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This thesis presents optofluidic nanostructures for analyte transport, concentration and 

sensing. This work was part of a larger collaborative project between the BC Cancer 

Agency and the departments of Chemistry, Electrical and Mechanical Engineering at the 

University of Victoria. In this work, arrays of nanoholes are used as optofluidic platforms 

for sensing, combining the characteristics of these nanostructures for both fluidic 

transport and plasmonic (optical) sensing. Two different modes are considered: flow-over 

mode, where the sample solution containing the analyte flows on top of the nanohole 

arrays, and a novel flow-through mode, where the nanoholes are used as nanochannels, 

enabling solution transport and analyte sieving. Flow-through nanohole array operation 

and sensing is first demonstrated, offering a six-fold improvement in sensor response 

compared to established flow-over sensing formats. Through a subsequent theoretical 

scaling analysis and computational analyses, the benefits of the flow-through nanohole 

sensing format are further quantified. A first analysis is dedicated to study the 

enhancement offered by the flow-through operation mode using a mass transport 

approach. A second analysis offers an ample study of benefits and limitations of the flow-

through nanostructure operation using the combination of mass transport and binding 
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kinetic parameters for different analytes with characteristics of clinical relevance. The 

mass transport analysis indicates much higher analyte collection efficiency (~ 99%) 

offered by the flow-through mode, compared to the flow-over platform (~ 2%). The 

analysis including both mass transport and binding kinetics demonstrate up to 20-fold 

improvement in response time for typical biomarkers.  

 This thesis also presents the use of the flow-through optofluidic platform as an active 

analyte concentrator. In combination with a pressure bias, an electric field is used to 

concentrate electrically charged analyte for subsequent sensing. Fluorescein enrichment 

of 180-fold in 60 s was achieved, and 100-fold enrichment and simultaneous surface 

plasmon resonance (SPR) sensing of a protein (bovine serum albumin, BSA) was 

demonstrated. These experiments represent the first active utilization of a nanohole 

metallic layer as an electrode, and the first demonstration of a photonic nanostructure 

achieving both concentration and sensing of analytes. 

 Towards the integration of optofluidic nanostructures into microfluidic environments 

for portable lab-on-chip diagnostic systems, this dissertation also includes the 

development of two nanohole array based sensing systems with simple flow-over 

operation. The first system consisted of a hand-held device with a dual-wavelength light 

source to increase the spectral diversity. The second system consisted of nanohole arrays 

integrated with a microfluidic concentration gradient generator for the detection and 

quantification of ovarian cancer antibody and antigen.  

 Additionally, this dissertation includes a novel technique to actuate liquids in 

microchannels through ground-directed electric discharges. Experiments demonstrate 

average fluid velocities on the order of 5cm/s and applicability of the technique in 
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serpentine channels, for on-demand fluid routing, to initiate a mixing process, and 

through an on-chip integrated microelectrode.  
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Chapter 1 

Introduction 

1.1 Background 

Diagnosis of disease at early stages requires the detection of biomarkers (analytes) that 

are present at extremely low concentrations in clinical samples and, in many cases, well 

below the limits of detection (LOD) of current sensing technologies. Additionally, 

current global health challenges require not only improved LODs but also a point-of-care 

(POC) and point-of-use (POU) approach [1-3]. In order to satisfy these needs, the 

development of sensing platforms with the ability to (1) perform label-free sensing, (2) be 

integrated into lab-on-chip devices, (3) quantify analyte concentrations in samples, and 

(4) detect ultralow concentrations of analytes, is required.   

Surface plasmon resonance (SPR) based biosensors have received great attention in the 

last decades due to their high sensitivity and low LOD, and to the possibility of 

integration in lab-on-chip technologies. SPR-sensing systems are already available 

commercially and remain improving their sensing capabilities [4-6]. As an alternative 

approach to established SPR sensing strategies, the use of arrays of periodic nanoholes as 

SPR-based biosensors has grown rapidly over the last several years [7]. Nanohole array 

based biosensors present additional advantages over other label-free and SPR-based 

sensors, including a smaller footprint, the possibility to achieve denser integration, their 

compatibility with relatively simple optical detection, and the potential of enhancing the 

current limits of detection. In many applications, nanohole arrays rely on the affinity-
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based binding kinetics of the analyte to a monolayer immobilized over the sensing 

surface. This interaction is then transduced to a detectable signal by electrical, 

mechanical or optical means. The key parameter in the molecular interaction is the 

specificity, which is usually defined by the intrinsic affinity of the biomolecular system 

(e.g. antigen-antibody) and not by the sensing platform per se. From the sensing device 

viewpoint, the key parameters are sensitivity, response time and the limits of detection. 

Even when current technologies have achieved high sensitivities, challenges such as the 

detection of ultralow concentration of biomarkers, analyte mass transport limitations and 

improvement of response time still remain [8]. Specific opportunities for nanohole arrays 

are (1) the development of integrated microfluidic systems incorporating nanohole array 

based sensors for the quantification of biomarkers on-chip, (2) the use of nanohole arrays 

as optofluidic platforms in which both the optical characteristics of the nanostructure, and 

the fluid confinement inside the nanoholes are exploited, (3) the use of nanohole arrays to 

actively concentrate analyte in order to facilitate its detection at ultralow concentrations, 

and (4) new mechanisms for fluid transport in microfluidic structures.  
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1.2 Specific Contributions of the Candidate 

The specific contributions of the candidate in each of the articles and manuscripts 

contained in the six appendices are listed below. The specific percentage for each 

contribution is also presented. Note that the contributions of the candidate and other lab 

personnel (students and postdoctoral fellows) are what are quantified here.  The 

contributions of supervisors, most notably in envisioning the overall project and editing, 

are not included. 

 

Appendix A. Nanoholes as Nanochannels: Flow-through Plasmonic Sensing. 

The candidate designed, fabricated and implemented all the microfluidic components; 

integrated the nanohole arrays into the microfluidics; performed all the simulations, 

experiments and analysis of results on the structural behaviour studies of the 

nanostructure substrate; performed all the flow-through fluorescence experiments; 

performed the SPR sensing experiments in collaboration (70% in participation) with a 

graduate student from the Chemistry department; analyzed the flow-through; and wrote 

the bulk of the paper. The contributions represent, in percentage, the following: 

 Experimental: 80% 

 Analysis: 50% 

 Simulations: 100% 

 Paper writing: 70%   

 

Appendix B. Flow-Trough vs. Flow-Over: Analysis of Transport and Binding in 

Nanohole Array Plasmonic Biosensors. 

The candidate was the primary contributor. All the simulations, theoretical analysis and 

paper writing was completed by the candidate. The contributions represent, in percentage, 

the following: 

 Experimental: n/a 

 Analysis: 100% 

 Simulations: 100% 

 Paper writing: 100% 

 

Appendix C. Optofluidic concentration: Photonic nanostructure as concentrator 

and sensor    

The candidate was the primary contributor. All the fabrication, simulations, experiments 

and paper writing was completed by the candidate. The contributions represent, in 

percentage, the following: 

 Experimental: 100% 

 Analysis: 100% 

 Simulations: 100% 

 Paper writing: 100% 
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Appendix D. Integrated Nanohole Array Surface Plasmon Resonance Sensing 

Device using a Dual-Wavelength Source 

The candidate designed and fabricated all the microfluidics; integrated the plasmonic 

nanostructure into the microfluidics; planned, designed and performed the biosensing 

experiments; analyzed the results and theoretical estimates; and wrote the bulk of the 

paper. The contributions represent, in percentage, the following: 

 Experimental: 50% 

 Analysis: 50% 

 Simulations: 100% 

 Paper writing: 80% 

 

Appendix E. Quantitative Real-Time Plasmonic Sensing with an Integrated 

Microfluidic Concentration Gradient Generator    

The candidate designed and fabricated all the microfluidics; integrated the plasmonic 

nanostructure into the microfluidics; performed the fluorescence characterization 

experiments; analyzed results; and wrote the paper. The contributions represent, in 

percentage, the following: 

 

 Experimental: 50% 

 Analysis: 50% 

 Simulations: n/a 

 Paper writing: 100% 

 

Appendix F. Microfluidic Liquid Actuation through Ground-Directed Electric 

Discharge 

The candidate was the primary contributor. The contributions represent, in percentage, 

the following: 

 Experimental: 100% 

 Analysis: 100% 

 Simulations: 100% 

 Paper writing: 100% 
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1.3  Motivation 

Biosensing at early stages of disease impose several challenges that include the detection 

of ultra-low analyte concentrations in clinical samples. The LOD, in the context of 

sensing, can be defined as the lowest quantity of analyte that can be sensed from the 

absence of that analyte (zero value) within a determined confidence limit [9]. LOD 

enhancement is commonly a primary goal in biosensing, which is usually limited by 

physical and operational parameters of the technologies. An alternative strategy, 

however, is to provide a combined analyte concentration and sensing scheme with 

adequate sensitivity and LOD. This thesis presents an integrated optofluidic platform for 

the combined concentration and sensing of analyte that makes use of microfluidics, 

nanofluidics and nanohole array based sensing.  

Microfluidics is the field dedicated to the study of fluid flows with volumes ranging 

typically on the order of nanolitres to picolitres. Microfluidics, compared to macroscale 

flows, exploits several phenomena such as the increased effect of surface tension, 

increased area-to-volume ratio, low Reynolds number and electrokinetic effects, which 

are the essence of most microfluidic-based applications. Capillary forces, for instance, are 

used in numerous applications nowadays in both basic research and commercial systems 

with the ability of processing valuable samples in shorter times and more efficiently [2, 

10, 11]. The amount of microfluidics-related scientific publications has experienced a 

remarkable increase over the years since the earliest visionary works in 1990 [12]. The 

applications spectrum of microfluidics has extended over the years, from its origin in 

analytical chemistry to portable diagnostics and therapeutic medical devices [13]. 
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Microfluidic functions are now part of many miniaturized systems and are being 

incorporated with other technologies, such as integrated sensing platforms, offering 

benefits in terms of cost, reagent sample volume usage and enhanced response times, 

with diverse applications including medical and point-of-care (POC) diagnostics [2, 14, 

15].  

Nanofluidics is the field dedicated to the study of fluid flows in nanoscale geometries. 

The shorter diffusion paths, higher surface-to-volume ratios and exclusive electrokinetic 

phenomena at the nanoscale differentiate this regime from microfluidic flows. The broad 

spectrum of applications of Nanofluidics includes cell physiology, membrane science, 

analyte concentration and sensing [16-20].  

The combination of microfluidics and nanofluidics with optics has recently originated 

a field referred to as Optofluidics. Several publications and conference sessions dedicated 

specifically to this discipline have helped to distinguish it as a separate research field [21, 

22]. Applications of optofluidic systems include the use of liquid core waveguiding 

structures [23, 24], optofluidic chips for single particle detection [25], optofluidic particle 

trapping [26] and optofluidic sensing [27, 28].    

