in turn, better sensitivity for given
amount of surface stress [81-83].

1. Deposit device layer by CVD

2. Pattern & etch device layer

3. Deposit SiO2 by CVD

4. Pattern & etch backsideSiO2

5. Remove resist & etchSi

6. Etch SiO2 using HF acid
Figure 2.4: Bulk micromachining process flow
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2.1.3.1 Bulk Micromachining
Bulk micromachining is a subtractive technique in which a Si substrate is used as
the sacrificial layer [13, 84]. Figure 2.4 shows the overall bulk micromachining
process for a silicon cantilever. First, a thin device layer is deposited on the Si
substrate using chemical vapour deposition (CVD) (Fig 2.4 (1)). The cantilever
shape is patterned on the photoresist-coated wafer and a trench around the
cantilever is etched by a reactive ion etching (RIE) technique (Fig 2.4 (2)).
Following the resist removal, a thin layer of silicon dioxide is deposited around
the wafer by CVD (Fig 2.4 (3)) and the layer on the backside of the wafer is
patterned and etched to make a trench (Fig 2.4 (4)). After removing the resist, the
exposed backside of the silicon substrate is anisotropically etched in potassium
hydroxide (KOH) or tetramethyl ammonium hydroxide (TMAH) [13] to release
the cantilever (Fig 2.4 (5)). KOH and TMAH can selectively etch Si over SiO2
with a high ratio. The device layer is typically an implanted dopant layer or a
thin film deposited on the substrate, that are resistant to the anisotropic etching.

1. Grow SiO2 on substrate

2. Deposit device layer

3. Pattern & etch device layer

4. Remove resist & etch SiO2
with HF acid

Figure 2.5: Surface micromachining process flow
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The oxide layer around the wafer is finally etched in hydrofluoric (HF) acid (Fig
2.4 (6)).

2.1.3.2 Surface Micromachining
Surface micromachining is an additive technique in which a sacrificial layer is
grown on a silicon substrate followed by a deposition of a device layer. Figure
2.5 depicts the overall surface-micromachining process for a silicon cantilever. A
SiO2 sacrificial layer is grown on the silicon substrate (1) followed by a
deposition of a device layer through CVD (2). The device layer is then patterned
with resist and etched using a reactive ion etch (3). Finally the device layer is
released by undercutting the sacrificial layer with HF acid (4).
Surface-micromachining involves a fewer processing steps than bulkmicromachining. However, the close proximity of the device to the silicon
substrate can result in stiction whereby the cantilever structure is not released but
stuck to the substrate [13]. This occurs due to the surface tension forces of the
liquid when drying the liquid in the space between the substrate and the
structural layer. Critical point drying can instead be used after step of releasing
the device layer to prevent stiction [13].

Cantilevers can also be surface-micromachined using silicon-on-insulator (SOI)
wafers. SOI wafer are composed of a thick bottom substrate layer of singlecrystal silicon, a middle buried silicon oxide layer and a top device layer of
single-crystal silicon or silicon nitride [86]. SOI wafers are readily available with
a device thickness of tens to a few hundred nanometers and with a buried oxide
layer thickness of up to a few micrometers. Fabrication on SOI wafer is useful as
fewer processing steps are necessary and an etch stop is already available.
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2.2. Microfluidic Immunoassays
Immunoassays are some of the most important analytical techniques and have
been widely used in clinical diagnoses, environmental analyses and biochemical
studies. They present one of the simplest methods of identifying and measuring
protein presence and concentrations [8]. The basis of immunoassays is the
sensitivity and specificity of the antibody-antigen interaction and this has shown
the capability of detecting a broad variety of clinically important analytes like
disease biomarkers, hormones, antibodies, viruses, bacteria and pollutants
present in biological samples [87]. A conventional immunoassay is carried out in
96-well microtiter plates and involves a series of mixing, reaction and washing
steps, which not only are laborious but also often lead to large errors and
inconsistent results [88, 89]. Also, several hours are required to complete one
assay due to the long incubation time required in each step. However, these
problems can be solved by a microfluidic immunoassay. Microfluidics are
optimal for this application due to automation, lesser required volume of
reagents which leads to reduction of cost, shortened analysis time, and potential
portability. In the following sections, reviews on material and techniques of
surface modification, fluid handling and detection used in microfluidic
immunoassays are presented.

(A)

(B)

Figure 2.6: Immunoassay systems (A) conventional microtiter-plate based immunoassay
system (Siemens) (B) integrated microfluidic chip (22 mm x 17 mm) for immunoassay.
Reprinted with permission from ref [2]. Copyright Elsevier, 2007.
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2.2.1 Material
The surface chemistry and optical transparency are two major considerations for
materials used in microfluidic devices. The surface property of the material is a
dominant factor for the surface modification and fluid handling within the chip,
and the optical property of the material governs the detection mode of
immunoassays [9].

Silicon was frequently used as a substrate in the early stage of microfluidic
development. Silicon-based devices take advantages of an extremely well
established technology for a nanometer scale fabrication and well characterized
physical and chemical properties. In addition, the surface chemistry of silicon
and silicon dioxide layer has been extensively studied and many techniques exist
to attach molecules and coatings on silicon substrates [10]. However, its nonoptical transparency in the UV/visible region is not suitable for the commonly
used optical detection methods in microfluidic devices (2.2.4) and the
requirement of an expensive fabrication facility consequently limits its use
towards commercialization [9].

Glass has been a standard material for most immunoassay applications in
replacement of silicon. Although more fragile than silicon, glass substrates offer
excellent optical properties throughout the visible spectrum. Glass has been
employed in applications such as microchip capillary electrophoresis and
immunoassay involving electrochemical detection [9].

However,

glass

fabrication requires extensive microfabrication facilities, much as silicon.

In contrast, polymer substrates are attractive materials due to ease of
microfabrication under normal laboratory conditions as well as optical
transparency and good chemical resistance. Polydimethylsiloxane (PDMS),
Polycarbonate and polymethymethacrylate (PMMA) are commonly used
polymer substrates in microfluidic immunoassays. In particular, PDMS is used
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extensively and can produce feature sizes as small as 10 nm [90]. The
elastomeric nature of the material makes it amenable to low pressure
applications as it seals well to form microchannels. In addition, PDMS can be
bonded irreversibly to itself, glass or silicon by treating both bonding surfaces
with an oxygen plasma [10, 91].

2.2.2 Surface Modification
Device miniaturization offers advantages of low cost due to reduced amount of
reagent volume and shortened analysis time. However, the increased surface-tovolume ratio with miniaturization can cause a major problem of degrading the
immunoassay efficiency due to the non-specific binding of the key reagents to
the surface of material [88]. Biomolecules such as antibodies have been known
to non-specifically adsorb to a hydrophobic surface. This adsorption often causes
protein denaturation and reduces their activities by more than 90% [92-94].
Control over surface properties is therefore required. Bovine serum albumin
(BSA) has been commonly used to prevent the non-specific adhesion of proteins
on microchannel surfaces. However, its non-permanency and the resulted
heterogeneity motivated alternative approaches such as the modifications
through surface chemistry [9, 10]. Chemical surface modification using covalent
bonding between specific biocompatible reagents and material surface has
provided uniformly oriented antibody immobilization leading to homogenous
antigen-antibody binding [95].