Ordered arrays of nanoscale holes in metal films exhibit extraordinary optical 

transmission (EOT) at plasmon resonant wavelengths [29, 30]. EOT, in the context of 

nanohole array based sensing, refers to the enhancement of the light transmitted through 

the nanoholes due to the excitation surface plasmons at the metallic film. Surface 

plasmons are electromagnetic waves which travel along the metallic surface plane, which 

are enabled when the momenta of the light and the plasmon are coupled via the 

nanostructured metallic film (e.g. nanohole array). The role of surface plasmon resonance 
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(SPR) on resonant transmission through nanohole arrays has motivated their application 

as surface-based biosensors [31, 32]. As compared to common SPR sensing, nanohole 

arrays present many advantages, including a smaller foot-print, lower limits of detection, 

denser integration, multiple analyte testing, and collinear optical detection. The 

characteristics of nanohole array-based sensors make them particularly well suited to 

planar integration with microfluidics in an on-chip format. Integration of nanohole arrays 

in microfluidic platforms has evolved rapidly from single-array, single-channel 

arrangements that facilitate fluid delivery and optical access, to multiple arrays of 

nanohole arrays with complex fluidic structures for multiple and parallel analyte 

sampling.  

In this thesis, nanohole arrays are incorporated into microfluidics for analyte 

quantification in two different platforms. The first platform includes a microfluidic 

concentration gradient generator integrated with nanohole array sensors, operating under 

flow-over mode, in a single system. The second platform consists of nanohole array 

based sensors and microfluidics integrated into a handheld system with a dual-

wavelength light source. Nanohole array based sensors under flow-over operation 

presented in this thesis and in the literature , however, have been employed in a flow-over 

format and, from a transport perspective, do not present clear advantages over micro-

sized surface based sensor technologies. With the benefits of exclusive in-hole sensing 

established [33], effective analyte transport to the in-hole surface presents an opportunity 

to harness the rapid cross-stream diffusion characteristic of nanofluidic transport: the 

diffusive pathway length within the nanoholes is much smaller than that in 

microchannels. Therefore, the main component of this thesis was dedicated to 
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demonstrate an optofluidic scheme in which nanohole arrays can serve as nanochannels. 

The flow-through array sensor scheme introduced in this work combines the benefits of 

nanohole array based sensing with confined transport through the combination of 

nanofluidics and nanoplasmonics. 

Facilitating flow-through sensing is, however, more complicated than flow-over which 

can be achieved with a single fluidic channel. For a given application the potential benefit 

offered by flow-through sensing will be a function of operating parameters and binding 

kinetics of the specific analyte system. Transport and binding kinetics have been studied 

extensively for the flow-over format typical of surface based microsensors and nanowires 

[34, 35]. Zimmermann et al. [36] investigated the analyte surface capture using a 2-D 

model under different input parameters such as flowrate and binding kinetics constants. 

Hu et al. [37] presented a 2-D flow-over model and demonstrated a better performance of 

electrokinetically driven immunoassays over pressure-driven ones in terms of reaction 

kinetics. Fu et al. [38] presented a 2-D computational model to identify operating ranges 

for sensitivity improvement in microfluidic heterogeneous immunoassays. Squires et al. 

[39] provided an elegant and practical analysis of microfluidic and nanowire surface-

based sensors highlighting limiting factors in each case. The efficacy of a flow-through 

strategy has not been quantified as a function of running parameters and binding kinetics 

and no guidelines are available to assess applicability as a function of surface chemistry 

specifics. For these reasons, part of the work presented in this thesis was dedicated to 

compare the efficacy of flow-through nanohole sensing to the established flow-over 

format as a function of operating parameters and surface chemistry through scaling 

analysis and numerical simulation.  
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The reduced size and sample volumes, in addition to the scarcity of target molecules in 

raw samples impose limits for biosensing [40-42]. Detection of biomarkers at early stages 

of disease, in particular, requires ultrahigh sensitivity detectors or the use of 

preconcentration steps prior to detection [43, 44]. Several analyte concentration strategies 

have been reported in the past, including field amplified stacking [40, 45], 

isotachophoresis [40], electrokinetic trapping [20, 46-48], conductivity gradient focusing 

[49] and temperature gradient focusing [50]. Electrokinetic trapping has achieved the 

highest level of analyte enrichment. Due to its inherent flexibility, different approaches 

have been used with this technique. Concentration polarization, for instance, exploits the 

preferential permeation of ionic species (ionic permselectivity) of nanoporous 

membranes occurring at microfluidic/nanofluidic interfaces under the influence of 

applied electric fields [47, 51-53]. Electric field gradient focusing (EFGF) is another 

recently reported approach that exploits the formation of a steep field gradient in a 

microchannel containing a buffer and a floating electrode[48, 54, 55]. Under an applied 

voltage, the floating electrode acts in bipolar mode, nearly eliminating the electric field in 

its vicinity, which results in a non-uniform distribution of ionic species and, 

consequently, a non-uniform distribution of the electric field along the microchannel. The 

electric field gradient affects the electrokinetic transport mechanism of electrically 

charged species [48] (e.g. buffer ions, tracers and biomarkers). Specifically, for 

negatively charged molecules, the increased electric field in the vicinity of the floating 

electrode results in an increased electrophoretic force that eventually balances the 

counteracting forces imposed by the bulk flow at some position along the microchannel. 

The charged molecules then become quasi-stationary and are locally enriched at some 
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distance away from the floating electrode [54, 56]. The use of metallic nanohole array 

based sensors as optofluidic elements for sensing offers the possibility of using them in 

dual mode, as sensor and as active element for achieving analyte concentration by EFGF. 

The final part of this thesis was dedicated to demonstrate this novel and unique 

functionality of optofluidic nanohole arrays based sensors. 

 

1.1.1  Objective 

The general objective of this thesis is to develop and integrate microfluidics and 

nanofluidics with existing nanophotonics into an optofluidic platform for biosensing 

applications. Specific objectives include the development of: (1) a microfluidic flow-over 

platform to be integrated with a nanohole array based sensor to serve as biosensor for the 

detection and quantitative assessment of biomarkers for medical diagnostics; (2) the 

study, development and testing of flow-through nanohole array-based platforms for 

biosensing and analyte preconcentration; and (3) the study of the mass transport and 

reaction kinetics associated with the flow-through nanohole array based sensing. In order 

to achieve the objectives of this thesis, experimental and computational approaches were 

employed. The experimental element of this thesis comprises fabrication, 

characterization, integration and testing of both the microfluidics and the nanohole 

arrays. Techniques used to achieve the experimental goals of this thesis included soft 

lithography microfabrication, focused ion beam lithography, fluorescence microscopy, 

SPR spectrometry, and imaging techniques. The computational element of this thesis 

consists of simulations via finite element analysis (FEA) using ANSYS and COMSOL 

software. This thesis represents the mechanical, microfluidic and nanofluidic components 
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of a collaborative project between the BC Cancer Agency and the departments of 

Chemistry, Electrical and Mechanical Engineering at the University of Victoria.  

 

1.1.2  Structure 

The dissertation presented here is organized into 3 chapters. Chapter 1 presents the 

general and specific objectives and motivation of the thesis, an overview of the 

theoretical background from previous research relevant to this work, and an overview of 

the experimental methods utilized to achieve the research goals of this work. Chapter 2 

provides a summary of each of the peer-reviewed journal publications resulted from the 

research of this thesis. Chapter 3 presents the conclusions, a summary of the 

contributions and a brief discussion on the anticipated future work related to this thesis. 

The bulk of this thesis is presented in six Appendices. Each appendix is a complete 

scientific journal article which is either published, in press, or presently under review.  

  

 

1.2  Theoretical Background 

1.2.1 Transport phenomena at the micro- and nanoscale 

Fluid transport considered in this work is based in the continuum assumption where the 

mean free path is significantly smaller than the characteristic dimension of the flow [57]. 

This is valid for typical liquid flows in the channels used in this study, which are greater 

than 100 nm in cross section. In such cases, the mass continuity equation can be 

expressed as follows: 
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where   is the density of the fluid and V


 is the velocity vector. Assuming 

incompressibility conditions, this equation simplifies to: 

0 V


 (2) 

The velocity field for a Newtonian fluid may be characterized by the Navier-Stokes 

equations which, assuming incompressibility conditions can be expressed, in vectorial 

form, as [58]: 

gVpVV
t
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 (3)  

where p is the pressure,   is the dynamic viscosity of the fluid and g


 is the gravitational 

acceleration. The Reynolds number is a dimensionless quantity that describes the ratio of 

inertial to viscous forces on flow behaviour [58] and can be defines as: 



Ul
Re

 (4) 

where U is the average velocity of the fluid and l is the characteristic length. Fluid flows 

at both micro- and nanoscale experience low Reynolds numbers even at high fluid flow 

velocities, which reduces the Navier-Stokes equations to the Stokes equation [57]: 

02  Vp


  (5) 

Mixing and other transport phenomena at the small scales are dominated by diffusion. A 

traditional example of this is the existence of co-laminar flows in microchannels [59]. 

Assuming constant diffusivity, the conservation of individual species is dictated by the 

convection-diffusion equation [57]: 
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where ci is the species concentration and Di is the diffusivity of i
th

 the species. As 

particles with smaller hydrodynamic diameters will diffuse more rapidly than larger 

particles, the advection-to-diffusion ratio is of interest in the mass transport analysis in 

micro- and nanofluidic flows. These quantities may be related by the Peclet (Pe) 

dimensionless number which may be expressed as [58]: 

D

Ul
Pe   (7) 

Pressure-driven flow is simple to apply and is the most common approach to transport 

fluids. However, it presents some challenges in integrated microfluidic/nanofluidic 

systems. In microfluidic systems, the required pressure gradients are very high and 

pressure driven flow is only practical over small channel lengths (up to a few hundreds of 

nanometers). In the context of an array of nanoholes, pressure driven flow may be applied 

to drive fluid over an array of nanoholes in a microfluidic channel (flow-over) or 

potentially through the nanoholes as schematically shown in Figure 1.1.  

In this thesis work, the particular nanohole array structure, as shown in Figure 1.1, is of 

particular interest. Background on the unique fluid mechanics of this structure is 

summarized below.  
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Figure 1.1 Schematic representation of the two different flow configurations of the 

sensing platform: a) flow-over and b) flow-through. 

 

The pressure difference of a very small Reynolds number flow through a circular 

opening in a membrane with width or length, l, much greater than its thickness, t (i.e. l >> 

t)is proportional to the volume flow rate [60]. However for a membrane with finite 

thickness and an array of holes, two correction factors are required in addition to frictional 

losses: the influence of the flow of adjacent nanoholes and the additional pressure drop 

occurring right before the entrance of the nanohole (significant at higher laminar flow 

rates) [61, 62]. The resulting equation is as follows: 
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where p is the pressure, Q is the flow rate; µ is the fluid viscosity; r the nanohole radius; t is 

the membrane thickness;   is the membrane perforated fraction; and ρ is the fluid density.  