There have been considerable efforts in surface modification of polymer
materials compared to silicon and glass. Polymer surfaces are generally
hydrophobic, and proteins and other molecules tend to adsorb to their untreated
surfaces. For improvement of the assay performance, Bai et al. [88, 96] treated
the PMMA surface of the microchannel on the microfluidic device with an amine
bearing hydrophilic polymer, polymer(ethyleneimine) (PEI) and achieved a
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tenfold increase of active antibodies than those with an untreated PMMA surface.
The PDMS surface can be temporarily made hydrophilic through oxidation by
either UV exposure [97, 98], oxygen plasma treatment [98] or CO2-pulsed lasers
for polymerization and grafting of vinyl monomers [99]. Currently explored
methods to produce stable hydrophilic surfaces includes polymer grafting [100,
101] and chemical functionalization with covalent bonding of poly(vinyl
alcohol) on a silanized PDMS [102], and implementation of a small amphipathic
fungal protein called hydrophobins [106]. Recently, the use of supported bilayer
membranes (SBMs) has attracted considerable attention for surface modification
and functionalization. The SBM is a biointerface in which a single lipid bilayer
is attached to the solid substrate by physical interactions or chemical bonds.
Phillip et al. [103, 104] utilized phosphatidylcholine membranes assembled on
plasma-oxidized PDMS by vesicle fusion and achieved a reduction of 2-3 orders
of magnitude in nonspecific adsorption of avidin and BSA, as compared to that
on only plasma oxidized surfaces.

2.2.3 Fluid Handling / Delivery
The common methods for delivering fluids in microchannels are the pressure[107-118] and electrokinetic- [90, 119-124] driven flows. In pressure-driven flow,
reagents are typically delivered to the inside of the microchannel by using the
pressure gradients along the channel. These gradients can be created either by
applying a vacuum at the outlet while opening the inlet to atmospheric pressure
or by applying a pressure at the inlet while opening the outlet to atmospheric
pressure. This can be done by using a syringe pump or vacuum [118]. Pressuredriven flow takes advantage of being effective for a wide range of solutions
including non-electrically conductive fluids. However, its traditional mechanism
requires an external pump or a vacuum source (i.e. syringe pump or vacuum)
which can make the device bulky and less portable. Microvalves that can be
integrated into a chip have thus been developed by exploiting the elastomeric
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property of PDMS. Quake and co-workers [107, 108] and Grover et al. [109]
used PDMS as a deflecting thin membrane to fabricate a pneumatically actuated
valve and formed a peristaltic pump by arranging three valves in a row.

Passive fluid handling techniques such as capillary pump [111-117], gravityinduced flow [125] and air-evacuated PDMS pumping [110] have been gaining
attention due to their simplicity and ease of operation. In the case of capillary
pumps, spontaneous filling of the channel is induced by the interplay between
the surface tension of the liquid and the chemistry and geometry of the channel
walls [7-10]. Delamarche et al. [115] used capillary action in plasma-oxidized
PDMS to deposit immunoglobulins onto a surface. Juncker et al. [117]
developed a microfluidic capillary system that autonomously transports aliquots
of different liquids in sequence to perform a sandwich immunoassay for Creactive proteins. These passive fluid delivery techniques do not require any
external power supply or control device and are geared towards reinforcing the
realization of a complete automation for a point-of-care type chip.

Electrokinetically driven flow is a well-established method amenable to
automation [10]. This flow is based on electroosmosis which results from the
movement of charged molecules in an electric field. In glass microchannels or
plasma-oxidized PDMS-based microchannels, a thin layer of cation-enriched
fluid forms at the surface of negatively charged silanol groups of the channel
wall [90]. The layer of cations is driven towards the negatively charged cathode
when an electric potential is applied to the channel and the motion is transferred
to the rest of the liquid through viscous drag. Electrokinetic-driven flow takes
advantage of the easy fluid flow control through an automatic switching module,
but is limited to the use of conductive liquids. The need for an off-chip power
supply and evaporation of solvent due to heating are other disadvantages. Dodge
et al. [124] were the first to report an electrokinetically-driven immunoassay
within a microchannel network where immunoglobulin (IgG) was tested on
surface-immobilized Protein A. Linder et al. [122, 123] employed electrokinetic
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sample transport to perform a sandwich immunoassay for human IgG. Gao et al.
[120, 121] and Hu et al. [119] have developed electrokinetically-controlled
immunoassay chips made of PDMS-coated glass for the detection of multiple
analytes such as Helicobacter pylori and E. coli and achieved detection limits as
low as 3 µg/mL of E. coli.

2.2.4 Detection
Detection techniques can be classified as labelled and label-free detections. Most
applications use a label to increase the sensitivity of detection. Fluorescence and
electrochemical methods are currently the two dominant label-based detection
techniques. Surface plasmon resonance (SPR) is a common label-free detection
approach that has also been implemented in microfluidic devices.

The most common detection method used in immunoassays is fluorescence,
primarily due to its high sensitivity and the ease of use. Fluorophores and
enzyme-labeled antibodies/antigens are two common conventional label-based
techniques. Immunocomplex formation can be monitored by direct fluorescence
observation when an antigen interacts with a fluorophore-labeled specific
antibody [9]. Enzymes are powerful labels because they act as biological
catalysts and result in the acceleration of various biological reactions [126]. The
advantages of working with enzymes include high catalytic activity, selectivity
and the sensitivity especially when used in sandwich immunoassays such as
enzyme-linked immunosorbent assays (ELISAs) in which antigen in the
unknown is bound to the pre-immobilized antibody site, then enzyme-labeled
antibody is bound to the antigen. Eteshola et al. [127] developed a PDMS
microfluidic device to perform ELISAs for sheep IgM and achieved a sensitivity
reaching 17nM. Integration of other signal amplification strategies can further
enhance signal sensitivity [128-130]. Shin et al. [128] demonstrated a C-reactive
protein (one of the acute phase proteins found in the blood in response to
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inflammation) immunoassay with 20-fold amplified fluorescence intensity using
microbeads as solid substrates for the primary antibodies. Microbeads can
enhance the sensitivity of assays by improving surface to volume ratio for
reactions and thus boost the efficiency of sample-reagent interactions.
Electrochemical detection is the second most commonly used method and often
uses an enzyme or an electroactive molecule as a label. Electrochemical
detection is typically performed through amperometry by measuring the current
as a function of time while the potential at the electrode is held constant. Rossier
et al. [131] presented a polymeric microfluidic device with an integrated
electrode for ELISA to detect D-Dimer, an important element of the blood
coagulation mechanism, with a detection limit of 100 pM. Some significant
merits of electrochemical detection are easy miniaturization and low power
requirements. However, the miniaturization-accompanied decrease in current
requires the improvement of electronics and/or shielding to allow for low current
measurement and stability of a reference electrode [10]. Improved sensitivity can
be achieved by using an amplified electromechanical transducing system, such
as an interdigitated array (IDA) electrode to allow for the regeneration of
electroactive species [87]. This system include two working electrodes, each of
which is an array of planar and parallel metal fingers, which are interdigitated
but separated by insulating material. When the potential of each set of electrodes
is controlled individually, a species oxidized at one electrode can be reduced at
the neighbouring electrode, making the molecule available for a subsequent reoxidation.