The maximum allowed pressure of the substrate before failure can be calculated using 

the following equation adapted from Rijn et al. [63]: 
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where Κ is the non-perforated fraction of the membrane; l is the characteristic length of the 

membrane width or length, σm is the yield stress of the membrane; and E is the Young’s 

modulus of the material.  

In microscale flows, surface forces are dominant compared to inertial forces [64]. 

Surface tension, a measurement of the cohesive energy at an interface, results from the 

preferential attraction of molecules to one side of the interface. The capillary pressure due 

to surface tension at an interface is defined by the Young-Laplace equation as: 




cos
2

mr
p   (8) 

Where p is the pressure across the interface, σ is the surface tension, rm is the mean 

radius of curvature of the meniscus and θ is the liquid/gas interface contact angle at the 

solid.  For laminar flows, the penetration length of a fluid driven by capillary force can be 

described by the Washburn equation [65, 66] as follows:  





cos

2

2 tr
L H   (9) 

where L is the liquid penetration length, σ is the surface tension t is the time, and rH is 

the hydrodynamic radius of the microchannel. 

As an alternative to pressure-driven flow, electrokinetic phenomena have been 

employed to generate microfluidic flows in a wide range of applications [67-72]. When a 

solid surface is brought in contact with a polar medium, the interface acquires a net 

surface charge with a preferential distribution of ions. This phenomenon causes two 
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localized layers of neutralizing counterions in the vicinity of the solid which is known as 

the Electric Double Layer (EDL). The first layer on the EDL is formed by immobile 

counterions in contact with the solid which is known as the compact layer. The second 

layer is formed by a mix of coions and counterions known as the diffuse layer, where the 

concentration of counterions predominates. A schematic representation of the EDL is 

shown in Figure 1.2. In the earliest models, the EDL was treated as a capacitor with ions 

absorbed onto the surface of the solid. Later, Gouy and Chapman provided a more 

complex model by introducing a diffuse layer where the ionic concentration and, 

therefore, the electric potential decrease exponentially away from the solid surface [57]. 

The latest model of the EDL is the Gouy-Chapman-Stern model in which an intermediate 

layer with a linear electric potential distribution is introduced between the inner (IHP) 

and the outer (OHP) Helmholtz planes. The potential at the slipping plane in the EDL is 

usually referred to as the zeta potential ( ). 

The distribution of charged species in the vicinity of a charged surface is a balance 

between electro-migration, convection and diffusion and can be expressed by Fick’s law 

as follows: 

uccDzFcj


 *  (10) 

where j* is the molar flux,  is the ion mobility, z is the valence charge, F is Faraday’s 

constant, c is the species concentration and u


 the velocity. Diffusivity is described by the 

Nerst-Einstein equation:  

 TkNRTD A  (11) 

where R is the universal gas constant, T is the temperature, k is the Boltzmann’s constant 

and NA is Avogadro’s number.  
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Figure 1.2 Schematic representation of the structure of the Electric Double Layer. 

The inner (IHP) and outer (OHP) Helmholtz planes are indicated. 

 

The ionic distribution within the diffuse layer of the EDL can be expressed by the 

Boltzmann distribution: 
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exp0  (12) 

where c0 is the bulk electrolyte concentration, e is the elementary charge and   is the 

electrostatic potential. The ionic distribution and the electric potential are related by the 

Poisson’s equation: 





N

i

ii
E cz

F

1

2




  (13) 

-

-
-

-

-

-

-

+

+

+

+

+

+

+ +

+

+

+

+

+

-

-

-

-

+

+

Stern 
layer

Diffuse 
layer

El
e

ct
ri

c 
Po

te
n

ti
al

Distance

ζ

IHP OHP

+



18 

 

where 
E  is the electric charge density,   is the permittivity of the solution and zi and ci 

are the valence and concentration of the i
th

 species respectively. Equations 12 and 13 can 

be combined to produce the Poisson-Boltzmann equation which describes the variation of 

the electrostatic potential with the ionic distribution: 
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which, for symmetric electrolytes can be reduced to: 
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Assuming the surface potential is small, equation 15 results in the Debye-Hückel 

approximation [57]: 
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where 2

D  is the Debye length defined as: 

czF

RT
222


   (17) 

which is the ionic screening length from the solid-liquid interface, typically on the order 

of nanometers. 

Electroosmosis results from viscous drag caused by the attraction of ions in the diffuse 

layer under an applied voltage along the length of a microchannel containing fluid was 

first reported by Reuss in 1809 [73]. The magnitude of the resulting electroosmotic flow 

(EOF) depends, among other variables, on the zeta potential, which is the electrical 

potential at the slipping plane between the compact and the diffuse layers in the EDL.  
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The electric body force per unit volume, expressed in terms of the electric charge 

density and the external electric, E, as Eρf
E

 , can be included into the momentum 

equation which, neglecting pressure gradients and gravitational and inertial effects, 

reduces to: 

Eu E 2   (18) 

Assuming a small diffuse layer thickness, equation 18 can be reduced to a one-

dimensional form: 

xE
yy
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where x is the axis along the solid-liquid interface and y is the axis normal to the solid 

surface, typically the wall of a microchannel. The above equation can be integrated twice, 

using 0//  yyu   when y  for the first integration, and 0)0( u  and 

 )0(  (zeta potential) and Uu )( and 0)(   for the second integration, 

resulting in the average electroosmotic velocity equation: 

xEO
x

EO E
E

U 



  (20) 

known as the Helmhotlz-Smoluchowski equation, where EO  is referred to as the 

electroosmotic mobility. 

The motion of an electrically charged molecule due to an externally applied electric 

field is known as electrophoresis. Similarly to electroosmosis, an average electrophoretic 

velocity expression can be obtained: 

xEPxEP EzFEU    (21) 

where EP  is the electrophoretic mobility of the associated ionic species. 
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Of particular interest in the work presented in this thesis is the integration of nanohole 

array based sensing into a microfluidic format. As mentioned in section 1.1, two 

operation modes, related to fluid transport, are considered. In the first mode, hereafter 

referred to as flow-over, the fluid containing the sample analyte is transported over the 

sensor. In the second, the flow-through mode, nanohole arrays represent arrays of 

nanochannels on the order of 100 to 300 nm in diameter. Both formats are schematically 

shown in Figure 1.1. In addition to the traditional electrokinetic phenomena, recent 

theoretical studies report the effects of induced-charged electrokinetics in ideally 

polarizable materials [74-77]. The surface of the nanoholes in contact with an electrolyte 

may develop an induced-charged electric double (ICEDL) layer under an applied electric 

potential. The ICEDL may in turn result in induced charge electroosmotic (ICEO) flow. 

The development of the IDCL can be conceived as a first-order energy storage system, in 

analogy to a resistor-capacitor (RC) electric circuit, in which the product RC provides the 

characteristic charging timescale   [59, 74].  

In the case of the ICDL in the nanoholes, this timescale has an order of magnitude of 

DlnD /~  , where D  is the Debye length, nl  is the depth of a nanohole and D  is the ionic 

diffusivity [74, 78]. The development of the ICDL results in two counter-rotating 

symmetric induced-charge electroosmotic (ICEO) flows above the bipolar surface. 

Within the nanohole region, the net velocity resulting from the ICEO flows is null. The 

slip velocity generated by the ICEO flows, at the anodic region of the metallic nanohole, 

may counteract the bulk flow with a magnitude of  /~ 2

0 nlE [74]. The physics of ICEO 

in nanostructures is rich and rapidly developing.  
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1.2.2 Surface Plasmon Resonance Sensing 

Surface plasmons are quasiparticles commonly described as oscillating electromagnetic 

waves occurring at the interface of a metal and a dielectric. The electromagnetic waves 

arise by means of the coupling of the electromagnetic field to electron plasma oscillations 

of the conductor. The two relevant varieties of surface plasmons for sensing are 

propagating surface plasmon polaritons (SPPs) and localized surface plasmons (LSPs) 

[79]. A SPP is classically defined as an electromagnetic wave existing at the interface 

between a metal and a dielectric, which can be alternatively understood as a propagating 

transverse magnetic (TM) waveguide mode that decays exponentially into the metal and 

towards the dielectric in a normal direction to the interface. In order to achieve plasmon 

excitation, a matching condition between the incident light and the surface plasmon wave 

vectors is required: 

SPPlight kk


  (22) 

In such matching condition, the momentum of the SPP can be expressed as: 

md

md
SPP

c
k






  (23) 

where   and c are the angular frequency and the speed of light respectively, 
d  is the 

relative permittivity of the dielectric and m  is relative permittivity of the metal. To 

support SPPs at the metal-dielectric interface, the SPP wave-vector must be larger than 

the dielectric wave-vector, which requires ]Re[]Re[ dm   . The consequence of this is 

that light cannot couple directly as a SPP at the metal film. Several approaches have been 

used in the past to achieve SPP excitation, including the use of an optical prism through 

an index matching fluid. In this case, widely known as the Kretschmann configuration of 
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attenuated total reflection (ATR) and shown in Figure 1.3 [80], a light beam is directed 

on a glass prism to acquire a particular angle for achieving SPP excitation and can be 

expressed as: 

SPPpSPP nkk sin0  (24) 

 where k0 is the momentum of light in vacuum, np is the refractive index of the prism and 

SPP  is the angle required for SPP excitation.  

 

 

Figure 1.3 Schematic representation of the traditional Kretschemann configuration 

utilized for biosensing through surface plasmon resonance [80]. 

 

Rectangular arrays of subwavelength nanoholes in metal films also support SPPs and 

exhibit unique optical transmission characteristics at resonant wavelengths [30]. In 1998 

Ebbesen and co-workers reported on the extraordinary optical transmission (EOT) 

through arrays of nanoholes in different metals from the coupling of light to SPPs [29]. In 

the observations reported by Ebbesen the absolute transmission at resonant wavelengths 

were significantly higher than the light that impinged on the holes, with orders of 

magnitude higher than predicted by earlier theory. For this reason, the role of surface 

plasmon resonance (SPR) on resonant transmission through nanohole arrays has 
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motivated the use of nanohole arrays as surface-based sensors. Figure 1.4 presents a 

schematic conception of SPPs and EOT in metallic nanohole arrays. 

 

 

Figure 1.4 Schematic representation of EOT and SPPs in nanohole arrays. The 

transmission of light is enhanced at specific wavelengths after passing through an 

array of nanoholes in a metal film. 

 

The requirement for resonance in this type of nanostructure is imposed by the Bragg 

condition as follows: 
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Where neff is the effective refractive index, i and j are the whole number resonance orders 

along the x and y direction, and a and b are periodicities of the holes in the x and the y 

direction, respectively [81].  

The position of the resonant peak in the transmission spectrum is related to the 

periodicity that, in the case of a square nanohole array, is: 
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The first demonstration of the nanohole array structure as an SPR-based sensor was 

presented by Brolo in 2004 [31], and has been followed by many others [82-88]. 

1.3 Experimental Methods 

1.3.1 Nanohole array fabrication 

For this thesis, the nanohole arrays for both modes were fabricated using Focused Ion 

Beam (FIB) lithography. FIB milling or simply as FIB, is a maskless etching technique 

that utilizes a vacuum chamber, a liquid metal ion source, an ion column, a sample stage 

with five degrees of freedom, detectors, a gas delivery system and a computer-based 

control system [89]. The most common source metal ion used in FIB milling is Gallium 

(Ga), but Au/Si and Au/Si/Be alloys may also be used when lighter mass ions are 

required. Figure 1.5 presents a simplified schematic representation of a FIB system. A 

beam of positive ions is produced by the system and focused onto a sample held on place 

on the sample stage. The beam can be used to either visualize or mill the sample by 

adjusting the ion current, with milling requiring the highest current. Ions from the 

focused beam impact the sample, removing material by momentum transfer.  
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Figure 1.5 Simplified schematic of a focused ion beam (FIB) system. 

Two different types of nanohole arrays were employed in this thesis. In both cases, FIB 

technique was utilized to fabricate the holes. The first type involved dead-ended holes 

milled on a gold-on-glass substrate. The nanohole arrays used in the experiments reported 

in the first journal publication related to this thesis were fabricated by members of the 

project group from the Electrical Engineering Department at University of Victoria. The 

nanohole arrays used in the rest of this thesis were fabricated by the candidate and are 

part of the experimental work reported here.  

Arrays of through nanoholes were fabricated using 100 nm thick Si3N4 free-standing 

membranes coated with a 100 nm layer of gold via a 5 nm Ti/W adhesion layer. The 

general milling parameters were as follows: the gallium ion beam was set to 40 keV for 

milling with a beam current of 30 pA, the typical beam spot size was 10 nm, and the 

dwell time of the beam at one pixel was 10 µs. The arrays consisted of 30 × 30 nanoholes 

with periodicities between 450-700 nm. The nanohole arrays were visualized using FIB 
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and SEM from both sides to assure through-hole fabrication. Figure 1.6 shows a sample 

image of through-hole nanohole arrays fabricated in this work. 

 

Figure 1.6 Fabricated through nanohole arrays from: a) Au side and b) the Si3N4 

side. 

 

1.3.2 Photolithography 

Photolithography is a common microfabrication technique using light to imprint a pattern 

from a photomask to a light sensitive photoresist. Positive photoresists become soluble 

while negative photoresists become insoluble after UV light exposure. The thickness of 

the photoresist layer is usually a fabrication limiting parameter. The minimum feature 

size possible by photolithography is dictated by light scattering and diffraction at the 

edges of the photomask. The size of the affected area due to diffraction depends on the 

wavelength of the incident light and the thickness of the photoresist layer, which can be 

estimated by phh 3 , where    is the average width of the diffraction zone,   is the 

wavelength of the incident light and hph is the height of the photoresist layer. For 

narrowly spaced features, a spacing of >2  is recommended. Microfabrication using 

500 nm

3 µm 2.5 µm

a b
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photolithography techniques is well established and further details, not included in this 

thesis, can be found elsewhere [90, 91].  

 

1.3.3 Fluorescence Microscopy 

Fluorescence microscopy is based on the excitation of a fluorophore by electromagnetic 

radiation which results in the emission of a photon [92]. Fluorescence can be described in 

three stages: (i) a photon is absorbed by a fluorophore, increasing its energy to an excited 

state; (ii) the fluorophore remains in this excited state for a finite period, called the 

fluorescence lifetime, which typically lasts 1-10 ns; (iii) the fluorophore then liberates a 

photon returning to its original energy state [93]. Part of the absorbed energy from the 

photon is dissipated through interactions with other molecules, conformal changes, and 

energy dissipating vibrations [93]. During this process, the photon is emitted at a lower 

energy and wavelength according to the following photon energy equation, /hcE  , 

where h is the Planck’s constant, c is the speed of light in vacuum and   is the 

wavelength of the associated electromagnetic wave. The wavelength difference between 

the absorbed and emitted photon has been referred to as the Stokes’ shift [93] which is 

the principle of the fluorescence-based experiments presented in this work. 

 The experimental setup under which fluorescence microscopy operates is 

schematically shown in Figure 1.7. A filter cube encloses two perpendicular filters and a 

dichroic mirror for the selective transmission of specific wavelengths. The filters allow 

only the specific light at the excitation and emission wavelength range of the fluorescent 

sample. The excitation filter allows only the transmission of excitation wavelength. The 

dichroic mirror is transparent to longer wavelengths but reflects shorter wavelengths, 
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directing the light from the emission filter to the microscope objective and the sample. 

After Stokes’ shift occurs, the light from the sample is transmitted back through the 

dichroic mirror to the emission filter. A cooled charged-coupled device (CCD) camera is 

used to visualize and record the fluorescent images. 

 

  

Figure 1.7 Simplified schematic of a fluorescence microscope. 

 

1.3.4 Nanohole Array Based Surface Plasmon Resonance 

Nanohole array based sensing is a label-free sensing where analyte detection may be 

achieved through imaging or by means of SPR spectroscopy. In imaging techniques, the 

intensity of a single-wavelength light source, transmitted through the nanohole array, is 

acquired and monitored (e.g. by means of a CCD). The transmitted light intensity 

changes in response to changes in the refractive index at the metal-dielectric interface. In 
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SPR spectroscopy, the spectrum of the transmitted light is acquired and sensing is 

achieved by tracking the peak-shift at the plasmon resonance wavelength (from the light 

transmission spectrum) in response to changes in the near-surface refractive index. Figure 

1.8 shows schematics of the experimental setups and sample results for both modalities. 

Figure 1.8a shows a schematic representation of the main components of the imaging-

based technique used in the experiments presented here. A CCD camera acts as the 

sensor array. Both a Helium-Neon (He-Ne) laser and LEDs with broad incoherent 

illumination as well as simple biasing circuitry were used as the light source, and 

controlled by a PC. A chip assembly enclosed the substrate with the nanohole array 

sensors and a microfluidic chip was responsible for interfacing the gold surface with 

selected test solutions. Microfluidic solution delivery was achieved by means of a 

microscrew syringe pumps or hydrostatic means via 1/16 inch outer diameter Teflon 

tubing. The CCD camera and the light source were positioned orthogonally with respect 

to the chip assembly. Light source control and image acquisition were achieved by a 

separate computer via MATLAB. Sensing is achieved by monitoring the change in 

intensity of the transmitted light as a response to an event at the metal-dielectric interface. 

Figure 1.8b shows a schematic representation of the setup used for the SPR spectroscopy 

technique. The nanohole arrays, as mentioned above, are enclosed into a chip assembly 

integrating both the optical and the microfluidic components. Different lenses and optical 

arrangements (e.g. microscope objectives, collimators, etc.) are used for obtaining the 

proper intensity and illumination coverage at the nanohole array (i.e. obtaining a response 

with sufficient amplitude and an adequate signal-to-noise ratio). The probe from the 

spectrometer is positioned orthogonally under the chip assembly in order to read the 
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transmitted spectrum from the nanohole array. The spectrum shown in Figure 1.8b is a 

sample spectrum from experiments. Sensing is achieved by tracking the peak-shift from 

the starting resonant wavelength.  

 

Figure 1.8 Schematics of the experimental setups used for SPR sensing. a) SPR 

imaging technique. b) SPR spectroscopy. 
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1.3.5 Mechanical Stability of the Nanohole Arrays Substrate 

The flow-through sensing scheme discussed in Section 1.2, which is a fundamental part 

of this thesis, involved fluidic transport through nanoscale holes. Under flow-through 

operation, breakage of the substrate containing the nanohole arrays may occur due to 

fluid transport and associated pressures (i.e. capillary pressure and fluid pressure). 

Therefore, the mechanical behaviour of the substrate was studied using theoretical, 

numerical and experimental approaches. Experimentally, the deflection of the substrate, a 

gold-on-Silicon-Nitride (Si3N4) TEM analysis membrane, was studied using the setup 

shown schematically in Figure 1.9.  

 

 

 

 

 

 

 

Figure 1.9. Schematic representation of the experimental setup to facilitate flow-

through nanohole arrays. 

 

The results from this study, as well as the results from the theoretical calculations and 

computer simulations are presented in section 2.1.  

 

 

 

 

 



32 

 

Chapter 2 

Summary of Contributions 

This chapter presents a synopsis of the main contributions in this dissertation. The 

contributions, in full, are included in the six journal articles and manuscripts provided in 

Appendixes A-F. 

2.1 Nanoholes as Nanochannels: Flow-through Plasmonic Sensing   

Nanohole array based sensing, compared to common SPR sensing, offers several 

advantages including smaller foot-print, denser integration, potential for the simultaneous 

measurement of multiple analytes (multiplexing) and collinear optical detection. Due to 

these characteristics, nanoholes are suitable for planar integration with microfluidic 

systems in on-chip formats. In all the sensing platforms involving nanohole arrays 

reported prior to this work, the fluids containing the analyte of interest were transported 

over arrays comprised of dead-ended nanoholes (i.e. in a flow-over format) as shown in 

Figure 1.1a . Thus, from a mass transport viewpoint, these nanostructured sensors failed 

to harness the potential benefits provided by flow-through operation. Potential benefits 

include enhanced transport of reactants via the confinement of analytes within the 

nanoholes (shorter diffusive lengthscales) and solution sieving. Additionally, from the 

sensing perspective, recent studies revealed the important role of the inner surface of the 

nanoholes for sensing [33].  

The present work involved the development of a new flow-through SPR-sensing 

scheme in which nanoholes serve as channels. This work was done in collaboration with 
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members of the departments of Electrical Engineering Department and Chemistry. 

Specifically, the nanohole array fabrication and part of the flow-over experiments were 

done by Fatemeh Eftekhari; solution preparation, sensing and biosensing experiments and 

data analysis were carried out by Jacqueline Ferreira; flow-through validation 

experiments, sensing, and biosensing experiments, microfluidic design and fabrication, 

experimental set-up implementation and the bulk of the paper text body was completed 

by the candidate.     

A first stage of this work included the mechanical characterization of the substrate used 

to fabricate the nanohole arrays: transmission electron microscopy (TEM) analysis Si3N4 

membranes. The goal of this stage was to determine a range of working fluid pressures that 

the substrate could tolerate under flow-through operation since the membranes used in this 

thesis had a large surface-to-thickness ratio (area: 500 µm by 500 µm; thickness: 100 nm) 

and the material is brittle. Working pressures beyond this limit would compromise the 

structural integrity of the substrate. The mechanical behaviour of a gold-coated Silicon 

Nitride membrane was studied using theoretical, numerical and experimental approaches.  