Label-based microfluidic immunoassays possess drawbacks [132]. First,
chemical labelling of proteins may change their surface characteristics so that
their physical activity is impaired. Labels are connected to antigens or antibodies
in a random way, and, depending on the binding site, the labels could interfere
with the function of the protein, reducing its chemical activity. Secondly, the
varying labelling efficiency for different proteins makes accurate quantification
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of the results difficult. Thirdly, the labelling procedure is time consuming and
labour intensive. In addition, labelled detection especially fluorescence technique
becomes increasingly difficult due to sensitivity being not enough to distinguish
very few fluoresced photons from the background as the detection limits enters
ng/mL ~ pg/mL concentration [13]. In effort to overcome the aforementioned
problems, there have been a rising number of reports on label-free detection
implemented within microfluidic immunoassays. Surface plasmon resonance
(SPR) has been widely used as a label-free technique for a variety of chemical
and biochemical applications (Fig. 2.7). Lee et al. [134] have developed a SPRbased IgG immunosensing chip which includes arrayed microchannels, micropumps and -valves, flow and temperature sensors and heaters. The detection
limit obtained was 10 ng/mL. In addition, Kurita et al. [135] demonstrated an onchip enzyme immunoassay for B-type natriuretic peptide (BNP), a cardiac
marker, using microfluidic device combined with a portable plasmon resonance
system, and achieved 5 pg/mL of BNP. Other interesting microfluidic label-free
detections include quartz crystal microbalance (QCM) and MEMS cantilever
sensors. Immunological receptors are immobilized on the quartz wafer electrode
or the resonator surface and the presence of target proteins is determined by
monitoring the shift in the resonance frequency due to surface-adsorbed mass of
the target proteins. Michalzik et al. [136] presented a miniaturized QCM
microfluidic system which detected 0.5 µg/mL anti-protein A by coating the
quartz substrate with 2 µg/mL protein A. Detection of prostate-specific antigen
(PSA), a biomarker for prostate cancer, using microcantilevers integrated in
microfluidic cells has been demonstrated in static [37, 38] and dynamic [16]
mode of operation with the overall sensitivity of 0.2 ng/mL obtained in liquid.
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Figure 2.7: Typical set-up for a surface plasmon resonance biosensor. Typically a thin gold-film is
coupled to a glass prism and a plane polarized light is directed through a glass prism to the
gold/solution dielectric interface over a wide range of incident angles. The intensity of the resulting
reflected light is measured against the incident light angle with a detector. At certain incident light
wavelength and angles, a minimum in the reflectivity is observed at which the light waves are coupled
to the oscillation of surface plasmons at the gold/solution interface. The angle of the minimum in
reflectivity is denoted as an SPR angle. The SPR angle shifts (from I to II in the diagram) when
biomolecules bind to the gold surface and change the mass of the surface layer. This change in
resonant angle can be monitored non-invasively in real time as a plot of resonance signal (proportional
to mass change) versus time. Reprinted with permission from ref [156]. Copyright Springer, 2003.

(A)

(B)

Figure 2.8: (A) Quartz crystal microbalances. (B) A quartz crystal resonator coated with a receptor
integrated into a flow cell to which target molecule can be added. As liquid is passed over the surface the
crystal resonates giving a signal. Reprinted with permission from ref [156]. Copyright Springer, 2003.
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Chapter 3
Microchip Design and Fabrication
This chapter describes the design and fabrication of an integrated MEMS-fluidic
device developed in this thesis. The 2.5 cm by 1.2 cm device chip consists of a 1
cm by 1 cm silicon nanoresonator chip and a tri-layer of glass-PDMS-glass
structure for integration of micro pneumatic valves and pumps. The
nanoresonators with the thickness of 340 nm and the width of 700 nm are
designed to operate at 4.5 MHz ~ 10 MHz, depending on the resonator length
(6.8 µm ~ 10.5 µm). The ability of the resonators in the system to resist stiction
is also investigated by treating the device with liquid.

3.1 Design and Fabrication
3.1.1 NEMS Resonators
Figure 3.1 summarizes the surface micromachining technology used to fabricate
the resonating devices. The fabrication process was performed at the University
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of Alberta Nanofabrication facility. Arrays of nanoresonators were fabricated on
(100) silicon-on-insulator (SOI, Soitec) substrate with a 340 nm thick device
layer and a 1 µm thick buried oxide layer. First, a 4 inch SOI wafer was diced
into 1cm x 1cm small chips and cleaned in hot Piranha (3:1 H2SO4:H2O2) for 20
minutes to remove any residual organics. Electron beam resist, PMMA 950K A2
(Microchem), was spun onto the chip at 500 rpm for 10 s and 4000 rpm for 40 s.
The chip was then baked on a hot plate at 200 oC for 5 min to remove any
residual solvent. Electron beam lithography (EBL, Raith 150) was used to
pattern the resonators on the chip with an accelerating voltage of 10 kV, an
aperture of 20 µm and an electron dose of 125 C/cm2. The pattern was developed
with a solution of 3:1 IPA : MIBK (Microchem) for 30 s followed by a 15 s IPA
rinse. Areas of the device layer exposed in development were then
anisotropically dry-etched in an ICP-RIE at a chamber pressure of 20 mTorr
using gas flows of 80 sccm C4F8 and 110 sccm of SF6. After the dry-etch, the

Spin coat with PMMA

Pattern with EBL and develop PMMA

Dry- etch the device layer

Release structure in BOE and
dry with nitrogen
Silicon

Oxide

PMMA

Figure 3.1: Fabrication process flow of silicon Nanoresonatorson SOI wafer
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remaining PMMA was stripped with acetone and the nanoresonators were
released by removing the sacrificial oxide layer in a buffered oxide etchant (BOE,
10:1 ammonium fluoride:hydrofluoric acid) for 24 min followed by a deionized
(DI) water rinse. Lastly, the sample was dried using only a nitrogen gun. A
critical point drying step was not required since the device did not experience
stiction mainly because of the thick buried oxide layer that provided far apart
distance between the device layer and the base layer. The resulted
nanoresonators were 340 nm thick, 700 nm wide and 6.8 µm, 9 µm, and 10.5 µm
long on average including approximately 700 nm undercut, and each chip
includes 6 x 3 arrays of resonators at each beam length (Fig 3.2).

Figure 3.2. SEM of arrays of nanoresonators

3.1.2 Tri-layer Fluidic Structure
A micro pneumatic valve and pump based on tri-layer architecture were
integrated in the chip for automated sample delivery. These were originally
developed by Grover et al. [109] and subsequently modified by Kaigala et al. in
the Applied Miniaturisation Laboratory [137]. The valve structure consists of a

35
top glass layer (control layer), a bottom glass layer (flow layer) and a PDMS
layer between these two layers (Fig 3.3 (A)). The 1.1 mm thick control layer
(borofloat glass) includes valve seats where pressurized air and vacuum are
connected to close and open, respectively. The 500 µm thick flow layer (0211
glass) includes microchannels for sample flow and a rectangular hole that serves
as a reaction cell. A peristaltic pump is created once the three valves are
connected in a row (Fig 3.3 (B)).
Figure 3.4 summarizes the fabrication procedure for the control and flow glass
layers in tri-layer fluidic structure. First, 4 inch square glass wafers were hot
Piranha-cleaned, sputter-coated with a masking layer of 30 µm of chrome (Cr)
and 180 µm of gold (Au) and cold Piranha-cleaned to remove any residual
organics on the wafer surfaces. The wafers were subsequently spin-coated with
HPR 504 photoresist (Fujifilm) at 500 rpm features were patterned by UV
exposure (4 s, 356 nm and with an intensity of 19.2 mW/cm-2) through the
chrome mask. Resist development was performed using Microposit 354
developer (Shipley Company) for 25 s while the exposed Cr/Au layer was etched
(A)

Pressurized air

vacuum

PDMS

Closed

Open

(B)

Figure 3.3: Schematics of (A) pneumatic microvalve (B) pneumatic
peristaltic micropump
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using Cr etch (Arch Chemicals Inc.) and Au etch (0.0985 M I2 + 0.6024 M KI),
respectively. The exposed glass wafers were then isotropically etched in
hydrofluidic acid (20 : 14 : 66 HF(49%) : HNO3 : (70%) : H2O) to a depth of 90
µm for the control layer and 40 µm for the flow layer. Au and Cr layers were
then subsequently stripped off with acetone and the appropriate etchants. Holes
for inlet, outlet and air/vacuum access (1 mm in diameter) as well as the
resonator cell (3.5 mm x 2 mm) were drilled through the glass wafers using a
Waterjet system (Bengal, Flow International Corp.). The wafers were hot Piranha
cleaned again and diced into 2.5 cm x 1.2 cm chips. One glass wafer could make
24 chips.