The deflection of the membrane and the implications of this deflection for the flow 

transport across the membrane were studied using computational simulations. The 

membrane deflection and stress distribution was studied using COMSOL (COMSOL Inc., 

Burlington, MA) and ANSYS (ANSYS Inc., PA). Operational pressures and flow rates 

were obtained using theoretical formulations described in Section 1.2.1. CAD models, 

mesh and material properties of the membrane were generated using COMSOL and 

ANSYS. Pressures ranging from 0 to 20 psi at the bottom face and fixed supports at the 

four side faces were used as boundary conditions. Experimentally, a membrane was 
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deflected using the setup of Figure 1.9 applying constant pressures in the range of 0 to 20 

psi. The deflection of the membrane was estimated using in-focus depth of field 

measurements. The estimation was achieved by focusing a nanohole array at the center of 

the membrane prior and during deflection, and by recording the distance between these 

focal planes in the direction normal to the observation plane. The measurement was 

performed using the microscope software (n = 3). In Figure 2.2, maximum displacements 

using experimental and computer-based simulations are shown.  

 

Figure 2.1. Membrane maximum deflection results using experimental and 

computer-based simulations methods. 

 

 Although there is a discrepancy in the trends in Figure 2.2, the magnitudes are similar. 

From these results, a pressure of 10 psi, corresponding to half of the maximum pressure 

value before failure obtained from the studies, was selected as working pressure for flow-

through experimentation. Figure 2.3a shows simulation results of stress distribution under 

10 psi of pressure. The membrane model was fixed at the four sides, in analogy to real 
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membranes which are fixed to a Si frame. For this pressure, the simulations showed a 

maximum stress of ~ 400 MPa (at the fixed sides of the nitride) which is lower than the 

Si3N4 maximum flexural strength (~700 MPa [94]),  which confirms the chosen pressure 

value to be adequate for flow-through experimentation. Figure 2.3b shows an actual picture 

of a membrane under deflection, and 2.3c an image of the deflection simulation. The 

deflection estimate, using both the computational and the experimental approaches, were 

found to be in agreement, estimating a deflection on the order of ~15 µm under the applied 

pressure of 10 psi. The shape of the nanoholes in the deflected membrane was also 

investigated. The deformation of the holes was found to be negligible using this particular 

membrane geometry, as shown in Figure 2.3d. However, for smaller membranes, the 

membrane deformation may induce a change in the nanoholes cylindricity. The potential 

shape distortion of the nanoholes opens up the possibility of developing a pressure-tunable 

photonic structure in the future.  

  

Figure 2.2.  a) Stress field results of membrane deflection simulation, b) actual 

picture of deflected membrane under an applied pressure of 10 psi, c) simulated 

deflection of the membrane, and d) detail of the deflected membrane at a nanohole.  
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The second stage of the work presented in this section included the demonstration of 

both flow-through transport and sensing using nanohole array based SPR sensing in the 

flow-through format. For these purposes, nanohole arrays with different fabrication 

parameters and different periodicities were fabricated in an attempt to determine the 

proper FIB milling parameters. The arrays were 30 by 30 holes with periodicities ranging 

between 450 and 700 nm. Fluorescent dye was used for flow-through transport 

assessment. Under an applied pressure of 10 psi, flow-through was achieved in a couple 

of the arrays [95]. The lack of flow from the other three arrays corresponded to the 

variation in fabrication parameters (i.e., the milling time used to fabricate those arrays did 

not allow the formation of through holes).  

The efficacy of the flow-through format was tested by detecting surface adsorption 

events. The formation of a mercaptoundecanoic acid (MUA) monolayer was monitored 

using the flow-through nanohole array SPR sensing. The MUA adsorption followed first-

order kinetics with observable surface adsorption constant (kobs) of 0.426 min
-1

, which 

denotes an enhancement compared to the rate in flow-over schemes reported previously 

[96]. More notably, the results demonstrate label-free surface-based detection with flow-

through nanohole arrays. To demonstrate the efficacy of flow-through sensing, this 

approach was compared to traditional flow-over sensing at similar flow rates. The flow-

through experiment indicated a characteristic rate constant of 6.4x10
-3

 min
-1

 while the flow-

over case was 6.4x10
-3

 min
-1

. With these experiments, the flow-through operation 

demonstrated a 6-fold improvement in response time compared to the flow-over case. A 

second sensing experiment was performed in order to test the capability of the platform to 

sense the sequential multilayer assembly of biomolecules, as required for biosensing 
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applications. For this purpose, the sequential assembly of a dithiobis(succinimidyl) 

undecanoate (DSU) monolayer and the cancer biomarker PAX8 specific monoclonal 

antibody were demonstrated with the flow-through scheme. The observed shifts, on the 

order of several nanometers, were readily observable with relatively simple 

infrastructure. These results demonstrate that the flow-through nanohole array based 

sensors may be employed to detect multiple adsorbed layers, and are thus applicable to 

typical biosensing schemes. 

Full details on this study are provided in Appendix A or [95]. 

 

2.2   Flow-Trough vs. Flow-Over: Analysis of Transport and Binding in 

Nanohole Array Plasmonic Biosensors 

Operating in flow-through mode, nanohole arrays have the potential to enable analyte 

sieving, a capacity that is unique among surface based optofluidic sensors. Analyte 

sieving refers to the ability of the sensor to increase the capture efficiency of analyte in a 

fluid. Results of the previous section indicated that flow-through operation enabled a six-

fold increase in sensor response rate through enhanced transport of analyte to the active 

in-hole sensing surface [95]. In order to quantify and characterize the sieving action (or 

collection efficiency) of flow-through nanohole arrays, a scaling analysis is presented in 

this work, followed by simulations.  The analysis was separated into two cases. The first 

one considers only mass transport effects. The second one considers the effects of both 

mass transport and reaction kinetic effects (i.e. both transport to the active surface and 

surface chemistry). 



38 

 

For mass transport, a useful comparison case is that of a planar SPR sensor and a 

nanohole array of equivalent active area, given equivalent flow rate of an analyte 

solution. The collection efficiency of the channel configuration is a function of Peclet 

number, based on channel height, H, the average velocity, Uch, and diffusivity, D as 

D/HUPe chch   [39]. A nanohole array with equivalent active sensing area, provided 

with the same volume flow rate, is the system considered for the flow-through sensing 

format.  The active sensing area of a nanohole array is taken here as the inner hole 

surface [33], and thus the number of nanoholes required for equivalent area may be 

determined as a function of geometric parameters. As the Peclet number in each cases 

provides a measure of collection efficiency, the ratio of Peclet numbers, holech PePe / , 

provides a means of comparison and several insights. The results may be summarized as 

follows: for the channel-based surface sensor to have comparable transport performance 

as the nanohole, it must be a sensor on the scale of a single nanohole, i.e. a channel with 

hydraulic diameter on the order of a single nanohole. Such a sensor would not be 

practical both because the analyte throughput, equivalent to a single nanohole, would be 

too low, and it is not possible to interrogate such a small area with traditional SPR. Given 

the same flow rate and active area, the flow-through nanohole array sensor achieves 

effectively complete (i.e., > 99 %) collection operating at hole
Pe ~1 or below. A 

corresponding flow-over system with chPe ~10
2
 would collect only ~ 2% of analyte.  

For the combined mass transport and binding kinetics case, the computational model, 

validated by experimental data, provides guidelines for performance as a function of 

binding time constant, analyte diffusivity, and running parameters. For common binding 

kinetics and analytes, flow-through nanohole arrays offer ~10-fold improvement in 



39 

 

response time, with a maximum of 20-fold improvement for small biomolecules with 

rapid kinetics. 

 Full details on this study are provided in Appendix B or [97].  

 

2.3  Optofluidic concentration: Photonic nanostructure as concentrator 

and sensor 

Biomarkers available for sensing in typical applications are usually present in very low 

concentrations and are costly [42, 98]. Limited concentrations of analytes, particularly at 

the limit of sensitivity, reduce the reliability of the measurements. Therefore, it is usually 

necessary to process samples prior to sensing, to concentrate analytes of interest and 

remove other components [99].  

 Several analyte concentration strategies have been reported in the past, including 

field amplified stacking [40, 45], isotachophoresis [40], electrokinetic trapping[20, 46-

48], conductivity gradient focusing [49] and temperature gradient focusing [50]. 

Electrokinetic trapping has achieved the highest level of analyte enrichment. Due to its 

inherent flexibility, different approaches have been used with this technique. 

Concentration polarization, for instance, exploits the ionic permselectivity of nanoporous 

membranes occurring at microfluidic/nanofluidic interfaces under the influence of 

applied electric fields [47, 51, 53]. Electric field gradient focusing (EFGF) is another 

recently reported analyte concentration approach that exploits the formation of a steep 

field gradient in a microchannel containing a buffer and a floating electrode [48, 54, 55]. 

Under an applied voltage, the floating electrode acts in bipolar mode, nearly eliminating 

the electric field in its vicinity, resulting in a non-uniform distribution of ionic species 
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and, consequently, a non-uniform distribution of the electric field along the 

microchannel. The electric field gradient, in turn, affects the electrokinetic transport of 

electrically charged species [48] (e.g. buffer ions, tracers and biomarkers). Specifically, 

for negatively charged molecules, the increased electric field in the vicinity of the 

floating electrode results in an increased electrophoretic force that eventually balances 

the counter-acting forces imposed by the bulk flow. The charged molecules become 

stationary and are locally enriched at some distance from the floating electrode [54, 56].  

 Periodic arrays of through nanohole in metal films support enhanced transmission at 

resonant wavelengths and offer significant reductions in time response when employed as 

optofluidic sensing elements (as detailed in the previous sections). However, the use of 

nanohole arrays has been limited to applications that exploit their inherent fluidic or 

sensing optical characteristics. The present work reports the first experimental 

demonstration in which a flow-through nanohole array acts as a fluidic conduit, an optical 

sensor and an active electrode for charged analyte concentration. The metallic layer in a 

flow-through nanohole array based sensor may operate as a floating electrode when 

applying an external electric potential to the fluid. The charged analyte components then 

become enriched by EFGF due to the electric field uniformities induced by the nanohole 

array. However, in order to operate the sensing platform in dual mode (i.e. for analyte 

concentration and sensing) the biomarker enriched plug is required to reach the active 

area of the sensor (i.e. the nanoholes). A pressure driven flow serves to shift the position 

of the enriched plug of analyte into the holes. The novel technique proposed in this work 

enables fluorescein enrichment of 180-fold in ~ 1 min. Additionally, 100-fold enrichment 

and simultaneous SPR sensing of bovine serum albumin (BSA) was achieved. This work 
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places metallic nanostructures in a new class of actuators possessing exceptional 

functionality due to the variety of transport mechanisms afforded by their unique 

structure and material make-up. 

 Full details on this contribution are provided in Appendix C.  

 

2.4    Integrated Nanohole Array Surface Plasmon Resonance Sensing 

Device using a Dual-Wavelength Source   

Common surface plasmon resonance (SPR) technologies used in biomedical applications 

rely on coupling techniques such as the Kretschmann, grating and waveguide coupling 

configurations [32, 100, 101]. Assorted metal nanostructures that support surface 

plasmon excitations include nanoparticles [102] and nanoholes in metal films [81], the 

latter of which was found to exhibit extraordinary optical transmission (EOT) [29]. EOT 

resonances specifically depend on the refractive index near the surface, which has 

motivated the use of nanohole arrays as biosensors [31]. It was recognized early on that 

the collinear optical geometry of nanohole arrays is convenient for integration, further 

offering the potential for a high degree of multiplexing within a microfluidic environment 

[31]. 