3.1.3. Microchip Assembly
The arrays of nanoresonators on the silicon chip were aligned with the cell in the
flow layer and bonded to the unetched side using an UV epoxy (Norland Optical

Control layer

Flow layer
Spin-coat resist
on Cr/Au /glass

Pattern features,
develop resist and etch
Cr/Au layer
Etch glass layer and
strip off resist and Cr/Au

Drill holes
Glass

HPR 504
resist

Cr/Au

Figure 3.4: Process flow of control and flow layers in tri-layer fluidic architecture
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Adhesive 81) (fig 3.5 A). A PDMS membrane (254 µm) and the etched side of
the control layer were then irreversibly bonded together using UV exposure
[137] (fig 3.5 B). The membrane was subsequently hole punched to create
sample access. The PDMS-control layer and the silicon-flow layer were then
bonded together to complete the microchip (fig 3.5 C). The glass layers can be
recycled by removing the PDMS through pentane submersion and a subsequent
Piranha clean [138]. The overall cross section and the top view of the microchip

2.5 cm

1.2 cm

(A)

micropump

pipette

Nanoresonator chip

Resonator
cell

valve

(B)

PDMS
Glass

Figure 3.5: Microchip assembly flow

are shown in Figure 3.6.

Figure 3.6: Microchip (A) top view (B) cross section
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3.2 Experiment and Result
3.2.1 Fluid Handling
Experiments were conducted to test the automated fluidic handling capabilities
of the microchip. The chip was mounted on a platform and connected to in-house
air/vacuum sources which were controlled by a custom-built microcontrollerdriven circuitry [137] (Fig 3.7). Pressures of – 7.4 psi and 20 psi were used to
open and close the microchannel, respectively. Liquid samples such as DI water
and ethanol were dispensed from a pipette into the inlet while the pump and the
valve were actuated. Approximately 15 s and 18 s were required to fill and purge

Figure 3.7: Microchip connected to air/vacuum sources on miniaturized
pump/valve controlling platform

out the 3.5 µL resonator cell, respectively, using approximately 5.5 µL of liquid.
The time and the sample amount required can be reduced by making the
resonator cell smaller. The dimensions of the resonator cell (3.5 mm x 2 mm x
500 µm ) were chosen such that the alignment of the nanoresonator arrays with
the resonator cell could be performed with the naked eyes.
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3.2.2 Resonance after Liquid Treatment
Immunoassay commonly involves a series of solution flows for surface
modification, antibody-antigen immobilization and the associated washing steps.
Therefore, the ability of the encapsulated resonators to resist stiction after
flowing liquid was studied by assaying the resonance before and after liquid flow.
An interferometry-based resonance-assaying system [139] (Fig 3.8) which has
been setup by Dr. Miro Belov from NEMS Lab was used to assay the resonant
frequencies of the resonators. The technique relies on the interference of the
lights reflected off from the resonator and the substrate. The motion of the
resonator changes the height of the gap between itself and the substrate and
results in the phase shift of the light traveling through this gap. This produces a
small modulation of the reflected signal.
The microchip was mounted on a piezoelectric element inside a small vacuum
chamber which was pumped to the 10-4 Torr range. The piezoelectric element
was actuated by the tracking output of a spectrum analyzer (Agilent model
4411B). A diode laser ( λ = 650 nm) beam was directed through a beamsplitter
and focused onto the devices with a beam spot of ~ 1.4 µm using a 0.45
numerical aperture microscope objective. The resultant modulated signal was
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Figure 3.8: Schematic of resonance assaying interferometric system
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reflected backward and impinged on an ac coupled photodetector (New Focus
model 1601). The photodetector output was then fed to the input of the spectrum
analyzer.

Table 3.1 Frequency measurements before and after liquid flow
Measured Resonator
Length
[Related Measured
Frequency,
Calculated Frequency]
6.8 µm

DI Water

Ethanol

Average
∆f (kHz)

Average ∆f (%)

Average
∆f (kHz)

Average ∆f
(%)

5.1

0.051 ± 0.012

3

0.03 ± 0.01

3

0.05 ± 0.02

1.9

0.032 ± 0.008

2.2

0.048 ± 0.017

1.3

0.029 ± 0.012

[ 10MHz, 10.7 MHz ]
9 µm
[ 6 MHz, 6.3 MHz]
10.5 µm
[ 4.5 MHz, 4.7 MHz ]

These devices will ultimately be used to detect the attachment of target
biomolecules in fluid solution through monitoring of any resonant frequency
shift associated to their mass.

However, immersion in fluid solution can by

itself modify the surface of the devices and/or contaminate it with other material,
possibly inducing frequency shifts that would be unrelated to the attachment of
the target of interest. In order to assess this possibility, initial control experiments
were performed where freshly fabricated resonators were immersed in deionized
water and ethanol. The calculated (Eq. 2.5) and measured resonance frequencies
for 6.8 µm, 9 µm and 10.5 µm long cantilevers were 10.7 MHz and 10 MHz, 6.3
MHz and 6 MHz, and 4.7 MHz and 4.5 MHz, respectively. The experimentally
measured resonant frequency was systematically lower than the predicted one by
5 to 7 %. This is likely vaused by a small undercut of the anchor point that
effectively elongates the resonant structure compared to its design length,
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lowering the experimentally-observed resonant frequency. Following the first
resonance-assaying, ethanol or DI water was then pumped into and kept in the
resonator cell for 30 min. Following purging the cell, each chip was dried with
nitrogen and subjected to resonance assaying again in the interferometric setup.
Table 3.1 summarizes the frequency shift (∆f) for each beam length averaged
over the measurements from more than 12 chips after liquid treatment. The
percent frequency shifts averaged over the three beam lengths due to DI water
and ethanol exposure were 0.05 ± 0.02 % and 0.03 ± 0.01 % respectively. In
addition, this test conclusively demonstrated that the resonators were resistant to
stiction following exposure to fluid.