An alternative to wavelength-shift detection in biosensing applications is to monitor the 

extent of adsorption by measuring the intensity variations from transmitted 

monochromatic beams [103]. This has the benefit of simplifying the detection scheme 

(i.e., removing the need for a spectrometer), but reduces the spectral diversity of the 

detected signal. Consequently, the changes in light intensity used in this approach are 

often susceptible to spurious effects, such as drift in the sources or detectors and bulk 
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matrix scattering as well as absorption [79]. In order to eliminate spurious effects 

associated with a single source at a particular wavelength, a second source at a different 

wavelength, responding in the opposite manner to the first source may be added. In 

particular, if the intensity of the first source decreases to indicate a sensing event, this can 

be isolated from mere absorption or scattering of the light because the intensity of the 

second source should increase.  

This work was done in collaboration with members of the Electrical Engineering 

Department. Specifically, the nanohole array fabrication and part of the MATLAB code 

for signal visualization and acquisition were done by Asif I. K. Choudhury; circuitry 

design, MATLAB coding and part of the experiments were by John Campbell; 

implementation and redesign of the circuitry, data analysis, manuscript writing and part 

of the experiments were done by Serge Vincent; and chemical solution preparation, 

experimental design, data analysis, microfluidic fabrication and implementation, 

experimental work was completed by the candidate. The final bulk of the paper was also 

written by the candidate.    

This collaborative effort resulted in a hand-held integrated nanohole array-based 

sensing device with nine sensor elements, which is applicable to multiplexed detection 

[104]. The device uses a two-color LED sensing scheme which can be used to distinguish 

between spurious sensing artefacts and the detection signal, as pairs of optical signals can 

be expected to exhibit complementary behaviour. The result is a sensing system that 

would be immune to changes, for instance, in ambient light levels as expected in the 

field. This implementation is a significant step towards the use of SPR sensing 

technology for point-of-care and field testing applications. The device is based on 
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nanohole array sensing, where the transmission spectrum of the nanohole array is 

modified by the local refractive index close to the metal surface.  The device is tested 

through both bulk refractive index sensing and surface adsorption sensing experiments.  

Bulk sensing and dynamic surface binding were demonstrated, with a bulk sensitivity 

of 266 pixel intensity units/RIU, LOD of 6x10
-4

 RIU (with potential for improvement by 

two orders of magnitude), and sequential binding process response for 2 μM streptavidin 

to biotin. The integrated nature of this apparatus, as well as its relatively low component 

cost and potential for multiplexing, make it a promising development for future point-of-

care diagnostics and field research. Further optimization, by exploiting the full dynamic 

range of the sensor, can be expected to enable a three-fold improvement in LOD. 

Full details of this contribution are provided in Appendix D. 

 

2.5   Quantitative Real-Time Plasmonic Sensing with an Integrated 

Microfluidic Concentration Gradient Generator  

Detection of low concentrations of biomarkers is essential for early detection of disease 

[105]. Quantitative monitoring of biomolecular interaction is needed for many diagnosis 

applications and usually critical for those involving protein interactions for biomarker 

detection [106-108]. In contrast to a qualitative pass/fail test, quantitative sensing 

provides the detected concentration of the analytes. Biomarker detection also involves 

different types of protein interactions, including dynamic binding characteristics of the 

binding event which can be studied using quantitative sensing platforms [106, 109, 110].  

The benefits offered by microfluidic-based diagnostic technologies are well 

documented [111, 112]. Biomarker quantitation based on calibration curves are 
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extensively used in traditional analytical chemistry [113-115] and have been incorporated 

into microfluidic platforms in the past [116-118].  

As sensing elements, nanohole arrays are most applicable to the detection of adsorbed 

species, in analogy with conventional SPR sensing, which has motivated their use in 

biosensing [84, 119]. Integration of nanohole arrays in microfluidic chips has been 

recently reported in several studies [15, 85, 106], including articles resulting from this 

thesis work. 

In the present work, quantitative label-free detection of an ovarian cancer biomarker is 

presented using an array of nanohole arrays integrated with a microfluidic concentration 

gradient generator. This work was done in collaboration with Jacqueline Ferreira from 

the department of Chemistry. The approach is to generate, in every test, a calibration 

curve on-chip, using points of known analyte concentration for the quantification of a 

sample of unknown concentration. The concentration gradient is achieved by step-wise 

diffusive mixing of two base streams with known analyte concentration. The 

quantification of biomarker concentration in the sample stream is achieved by SPR 

imaging via direct transmission on a CCD. The system was first used to detect and 

quantify the immobilization of antibody (AB) PAX8, revealing a concentration of 15.6 

μg mL
-1

 agreeing within 5% with the known concentration of the test sample. The 

biosensor was then used in the detection of ovarian cancer antigen (AG) r-PAX8 using 

the same sensing scheme. For this test, two concentrations of AG were used. Detection 

was achieved by SPR imaging and the quantification revealed AG concentrations of 3 

and 5 μg mL
-1

, as compared to the known concentrations of 2 and 7 μg mL
-1

, 

respectively. The proposed biosensor demonstrated the ability of self-generating 
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calibration curves on-chip in an integrated microfluidic-SPR based platform, representing 

a further step towards the development of comprehensive lab-on-chip biomedical 

diagnostics. 

Full details are provided in Appendix E. 

2.6   Microfluidic Liquid Actuation through Ground-Directed Electric 

Discharge 

While the previous contributions in this thesis focus on nanohole arrays in microfluidics 

and associated transport and instrumentation aspects, this last component of the work 

addresses fluid actuation and control in the microfluidic layer. Some of the main benefits 

offered by microfluidic-based systems stem from the ability to integrate complex 

analytical functions and to multiplex multiple operations. Some of these functions require 

dynamic liquid control, or liquid actuation, at the scale of individual channels. Methods 

for controlling liquid flows at the microscale include elastomeric switching valves [120], 

electrokientic control with on-chip electrodes [121], centrifugal systems [122, 123] and 

electro-wetting in droplet systems [124, 125]. A commonly used material in 

microfluidics, poly(dimethylsiloxane) (PDMS), is natively hydrophobic but can be 

rendered hydrophilic by exposure to oxygen plasma [126]. Typically, this method has 

been used for bonding layers of PDMS chips by exposure of the bonding surfaces to 

plasma using vacuum plasma ovens or electric discharges from corona devices [127-130].  

Electric discharges have been used in the past for flow control of gases in MEMS 

devices[131]. The actuation of the gas is achieved by ionization of air which generates in 

turn a gas flow. This phenomenon is known as ionic wind and the devices are usually 
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referred to as electrostatic fluid accelerators. However, this type of actuation is exclusive 

to gases.  

Localized treatment of microfluidic structures by electric discharges using corona 

devices has been achieved in the past [128, 130, 132].  These previous works indicate 

some potential for microfluidic liquid actuation using this approach. The aim of the 

present work is to provide a new technique for the real-time actuation and control of 

microfluidic flows via ground-directed electric discharge. The approach is summarized as 

follows: when an electric discharge is applied, the air in the microchannel is ionized 

causing a change in the surface energy; the resulting change in the contact angle induces 

rapid liquid transport through the channel by capillary action. In contrast to established 

plasma treatment, this method employs a ground electrode that guides the electric field. 

This approach enables rapid treatment of select microchannels and thus provides a means 

of real-time fluid actuation as opposed to simply a pretreatment process. For this work, 

the technique was demonstrated experimentally using different microchannel geometries 

under different electric discharge conditions. High-speed visualization analysis of 

discharge-induced liquid flows in straight microchannels indicated on-demand liquid 

velocities up to 7 cm/s. Two theoretical models were used to fit the experimental data, 

finding a best fit at a contact angle of 65. Fluid flow velocities exhibited a linear 

dependence on microchannel length. The increase in power setting of the device showed 

a minimal change in the resulting treatment and flow actuation. Longer lengths could be 

achieved at higher intensities or longer exposure times. Together these results show that 

sub-second applications of the electric discharge can actuate fluids over length-scales on 

the order of ~ 1 cm.  The average liquid flow velocities were found to increase linearly 
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with the power intensity, with average flow velocities on the order of ~ 5cm/s. To 

demonstrate the potential of this technique for integrated lab-on-a-chip applications, 

application in a serpentine channel structure, for on-demand fluid routing, to initiate a 

mixing process, and through an on-chip integrated microelectrode were achieved. 

Full details on this contribution are provided in Appendix F or [133]. 
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Chapter 3 

Conclusions and Future Work 

3.1 Conclusions and Contributions 

This dissertation was dedicated to the development of a sensing platform with potential 

for the early detection of disease. The work resulted in the development of optofluidic 

sensing platforms, based on nanohole array structures. The development mainly focused 

on experimentation, but also included theoretical scaling analysis and modeling elements. 

The contributions of this thesis included design, micro- and nanofabrication, multi-scale 

component integration, experimental testing and verification, and numerical and 

analytical analyses. The main contributions of this dissertation are next summarized: 

(i) An optofluidic flow-through sensor was developed. Through holes from 

nanohole array based sensors were used, for the first time, as nanochannels to 

exploit the benefits of analyte confinement. Nanofabrication of through-holes, 

as well as simulation and experimental studies on the maximum transmembrane 

pressures under flow-through operation were performed. All the approaches 

converged to tolerable pressures of up to 20 psi and maximum membrane 

deflections of ~ 20 µm. Flow-through sensing was achieved by SPR 

spectroscopy, and demonstrated six-fold improvement in response time in the 

detection of monolayer formation, compared to the established flow-over 

sensing format. Finally, the flow-through optofluidic sensing platform was used 
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for detecting the step-by-step multilayer assembly of cancer biomarker PAX8 

as required for biosensing applications. 

(ii) The efficacy and limits for applicability of flow-through nanohole array based 

sensors were studied through a series of theoretical scaling analyses and 

numerical simulations. Two scenarios were compared: a flow-over sensor 

embedded in a microchannel and a flow-through nanohole array with equivalent 

sensing area, where the nanohole array sensing area was taken as the inner-

walls of the nanoholes. The analysis was divided into two parts, the study of the 

mass transport alone, and the combined influence of the mass transport and the 

reaction kinetics at the surface. The mass transport analysis demonstrated that 

given equivalent sensing area and flow rate the flow-through nanohole format 

enables significantly increased flux of analytes to the sensing surface. For the 

specific case of a 10 nL/min flow rate provided to the system, the analysis 

revealed a 40-fold enhancement in transport of analyte to the surface. The 

computational analysis combining mass transport and reaction kinetics, 

validated by experimental data, provided guidelines for the sensor performance 

as a function of binding time constant, analyte diffusivity, and running 

parameters. For common binding kinetics and analytes, flow-through nanohole 

arrays were found to offer ∼10-fold improvement in response time, with a 

maximum of 20-fold improvement for small biomolecules with rapid kinetics. 

(iii) Flow-through nanohole arrays were used as both active electrodes in the fluid 

and as plasmonic sensor. Previous demonstrations using nanohole array based 

sensing exploited only the intrinsic optical characteristics of the nanostructures. 
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Under an applied electric potential, the metallic layer of the nanohole arrays can 

also act as a floating electrode, almost eliminating the applied electric field in 

its vicinity. This effect results in a non-uniform distribution of ionic species 

and, consequently, a non-uniform distribution of the electric field in the 

surrounding microchannel environment. The electric field gradient affects the 

electrokinetic transport of electrically charged species. For charged molecules, 

the increased electric field in the vicinity of the floating electrode results in an 

increased electrophoretic force that eventually balances the counter-acting 

forces imposed by the bulk flow at some position along the microchannel. The 

charged molecules then become stationary and are locally enriched. This 

approach, in combination with a pressure bias, was used for analyte enrichment 

and subsequent transport into the nanohole arrays for further sensing. A 180-

fold enrichment of fluorescein was achieved in 60 s, applying 50 V and ~ 4 kPa. 

The approach was also used for the concentration and simultaneous sensing of 

bovine serum albumin (BSA) via SPR spectroscopy, resulting in 100-fold 

enrichment of the protein. This work represented the first active utilization of 

metallic nanohole arrays as an electrode and the first demonstration of a 

photonic nanostructure achieving both local concentration and sensing of 

analyte. 

(iv) A microfluidic, hand-held, nanohole array-based SPR sensing device with a 

dual-wavelength light source was presented. The system included nine 

nanohole arrays as sensors milled on Au-on-glass substrate, embedded into a 

microfluidic chip assembly as well as readily available commercial 
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components: an LED light source, driving circuitry, a CCD detector and a 

computer interface. The dual-wavelength light source was used to increase the 

spectral diversity of the device, isolating possible parameter variations from the 

components. The prototype showed bulk sensitivity of 266 pixel intensity units 

per refractive index unit (RIU) and a limit of detection of 6 x 10
-4

 RIU. In order 

to demonstrate the functionality of the system as a surface based sensing 

system, the sequential binding of a streptavidin-biotin system was 

demonstrated. Even though nanohole arrays have been applied in many research 

studies , and their suitability to device integration is well recognized, this work 

represented the first demonstration of a fully-integrated nanohole array based 

sensing device. 

(v) A nanohole array based sensor was integrated with a microfluidic concentration 

gradient generator for the detection and quantification of ovarian cancer 

antibody and antigen. The approach was to generate, in every test, a calibration 

curve on-chip, using points of known analyte concentration for the 

quantification of a sample of unknown concentration flowing in parallel. The 

concentration gradient was achieved by stepped diffusive mixing of two base 

streams with known analyte concentration. The chip generated six 

concentration streams which were directed into separate outlet microchannels. 

The quantification of biomarker concentration in the sample stream was 

achieved by SPR imaging via direct transmission on a CCD. The intensity 

variations related to analyte concentration were tracked over time and the 

determination of sample analyte concentration was achieved by comparison 
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with the standard curve. The biosensor was first used to detect and quantify the 

immobilization of antibody PAX8, resulting in a concentration of 15.6 μg/mL, 

agreeing within 5% with the known concentration of the sample. The biosensor 

was then used in the detection of ovarian cancer AG r-PAX8 using the same 

sensing scheme. For this test, two concentrations of AG were used. Detection 

was achieved by SPR imaging and the quantification revealed AG 

concentrations of 3 and 5 μg mL
-1

, as compared to the known concentrations of 

2 and 7 μg mL
-1

, respectively. 

(vi) The last contribution in this thesis focused on liquid actuation in the 

microfluidic layer. A novel microfluidic technique to actuate liquids in 

microchannels using a ground-directed electric discharge was demonstrated. 

The technique is based in the wetting conditions changes at the liquid solid 

interface induced by electric discharges when using polymeric, natively 

hydrophobic microfluidic chips. This work demonstrated that ground-directed 

electric discharge enables rapid surface treatment of select microchannels that 

rendered the surface of the microchannel hydrophilic and provided a means of 

real-time fluid actuation. The method was characterized through one- and two-

dimensional channel flow experiments, and comparison with mathematical 

models. Instantaneous fluid velocities fit theoretical models at a contact angle 

of ~ 65, with average fluid velocities on the order of 5 cm/s. To demonstrate 

the applicability of this technique to integrated lab-on-chip systems, selective 

liquid routing and the actuation of a mixing process were demonstrated, as well 

as the application of the technique using an integrated microelectrode. In 
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contrast to previous pretreatment methods using electric discharge, this 

technique enables the direct control, routing and actuation of microfluidic flows 

in real time. 

3.2 Future Work 

The potential future work to follow this dissertation may include: the investigation and 

selection of new substrates for through-hole nanohole array fabrication with improved 

mechanical properties; the detailed study of the mechanical performance of the nanohole 

array substrates, including stress, strain and deflection analysis; the detailed study and 

application of nanostructure shape distortion due to substrate deflection under flow-

through operation and its influence on optical response; development of multiplexed 

versions of the optofluidic sensing platform; further theoretical and experimental studies 

of electrokinetic phenomena for analyte concentration; system testing in bioassays with 

clinical samples; and the incorporation of the optofluidic sensor into an lab-on-chip 

platform with added integrated functions, such as sample filtering preparation.   

Specific details on future work suggested for each contribution in this dissertation are 

provided below: 

(i) An array of nanohole arrays integrated with a microfluidic system, 

functionalized with different types of biomolecules (e.g. antibodies) for the 

multiplexed detection of several types of analyte in one single test. This may 

include testing of different antigen-antibody systems as well as other biological 

species, such as viruses. Also, exploration of new techniques for nanohole array 
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fabrication is important, towards the development of a more cost-effective and 

mass-produced system.     

(ii) A three-dimensional model accounting for mass transport effects in the space 

surrounding the nanohole arrays prior to surface binding, and the extended 

study of the influence of the reaction kinetics of additional antigen-antibody 

systems.  

(iii)  Further experimentation, involving a wider range of applied voltages for the 

concentration of charged species, and different molecules and buffer systems 

for an in-depth characterization of the electrohydrodynamic concentration 

phenomenon demonstrated here. Additional development and redesign of 

several components may lead to a system with reduced footprint and higher 

concentration efficiency. Most notably, the electrodes may be directly printed in 

the microfluidic structure; the metallic nanohole array layer could be coated 

with an additional Pt layer to reduce the risk of hydrolysis; the whole system 

may integrated over a customized Si-wafer base containing numerous nanohole 

arrays, which may result in a significant decrease in the overall size of the 

optofluidic system; and an optical fibre could be integrated into the microfluidic 

layer for integrated signal detection.  

(iv) Incorporation of a thermal control scheme to improve the performance of the 

system. Signal drift can be an issue for some applications and should be 

isolated, analyzed and corrected. Additional improvements may include an 
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improved MATLAB code for pixel acquisition and analysis and additional 

experiments involving biological species.  

(v) Double blinded experiments with several types of biomolecules to extend the 

characterization of the system. This would require the detailed design of the 

microfluidic chip, accounting for the diffusivity of the specific analyte in order 

to correctly generate the required concentration gradient and resulting 

calibration curves. 

(vi) To further increase the characterization of the electric discharge based fluid 

actuation technique a detailed study of the influence of the power intensity of 

the electric discharge is required. This characterization may also include 

computational simulations and theoretical models. Specifically, theoretical 

studies could result in a modified version of the Young-Laplace equation 

accounting for the surface energy change at the liquid-solid interface due to the 

electric discharge treatment, such as the Young-Lippmann equation used to 

describe electrowetting phenomena. Additionally, the technique could be used 

in programmable fluidic functions using integrated microelectrodes and means 

for the controlled application of electric discharges.  
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We combine nanofluidics and nanoplasmonics for surface-
plasmon resonance (SPR) sensing using flow-through
nanohole arrays. The role of surface plasmons on resonant
transmission motivates the application of nanohole arrays
as surface-based biosensors. Research to date, however,
has focused on dead-ended holes, and therefore failed to
harness the benefits of nanoconfined transport combined
with SPR sensing. The flow-through format enables rapid
transport of reactants to the active surface inside the
nanoholes, with potential for significantly improved time
of analysis and biomarker yield through nanohole sieving.
We apply the flow-through method to monitor the forma-
tion of a monolayer and the immobilization of an ovarian
cancer biomarker specific antibody on the sensing surface
in real-time. The flow-through method resulted in a 6-fold
improvement in response time as compared to the estab-
lished flow-over method.

Ordered arrays of nanoscale holes in metal films exhibit unique
optical transmission characteristics at resonant wavelengths.1,2

The role of surface plasmon resonance (SPR) on resonant
transmission through nanohole arrays has motivated their ap-
plication as surface-based biosensors.3 As compared to common
SPR sensing, nanohole arrays present many advantages, including
a smaller foot-print, lower limits of detection, denser integration,
multiplexing, and collinear optical detection.4-8 These character-

istics of nanohole array-based sensors make them particularly well-
suited to planar integration with microfluidics in an on-chip format.

Integration of nanohole arrays in microfluidic platforms has
evolved rapidly from single-array, single-channel arrangements
that facilitate fluid delivery and optical access, to multiplexed
arrays of nanohole arrays and service fluidics. A detailed review
of recent progress in this area is available elsewhere.5 The density
to which individual nanohole array sensors may be integrated in
plane is highlighted in a recent report of 107 sensors per square
centimeter.9 There have also been many developments in the
supporting instrumentation and device-level integration of
nanohole array based sensors.10 Most notably, for large scale
sensor arrays it is more efficient to monitor transmission
intensity changes at a set input wavelength4,6,8 as opposed to
detecting peak shifts in broadband transmission spectra. Trans-
mission intensity measurements may be made using commercial
cameras or other detector arrays in parallel and real-time.8 In all
of the developments to date, the nanohole array has been
employed in a flow-over format,5 and thus from a transport
perspective these nanostructured sensors showed no inherent
advantages over microsized surface based sensor technologies.

As a chemical and biological sensor technology, the sensitivity
and limit of detection of nanohole array sensors are of central
importance. With improved external optics, the sensitivity of
nanohole arrays has been demonstrated to be similar to traditional
Kreschmann configuration SPR.11 With respect to limit of detec-
tion, we recently compared the sensitivity of a typical nanohole
array to that of an otherwise similar array with a silicon oxide
layer blocking access to the top surface. The sensitivities of both
devices were comparable; however, the in-hole sensing enabled
a 5-fold reduction in the sensing area and the detection of proteins
in the attomole range.12 With the benefits of exclusive in-hole
sensing established, effective transport of analytes to the in-hole
surface presents an opportunity to harness the rapid cross-stream
diffusion characteristic of nanofluidic transport. Research to date
involving nanohole arrays has focused on dead-ended holes, and
therefore failed to harness the potential benefits from rapid
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diffusion at nanoscales and from solution sieving using nanostruc-
tures.13,14

In this paper, we demonstrate nanohole arrays with through-
holes as flow-through SPR sensing elements. This paper describes
the fabrication, microfluidic integration, and the application of flow-
through nanohole array based sensors to chemical sensing. The
flow-through array sensor introduced in this work combines the
benefits of nanohole array based sensing with nanoconfined
transport through the combination of nanofluidics and nanoplasmo-
nics.