3.3 Conclusion
A microfluidic device was developed with integrated arrays of silicon
nanoresonators and automated pneumatic micro pumps and valves. The
integrated resonators were 340 nm thick, 700 nm wide and 6.8 µm, 9 µm, and
10.5 µm long, and presented resonant frequencies of 10 MHz, 6 MHz and 4.5
MHz, respectively. The pneumatic micro pump and valves were based on a trilayer architecture consisting of two glass layers and a PDMS membrane. This
device utilized a liquid sample of 5.5 µL to fill a 3.5 µL resonator cell and the
automated micropump delivered the sample at ~ 0.23 µL/s. The resonance
assaying before and after a liquid flow demonstrated the feasibility of the
resonators to work in the microfluidic system. The measured frequency shifts
due to the flow of each DI water and ethanol were approximately 0.05 ± 0.02 %
and 0.03 ± 0.01 % respectively, and these shifts from the plain liquids put a lower
limit on the sensitivity of the devices. The resonators were resistant to stiction
and their resonance abilities were retained after liquid treatment in the fluidic
system. This is the first time demonstration of integrating NEMS resonators with
on-chip and automated sample delivery system on a chip. The encapsulation of
the resonator-based sensing platform in the system provided an increased device
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portability with being less susceptible to contamination and inter-run variation
and a reproducible performance baseline for sensor systems.
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Chapter 4
Resonator Performance
4.1. Introduction
Nanomechanical resonators must operate at reduced pressures in order to avoid
Q factor degradation due to viscous damping. However, viscous damping is an
unavoidable challenge for resonant devices in chemical- or bio- sensing where
detection is carried out in air or liquid. The resonator must operate in a nonvacuum environment to realize the concept of lab-on-a-chip at its full potential.

There have been efforts to improve the operation of resonant sensors in air or
liquid by: the use of higher order modes as the associated increase in the
frequency can significantly increase the intrinsic sensitivity compared to the
fundamental bending mode for a given cantilever as illustrated in Eq. 2.4 [3-4, 910], and the use of the lateral, in-plane mode or the torsional mode in addition to
the higher harmonics as it has also exhibited larger Q factors than the
fundamental bending mode [156]. The double paddle resonator in torsional mode
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is an example of another device showing improved performance using higher
order modes, demonstrating a reduction of internal friction by a several orders of
magnitude [10]. Also, Burg et al. [151-152] made a significant innovation by
encapsulating a microchannel within a resonator instead of the opposite. Viscous
damping was thus avoided and the Q factor was unaffected. In addition, the
choice of actuation technique has shown to improve the Q factor in a viscous
environment [40, 41].
In this chapter, we investigate the impact of the actuation techniques chosen on
the Q factor of the nanoresonator encapsulated in a micro-cell. Specifically,
photothermal and piezoelectric actuations have been chosen for this comparison.
We first compare their theoretically and experimentally obtained Q factors at
varying pressure to show that those experimental values are reliable and
consistent with the theory. Then, the effect of encapsulating nanoresonators in a
micro-cell on the Q factor is investigated. Finally, the effect of the choice of
actuation technique on Q factor is investigated by specifically comparing
photothermally and piezoelectrically actuated resonators at varying pressure.

4.2. Theoretical and Experimental Q Factors

4.2.1 Theoretical Q Factor Calculation
The overall Q factor is calculated (Eq. 2.8) based on the Q factors associated
with thermoelastic damping (TED), support loss and air damping as introduced
in Chapter 2. The lowest individual Q factor of the three is the limiting factor to
the overall Q factor. A theoretical resonator, 10 µm long, 700 nm wide and 340
nm thick made of single crystal silicon, is used for these calculations. The TEDassociated and support loss Q factors are calculated from Eq 2.9 – 2.12 using the
values summarized in table 4.1.
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The performance of a resonator operating in a non-vacuum environment is
strongly influenced by either the surrounding air pressure in molecular regime or
the viscosity of surrounding fluid in viscous regime. The specific regime of
operation is determined by the Knudsen number, Kn. A resonator operates in
viscous region for Kn < 0.01 and in

Table 4.1. Values of parameters used for the calculation of TED associated Q
factor for the standard silicon resonator
Parameter

Parameter Name

Value

T

Absolute temperature

300 K

ρ

Density of silicon

2330 kg/m3 [60]

f

Fundamental resonant frequency

4.8 MHz

E

Young’s modulus

1.70 x 1011 N/m2 [140]

CP

Specific heat capacity

705 J/(kg-K) [141]

κ

Thermal conductivity

148 W/(mK) [141]

α

Thermal expansion coefficient

2.3 x 10-6 K-1 [140]

t

Thickness of resonator beam

340 nm

Table 4.2. Values of parameters used for the calculation of Qair for the standard
silicon resonator
Parameter

Parameter Name

Value

T

Absolute temperature

300 K

ρ

Density of silicon

2330 kg/m3 [60]

fo

Fundamental resonant frequency

4.8 MHz

M

Molar mass of air

28.694 x 10-3 kg/mol

P

Pressure

101325 Pa

T

Thickness of resonator

340 nm

R

Universal gas constant

8.314 J/(mol.K)
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Figure 4.1: Graph of theoretical Q factor at various pressure levels

molecular region for Kn > 10. Using the commonly reported value of λ mfp = 65
nm [153] in air at atmospheric pressure and setting the size of the beam w = t
=340 nm, the Kn for the sample resonator is calculated to be
Kn =

λmfp
w

= 0.2 [unitless]

(4.1)

Therefore, the sample resonator operating at atmospheric pressure falls in the
crossover regime. We will however estimate the Qair at high pressure assuming
the air damping in molecular regime because no analytical solution exists in the
crossover region. Table 4.2 summarizes the values of the parameters in the
equations. In Figure 4.1, Qsupport (square), Qair (diamond) and Qtotal (triangle) at
varying pressure are plotted on the same grid. The QTED is not shown in the plot
since it is in the range of 105 at all pressure level. The effect of thermoelastic
dissipation is negligible compared to other two loss mechanisms. The Qair below
5 Torr is greater than 104 and not shown as well. Also, Qair has mathematically
little effect on Qtotal at P < 0.01 Torr.
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From Figure 4.1, we see that Qsupport << Qair at low pressure and Qtotal is therefore
limited by the support loss (region A). A significant degradation of Qtotal does not
start until the pressure reaches 1Torr (region B) and the rate of degradation starts
slowing down from approximately 10 Torr at which the Qsupport is much higher
than Qair. Here, the air damping is the dominant source of loss (region C).

4.2.2 Q Factor Comparison
The Q factor of a 5MHz bare resonator was empirically obtained and compared
to the theoretical Q factor at varying pressures to verify the reliability of the
setup. The necessary pressures were created through a control valve attached to
the vacuum chamber. The valve was slowly opened after the initial pump down
to allow air into the chamber. Figure 4.2 shows the curves of experimental
(triangle) and theoretical (diamond) Q factors at various pressure points. The
trend of the experimental Q factor is clearly consistent with that of the
theoretical Q factor. Both experience significant degradation starting at
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Figure 4.2: Graph of experimental and theoretical obtained Q factors at varying pressure
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approximately 1 Torr and the degradation slows down at approximately 10 Torr.
This trend agrees with results previously reported by Aubin et al. [18]. The
discrepancy in the values can be explained by the surface loss (2.1.2.4) which
becomes a significant effect at low pressure as the surface-to-volume ratio of the
resonant device increases [55, 60]. This consistent trend of experimental and
theoretical Q factors assures that the currently used measurement setup and the
nanoresonator performance are reliable.

4.3. The Effect of Encapsulation on Q Factor
The effect of encapsulating the resonators in the resonator cell on the Q factor
was studied by measuring the Q factor of the same resonator before and after the
encapsulation. First, a bare resonator chip was installed in the vacuum chamber
and the Q factor was measured while the system was leaked at various rates after
being pumped down. The resonator was then taken out of the vacuum and
encapsulated in a microfluidic cell by assembling the microchip. The chip was
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Figure 4.3: Graph of Q factors before and after encapsulation

49
then re-installed into the vacuum chamber and the Q factor measurements were
repeated. Figure 4.3 shows the resultant curves of Q factor at varying pressure
before (triangle) and after (diamond) encapsulation. Both curves are in good
agreement. Even though the pressure inside the micro cell could not be directly
measured after encapsulation, the resulted plot assures that, first, the Q factor
reached while pumping down the microfluidic channels/microcell was
maximized due to the removal of viscous damping effects and not due to
reaching an outgassing limited minimum channel pressure [18]. Secondly, a
reproducibility of the plot even at various rates of air leakage into the system
assures that the pressure change was from the introduction of the air and not
from the outgassing or miscommunication of the micro cell to the external
vacuum system. In conclusion, the effects of encapsulation on the resonance
performance were negligible.

4.4 The Effect of Actuation Mechanism on Q
Factor : Piezoelectric vs. Photothermal
An appropriate choice of actuation mechanism has been reported to improve the
performance of resonators in viscous environment by reducing the obscuring
signals that can be generated by actuation mechanisms [40, 41]. Among the
various actuation mechanisms introduced in Chapter 2, here we focus on
photothermal actuation in comparison to the piezoelectric actuation.

Photothermal actuation is an attractive mechanism especially in integration with
optical interferometric assaying setup. This mechanism has demonstrated of its
capability of working in high pressure environments. Sekaric et al. [142]
achieved a Q factor greater than 1000 in air at room temperature with an
optically-driven paddle-shaped resonator. Sampathkumar et al. [143] and Lavrik
et al. [144] have obtained the Q factor of 30 ~ 54 and femtogram mass detection
at ambient pressure. Verbridge et al. [145] have reported a Q factor of ~ 400 in
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air and ~5 in liquid for an optically driven resonator. Photothermal actuation
scheme integrated with an optical detection system is advantageous due to
absence of external electric or magnetic fields, operation over a wide range of
temperature and simple fabrication process of resonators [142, 145].
Figure 4.4 shows the schematic of the photothermal actuation system, set by Dr.
Miro Belov in NEMS Lab, in the existing interferometry detection setup [79].
Only minor changes were required to switch from the piezoelectric actuation
(Fig 3.8) to the photothermal actuation while the microchip fabrication process
remains unchanged. The newly added components are indicated in italic bold
letters. Resonator actuation was achieved by focusing an actuating diode laser
( λ = 690 nm) on the device anchor. The laser beam was connected to the output
of the spectrum analyzer to directly modulate at the resonance. The expected
spot size of the focused laser beam and the laser power on the device are 1.4 µm
and 1.5 mW respectively.

The microchip was mounted on the piezoelectric disc in the vacuum chamber for
comparison of the efficiencies of the two actuation schemes in a wide range of
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Figure 4.4: The schematic of all-optical actuation and detection setup
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pressures. The chamber was initially pumped down to ~ 10-4 Torr and the
pressure -control valve was then slowly opened to leak the air into the chamber.
The resonance response curve from each actuation mechanism was taken on the
same resonator at each pressure point by connecting the output port of the
spectrum analyzer once to piezoelectric disc and once to the actuating laser
source.
Figure 4.5 shows the resonance response curves from each actuation at pressures
of 1, 75 and 750 Torr. The piezoelectrically driven resonance curve shows
distortion and the Q factor becomes undeterminable as pressure increases. The
sweep time of the amplitude vs. frequency signal was varied from 0.5 ms down
to 0.1 µs over the span of 30 kHz to 400 kHz to ensure that the distortion is real
and not an overlap of the current and the previously scanned signals. This
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distortion remained the same even at different scanning intervals. This implies
that the distortion is real with respect to having the signal being reproduced
during each scan. On the other hand, the response curve of the photothermally
driven resonator maintained the Lorentzian curve shape and the Q factor of ~
100 was achieved even at atmospheric pressure (Fig 4.7). The superior
performance of photothermally actuated devices to that of piezoelectrically
actuated ones has been previously reported [145]. The lower efficiency of
piezoelectric actuation in air is attributed to the background signals including the
resonances from air molecules that can obscure the small resonance signals from
the resonators. Photothermal actuation provides a non-contact and point-like
method for resonator excitation in air [143] and thus allows easy identification of
the resonance without the presence of spurious data. This result provides the
promising potential use of the developed microfluidic chip in more practical
biosensing applications with increased portability through the elimination of the
expensive vacuum system and the improvement of integrating the optical
components into a compact system.
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4.5 Conclusion
The performance of the resonators has been studied using Q factors. First, the
trend of experimental Q factors showed consistency with theory. This assures
that our experimental setup and the measured data are reliable. Second, the
investigation on the effect of resonator encapsulation in the resonator cell of
which volume is in millilitre range showed that the encapsulation has little effect
on the performance of the device. Lastly, the effect of choice of actuation
mechanism on the Q factor was studied by comparing Q factors of piezoelectricand photothermally- driven resonators. Photothermal actuation was found as a
better choice than piezoelectric actuation for resonators operated in ambient
atmosphere. This result provides the feasibility of the use of the developed
microfluidic chip in more practical bioassaying applications with increased
portability through the elimination of the expensive vacuum system.
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Chapter 5
Protein Detection
Chapter 2 presented a review on MEMS/NEMS devices and their applications in
chemical and biological analysis. We described in Chapter 3 the design and
fabrication of nanoresonator-based microfluidic chips, and demonstrated the
automated on-chip fluid handling as well as the feasibility of the resonators to
work in the system. We also showed in Chapter 4 that the device performance is
in accordance with the theory at a wide range of pressure levels. In addition, the
all-optical transduction technique has been shown to perform better at ambient
pressure. This chapter combines all of the previous work together and
demonstrates the biosensing proof-of-concept of the integrated microfluidic
device. The biotin-streptavidin complex has been chosen to test the biosensing
capabilities of the devices since it is readily available and well-understood.
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5.1 Surface Modification
5.1.1 Introduction
Detection of specific biological analytes requires functionalization of the sensing
surface with the corresponding specific receptors. Immobilization of the
receptors on the surface can typically be achieved using self-assembled
monolayers.

Self-assembled-monolayers (SAMs) are long-chain organic molecules that
spontaneously self-organize onto the surfaces of appropriate substrates to form
stable, well-defined structures [146]. A generic SAM molecule consists of a
surface-active head group that attaches to its corresponding substrate surface, an
alkyl or derivatized alkyl group (CxHy) which through van der Waals interactions
Terminal
group
Alkyl or derivatized
alkyl group
van der Waals
interaction

Surfaceactive group

Chemical bond at
the surface

Figure 5.1: Schematic of a self-assembled monolayer on a surface
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assists in densely packed self-organization, and a highly-customizable terminal
group to which other species can bind [2] (Fig 5.1). SAMs are usually produced
by immersing a substrate in the solution containing precursor (ligand) that is
reactive to the substrate surface, or by exposing the substrate to the vapour of the
reactive chemical species [147]. The two common SAMs used for
immobilization

of

biomolecules

are

alkane-thiols

and

organo-silanes.

Alkanethiolated SAMs have a S-H head group in which the sulphur has strong
and stable affinity to gold surface, and have been widely used as a biosensing
platform. Organosilane SAMs have a silane as the surface-active head group and
are created by attachment of the head group to the hydroxylated silica (Si-OH)
substrate forming siloxane bonds (Si-O-Si) [2]. Although alkanethiolates have
been the most frequently used SAMs in surface biofunctionalization, the
requirement of gold-coated surfaces can decrease the Q factor and complicate
the fabrication process when used in nanoscale resonators [148].

The following section describes the vapour-based surface modification of the
silicon

nanoresonators

with

organosilane

SAMs.

Mercaptopropyl

trimethoxysilane (MPTMS) is employed as the SAM on the resonators for the
subsequent immobilization of the biotin-streptavidin complex.

5.1.2 Experiment
Arrays of nanoresonators integrated with microfluidic systems have been
fabricated along the design and procedure described in Chapter 3. The resonator
chip was bonded to a flow glass layer and subjected to a first-time resonant
frequency measurement prior to surface modification. The bonded chip was then
covered with a piece of PDMS such that only the silicon resonator chip is
modified with the reactive chemical species while the rest of the surface of the
glass layer is protected from the silanization.
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A set of two bonded chips, chip A and chip B, were oxygen cleaned for 90 s to
ensure the presence of silanol groups for silanization. Only chip A was placed
inside a vacuum desiccator with an open vial containing 100 µL of MPTMS
(95% pure, Sigma-Aldrich). The chamber was then pumped down to 200 mTorr
and left sealed for 16 hours. The chip was then rinsed with ethanol to remove the
unbound MPTMS molecules and the PDMS masking layers were removed from
both chip A and chip B. Each chip was then fully assembled by bonding to the
layers of PDMS-control glass and subjected to resonance assaying in vacuum for
a second time.

5.1.3 Result
The resonators in chip A were O2 cleaned and underwent silanization whereas
chip B was O2 cleaned only. Each process step has an associated mass added to
the resonators. The frequency shifts measured from both chips were then
compared to calculate the shift due to the deposition of the MPTMS layers only.
Table 5.1 summarizes the measured and calculated average shifts of the
resonators on both chips as well as the detected mass-per-area of each beam
length. The mass-per-area averaged from the three beam lengths is 2.32 ± 0.03
mg/m2. Since MPTMS is trifunctional, it allows the molecules to bond to the
surface as well as to bond laterally with each other to form a multilayer [152].
Therefore, using a MPTMS molecular mass of 196.34 g/mol (Sigma-Aldrich),
this corresponds to 7.1 x 1018 MPTMS molecules per m2 and 7.1 MTPMS
monolayers assuming each MPTMS molecule occupies ~ 1 (nm)2 [152].
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Table 5.1: Summary of frequency shifts and corresponding mass-per-area
calculation

Resonator Length
[Related
Frequency]
7 µm
[ 10.05MHz ]
9 µm
[ 5.96 MHz ]
10 µm
[ 4.76 MHz ]

Chip A
<O2 Clean &
Silanization>
Average
∆f (kHz)

Chip B
<O2 Clean Only>

Silanization

Average
∆f (kHz)

Average ∆f
(kHz)

Mass/Area
(mg/m2)

110

65

45

2.32

65

38

27

2.36

53

31

21

2.3

5.2 Protein detection
The applicability of this integrated microfluidic device to biomolecular detection
was demonstrated using streptavidin as target protein, an biotin as itsspecific
probe. The biotin-streptavidin complex was chosen as test system given its very
high affinity and stability [21].
In order to attach streptavidin onto the resonator surface, first, the thiol (-SH)terminated MPTMS layers are deposited on the Si surface (Fig 5.2 (1)). The
surface is then treated with thiolated-biotin (Biotin-HPDP, Pierce Biotechnology)
which readily forms a covalent disulfide bond (S-S) with the thiol group on the
MPTMS layer (Fig 5.2 (2)). Finally, streptavidin with four biotin-binding sites
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Figure 5.2. Overall process on resonator surface for streptavidin protein detection
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(Pierce Biotechnology) is attached to the biotin-functionalized surface (Fig 5.2
(3)).

5.2.1 Experiment
Silicon resonator chips and the glass layers have been fabricated along the design
and procedure described in Chapter 3. The resonator chip was then aligned with
and bonded to a flow glass layer prior to surface modification.
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Capture
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Figure 5. 3: Schematic of resonator surfaces of chip C & D : silanization-biotin-streptavidin

A set of two bonded chips, chip C and chip D, were oxygen cleaned and
silanized as described in 5.1, and bonded to the layers of PDMS – control glass.
These chips were to be subsequently treated with the solutions containing biotin
and streptavidin molecules to investigate the capability of the nanoresonators to
distinguishably respond to different molelcules and different concentrations of a
given analyte. Each chip was subjected to the resonance assaying. Biotin
immobilization was then carried out by dispensing 5.5 µL of 0.6 mg/mL biotin
solution into the inlet of the each chip. The biotin solution was made by mixing
1.2 mg/mL of biotin-HPDP in dimethyl sulfoxide (DMSO) with phosphate
buffered solution (PBS, 20mM, pH 7.4) using a 1:1 ratio. The solution was
delivered to the resonator cell by actuating the integrated pump and valve and
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pumped out after a 30 min incubation period. The device rinse was performed by
flowing DMSO, DI water and ethanol three times each to the cell to remove
unbound biotin molecules from the resonator surfaces. Each chip was then dried
with nitrogen [149]. Following a second resonance assaying of each chip, the
biotin-functionalized chip C and chip D were treated with 1 mg/mL and 10
µg/mL of streptavidin solutions, respectively. The solutions were made by
dissolving streptavidin molecules in PBS (20mM, 0.1% Triton X-100). The
solution was pumped out after a 30 min incubation time, and the resonators were
rinsed by flowing DI water and ethanol, and dried with nitrogen. Lastly, each
chip was subjected to frequency measurement a third time. Figure 5.3 illustrates
the process performed to capture streptavidin on the resonator surface in chip C
and chip D.

5.2.2 Result
The plot in Figure 5.4 is the result of the measured frequency shifts averaged
over three sets of chip C and D run consecutively at different times. The lower
concentration of streptavidin solution resulted in smaller frequency shifts as
expected since there are less streptavidin molecules available to be captured in
the solution. Table 5.2 summarizes the re-evaluated frequency shifts and
calculated detected masses of streptavidin averaged across five sets of chips
measured at different times. The systematic shift that had been observed
following exposure to plain DI (c.f. section (section 3.2.2.) was used as baseline
and thus substracted from the raw data. The measured frequency shifts are then
used to calculate the mass adsorbed to the resonators using Eq. 2.4. Using
molecular weights of 540 g/mol for biotin and 60,000 g/mol for streptavidin
(Pierce Biotechnology), the masses of a biotin molecule and a streptavidin
molecule are estimated to be 0.89 zg and 99.6 zg, respectively. Given that each
streptavidin molecule occupies an area of 45 nm2 [155], we estimate that the
captured streptavidin occupied 81 % of the resonator surface following exposure
to the 1 mg/mL solution, and 63 % of the surface following exposure to the 10
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Figure 5.4: Plot of measured frequency shifts due to the specific capture of
streptavidin: the dotted line represents the systematic shift observed following
exposure to DI water (Section 3.2.2). This shift was used as a base line and
substracted from the raw data (chip C and D).

µg/mL solution.

The minimum detectable mass from the resonator arrays is estimated to be 8.83
fg of biotin from the resonator operating at 10 MHz. This was obtained first by
subtracting the systematic shift from the measured shift and multiplying with the
ratio of the resonator mass to the original resonant frequency (Eq. 2.4).
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5.3 Conclusion
A nanoresonator-based integrated microfluidic device was successfully used for
the specific detection of the biotin-streptavidin binding complex. The sensing
platform for streptavidin detection was created by first modifying the resonator
surfaces with thiol-terminated MPTMS monolayers followed by immobilization
of thiolated biotin molecules. Streptavidin solutions of 1 mg/mL and 10 µg/mL
were then delivered onto the functionalized surfaces. The resonance frequencies
were measured in vacuum before and after introducing each sample solution to
the resonators. The systematic shift that had been observed following exposure
to plain DI water was used as baseline and thus substracted from the raw data.
The re-evaluated shifts due to streptavidin on biotin-functionalized surfaces
resulted in approximately a mass-per-area of 1.23 mg/m2 for 1 mg/mL
streptavidin solution and a 1.01 mg/m2 for 10 µg/mL streptavidin solution. These
correspond to 80 (nm)2 and 95 (nm)2 occupancy per streptavidin and 81 % and
63 % coverage over the biotin-covered surface, respectively. Also, the current
minimum detected mass from the resonators is estimated to be 8.83 fg from the 7
µm long, 340 nm thick and 700 nm wide resonators operating at 10 MHz. This
mass sensitivity is comparable to the recently reported cantilever-based detection
of biological masses (10-12 – 10-18 g) [13] using conventional dip-and-dry
method.

Although there have been a few demonstration of integrating NEMS resonators
into microfluidic systems for biosensing, to the best of our knowledge, this is the
first integration with the automated on-chip sample delivery system. Such
integration demonstrated a reproducible mass sensitivity comparable to that of
the conventional dip-and-dry method while using only a few microliters of
sample. The integration with the automated sample delivery systems also yields
greater susceptibility to device contamination and inter-run variation, providing
less human interruption and accurate control over each flow process involved in
the test.
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The current system in overall is not fully automated and still bulky involving the
external air-vacuum system for the automated sample delivery and a table-size
optical system for resonance-assaying. However, a further automation and
miniaturization of the systems ultimately into, for example, a hand held device
can produce portable, reliable and point-of-care biosensors with an ease of
access and use.
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Table 5.2 : Summary of re-evaluated frequency shifts and calculated masses of biotin and streptavidin after
subtracting the systematic shift

0.6 mg/mL Biotin (chip C & D)
Resonator
Length
[Frequency]
Average
∆f (kHz)

∆m 2mres
=
∆f
f0

∆m
(fg)

(ag/Hz)
8.83

7 µm
[10.05MHz]

12.1
± 4.0

0.73

9 µm
[5.96 MHz]

7.74
± 3.0

1.61

10 µm
[4.76 MHz]

5.71
± 1.92

.

± 2.9
3
12.4

± 4.8
3

2.25

12.8
± 4.3
2

1 mg/mL Streptavidin (chip C)
∆m 2mres
=
∆f
f0

10 ug/mL Streptavidin (chip D)

Mass per
Area
(mg/m2)

Avera
ge ∆f
(kHz)

17.7
± 5.2

1.25
± 0.37

20.0
± 6.0

1.61

23.0
± 5.8

1.24
± 0.31

2.27

26.8
± 8.7

1.22
± 0.42

Mass
per Area
(mg/m2)

Average
∆f (kHz)

0.62
± 0.21

23.9
± 7.0

0.74

0.67
± 0.26

14.3
± 3.6

0.62
± 0.21

11.8
± 3.8

∆m
(fg)

(ag/Hz)

∆m 2mres
=
∆f
f0

∆m
(fg)

Mass per
Area
(mg/m2)

0.74

14.8
± 4.5

1.04
± 0.31

11.3
± 4.2

1.61

18.2
± 6.7

0.98
± 0.35

9.02
± 2.8
8

2.27

(ag/Hz)

20.5

1.00

± 6.5

± 0.32
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Chapter 6
Conclusion

6.1. Summary
We developed a microfluidic device that encapsulates silicon nanoresonators as labelfree sensing platform. The nanoresonators consist of 6 x 3 arrays at each 6.8 µm, 9 µm
and 10.5 µm operating at 4.8 MHz, 6 MHz and 10 MHz, respectively. The microfluidic
device includes an integrated pneumatic micro pump and valve for automated sample
handling. The device utilizes a liquid sample of 5.5 µL and fills the 3.5 µL cell in 15 s.
Resonance assaying before and after treating the resonators with DI water and ethanol
showed that the resonators are resistant to stiction after liquid flows and resulted in
approximately 0.05% and 0.03% shift respectively. The performance of nanoresonators
based on Q factor measurements was investigated at various pressures. The study
showed that the experimental and theoretical Q factors are consistent at varying
pressure, and the encapsulation of the resonator in a microcell had little effect on the
performance. Also, photothermally actuated resonators have shown to perform better
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than piezoelectrically actuated resonators at high pressure. The microchip was also
tested for its specific biosensing ability. The systematic shift that had been observed
following exposure to plain DI water was used as baseline. Two sets of chips were
silanized with MPTMS and treated with biotin solution at 0.6 mg/mL. One of the sets
was then treated with streptavidin solution at 1mg/mL while the other set was treated
with 10 µg/mL. After taking the systematic shift into consideration, the detected massper-area of streptavidin was estimated to be 1.23 mg/m2 for 1 mg/mL and 1.01 mg/mL
for 10 µg/mL streptavidin. These correspond to 80 nm2 and 95 nm2 occupancy per
streptavidin and 81 % and 63 % coverage of the biotin-covered surface, respectively.
Also, the minimum detected mass from the resonators was estimated to be 8.8 fg from
biotin.

The microfluidic devices with integrated nanoresonator as sensors and on-chip
automated pump and valve for fluid handling were developed and successfully
demonstrated specific biosensing capabilities.

6.2 Suggested Future Work
6.2.1 Monolithic Structure
A biosensing device needs to be incubated in a solution containing analytes for a
sufficient time that enough target analytes are transported by diffusion to the sensing
surface for detection. The incubation time can then be reduced if the time for the analyte
diffusion is not required. For reduction of the diffusion time, a simple bilayer structure
which includes nanoresonators encapsulated in a microchannel (Fig 6.1) can be
employed to continuously flow the new analyte solution at a fixed concentration to
rapidly replenish the layer in proximity to the sensing surfaces. Figure 6.1 demonstrates
the feasibility of encapsulating nanoscale resonators within a 50 µm wide channel. Such
structure allows fluid handling with a syringe pump and the reduced structure interior
volume can reduce the required sample amount. Our current structure can also be used
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for this study to facilitate the on-chip fluid handling if the dimension of the resonator cell
is modified to create a laminar flow within itself.

6.2.2 Further Emphasis on LOC System
The requirement of an expensive vacuum system to avoid viscous damping can often
hinder the sensitive MEMS/NEMS resonator-based microfluidic devices from more
practical applications. We successfully demonstrated in Chapter 4 the capability of our
current device for resonance assaying in air using all-optical transduction setup. This
foresees the device potentials for biosensing in air with elimination of the vacuum
system. In addition, for better sensitivity, a reduction of viscous damping can be
achieved by employing inexpensive and portable integrated mini-pump [137] which can
be easily pumped down to ~ 200 Torr. The use of such vacuum system to the inlet and
outlet of the device can reduce air damping and increase the device portability for its
more practical applications.

~~50um
50um

Figure 6.1: Monolithic structure (top) top view of the bilayer chip including 5
channels. (bottom) Each 50 mm wide channel encapsulates an array of
nanoresonators.
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Finally, parallel detection of multiple analytes can be accomplished by fabricating many
individually addressable microfluidic channels with resonator arrays in each and coating
the devices with different receptor layers.
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