MATERIALS AND METHODS
Fabrication of the Nanohole Arrays. The circular nanohole

arrays were fabricated by focused-ion beam (FIB) milling through
a 100 nm thick gold films thermally evaporated on free-standing
100 nm Si3N4 with a 5 nm thick chromium adhesion layer. The
evaporation was done commercially (EMF, Ithaca, NY). A
variety of milling parameters were attempted in an effort to
determine appropriate milling parameters for fabricating through-
holes. For the arrays that demonstrated through-hole transport,
the general milling parameters were as follows: the gallium
ion beam was set to 30 keV for milling with a beam current of
50 pA, the typical beam spot size was 10 nm, and the dwell
time of the beam at one pixel was 4 ms. The arrays consisted
of 30 × 30 nanoholes with periodicities between 450-700 nm.
Although several membranes were fabricated, the results from
two (varying periodicity and varying hole-diameter) are re-
ported in this work. In addition to SEM imaging, fabricated
nanoholes were characterized by energy dispersive X-ray

spectroscopy (EDX) and TEM imaging. These techniques were
used to confirm the milling process, and specifically the extent
of the milling through the silicon nitride. Observed transport
and through-hole sensing, however, were the ultimate metrics
employed to assess the fabricated sensors.

Fabrication of the Microfluidics and Flow Setup. The gold
and silicon nitride film, immobilized on a silicon frame, was
integrated into a poly(dimethylsiloxane) (PDMS) chip fabricated
by soft-lithographic rapid prototyping.15 Fluids were provided to
the chip through syringe pumps; however, much care was
required in the setup and running of the flow-through experiments
to facilitate wetting of the nanoholes and avoid spurious pressure
forces sufficient to rupture the membrane. Detailed information
on the fabrication and assembly of the integrated chip and the
experimental setup is provided in the Supporting Information.

Chemicals. Ethanol anhydrous, and 11-mercaptoundecanoic
acid (MUA, 95%) were purchased from Sigma-Aldrich. Dithiobis-
(succinimidyl undecanoate) (DSU, 92.7%) was purchased from
Dojindo Laboratories. Sodium chloride (99%), sodium phosphate
dibasic (99%), and potassium chloride (99%) were purchased from
ACP, and fluorescein was purchased from Invitrogen. Pared box
gene (PAX8) protein was provided by the Antibody Research Unit
of the British Columbia Cancer Agency (Canada).

RESULTS AND DISCUSSION
Fabrication and Imaging of Flow-Through Nanohole Trans-

port. Figure 1a shows a schematic of the suspended nanohole
array integrated with microfluidics, and the setup for microscopic
imaging and fiber-based transmission spectroscopy. Integrated

(13) Chou, I.-H.; Benford, M.; Beier, H. T.; Cote, G. L.; Wang, M.; Jing, M.;
Kameoka, J. Nano Lett. 2008, 8, 1729–1735.

(14) Liang, X. G.; Chou, S. Y. Nano Lett. 2008, 8, 1472–1476.
(15) Duffy, D. C.; McDonald, J. C.; Schueller, O. J. A.; Whitesides, G. M. Anal.

Chem. 1998, 70 (23), 4974–4983.

Figure 1. Flow-through nanohole arrays. (a) Schematic of the optical and fluidic test setup employed for both fluorescence tests and transmission
spectroscopy. (b) Fluorescence image of the gold film with nanohole arrays, prior to the application of fluid pressure. The location of the arrays
is indicated from the emission of the fluorescein solution on the underside. Arrays were 15 × 15 µm2, with periodicities of 450 nm and hole
diameters of 300, 280, 270 nm (as indicated), as well as 260 and 250 nm and the test pattern (TP). (c) Fluorescence image showing a dye
buffer solution streaming from the three largest diameter arrays with 70 kPa applied pressure. The extent of the square silicon support frame
(500 × 500 µm2) becomes apparent as the fluid pressure deforms the membrane upward. (See Supporting Information, Movie 1).
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service microfluidics delivered solutions and facilitated control of
the solution pressure on the underside (Si3N4 side) of the
membrane. Figure 1b shows a microscope image of six arrays
of nanoholes, and a test pattern (TP) as lighter regions near the
center of the image. Figure 1c shows the flow-through visualization
using fluorescein. The dye was injected from the Si3N4 side of
the template, and the image of the Au side showed pronounced
streaming through the largest nanoholes under applied pres-
sure (see Supporting Information, Movie 1). Of the six arrays
fabricated with periodicity p ) 450 nm, and different milling
parameters, three arrays showed flow-through, corresponding to
the hole diameters indicated in Figure 1b. The lack of apparent
flow through three arrays was attributed to a combination of
smaller hole diameter and insufficient dwell times (i.e., the milling
time used to fabricate those arrays did not allow the formation of
through holes). With the applied pressure of 10 psi (70 kPa), the
total flow rate through the three arrays was estimated to be 5
µL/min, which is compatible with existing microfluidic delivery
systems.16 The arrays showed reversible deflection on the order
of 30 µm under the applied pressure. The same SPR spectrum
was obtained form the arrays before and after extensive flow-
through tests, indicating that the nanostructured arrays were not
functionally damaged. It is interesting to note that nanoporous Si
membranes as thin as 15 nm have been shown to withstand
pressure differentials on the order of one atmosphere.17 Silicon
nitride membranes in particular have been demonstrated previ-
ously as suitable substrates with which to observe resonant
transmission through nanohole arrays.18

SPR Sensing Using Flow-Through Delivery of Analyte.
Figure 2a shows the optical transmission spectra for the arrays
of nanoholes in air (refractive index, n ) 1.0008) and in ethanol
(n ) 1.3587). The spectral shift indicates the sensitivity of the
resonant transmission to bulk refractive index.19,20 In air, the SPR
peak is at 575 nm, but in ethanol it shifted to λ ) 625 nm
(periodicity, p ) 500 nm). The SPR is dominated from the exposed
gold surface as the response from the gold-silicon nitride
interface is expected to be damped by the chromium adhesion
layer.21 A sensitivity of 324 nm RIU-1 was found using glucose
solutions with fine refractive index gradations between 1.3324
and 1.3568. This sensitivity is similar to previous nanohole
SPR.3,20 We note that flow-through sensing is compatible with
recent strategies to increase nanohole SPR sensitivity relative to
that of commercial SPR.11

The efficacy of flow-through nanohole arrays in the detection
of surface adsorption events was tested. The solution containing
the testing adsorbate was introduced in the microchamber in
contact with the Si3N4 surface. In this way the sensor response
to adsorption at the active gold surface is observed only after
flow-through hole transport. The well-known self-assembly of

a monolayer of mercaptoundecanoic acid (MUA) on a gold
surface followed.22 The surface-adsorption was monitored in
real-time by the shift in the λ ) 625 nm peak as a 500 nM
ethanolic solution of MUA streamed through the nanohole
arrays from the Si3N4 side (p ) 500 nm array). This MUA
concentration resulted in adsorption time scales that enabled
accurate timing of the experiments and negligible peak shift
response from the bulk liquid. The real-time spectral red-shift
caused by the MUA adsorption is shown in Figure 2b. The SPR
peak position approached a steady state value indicating that the
self-assembled monolayer approached completion. A similar test
was conducted in flow-over format to compare the response

(16) Whitesides, G. M. Nature 2006, 442, 368–373.
(17) Striemer, C. C.; Gaborski, T. R.; McGrath, J. L.; Fauchet, P. M. Nature

2007, 445, 749–753.
(18) Grupp, D. E.; Lezec, H. J.; Ebbesen, T. W. Appl. Phys. Lett. 2000, 77, 1569–

1571.
(19) Krishnan, A.; Thio, T.; Kim, T. J.; Lezec, H. J.; Ebbesen, T. W.; Wolff, P. A.;

Pendry, J.; Martin-Moreno, L.; Garcia-Vidal, F. J. Opt. Commun. 2001, 200,
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Figure 2. Response of flow-through nanohole arrays to bulk
refractive index and surface adsorption: (a) Transmission spectra for
air (n ) 1.0008) and ethanol (n ) 1.3587) in an array of periodicity,
p ) 500 nm; and (b) comparison of response to surface adsorption
achieved with flow-over and flow-through formats as indicated inset.
Measured peak shift (625 nm peak) is plotted as a function of time
during flow through/over of an ethanol/MUA solution. As indicated in
the inset, the flow-through sensor is operated with flow from the
nonparticipating silicon nitride side to the active gold surface. The
flow-through case results in a characteristic rate constant of kabs )
3.8 × 10-2 min-1 as compared to kabs ) 6.4 × 10-3 min-1 for the
flow-over case.
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achieved with flow-through sensing to the established flow-over
practice. A channel of 50 µm × 2.5 mm cross-section covered the
flow-over nanohole array, and the peak-shift was monitored in
response to the ethanolic solution of MUA at a flow rate
comparable to the flow-through case (∼1 µL/min). The results
of the flow-over test are also plotted in Figure 2b. The MUA
adsorption was fit to a first-order kinetics curve.23,24 The flow-
through exponential fit indicates a characteristic rate constant of
kabs ) 3.8 × 10-2 min-1 as compared to kabs ) 6.4 × 10-3 min-1

for the flow-over case. These results indicate a 6-fold improve-
ment in the adsorption kinetics by employing nanoholes as
nanochannels as compared to the established flow-over method.

Application to Sensing of Cancer Biomarker-Specific
Antibody Binding. The label-free detection of cancer markers
by SPR requires the immobilization of the antibody and detection
through multiple adsorbed layers.25 Here, the sequential assembly
of a monolayer and the cancer biomarker PAX8 specific mono-
clonal antibody26 were demonstrated with the flow-through
scheme. The goal was to show that the flow-through approach
enables the monitoring of multilayer adsorption. Dithiobis(suc-
cinimidyl)undecanoate (DSU) was first immobilized at the gold
surface by flowing an ethanolic solution of DSU through the
nanohole array (p ) 450 nm), followed by a rinse step. A SPR
shift of about 2.5 nm confirmed the formation of a monolayer of
the adsorbed target. A 3.5 µg mL-1 (80 nM, with molecular
weight of 43 kDa) aqueous solution of PAX8 protein in
phosphate buffer solution was then transported through the
nanoholes, and the adsorption kinetics were monitored by the
SPR peak shift, as plotted in Figure 3. The sensor response
shows a rapid increase over 7 minutes followed by a steady state.
The PAX8 adsorption to DSU is non-specific and fits to a first

order kinetic model, yielding an observable adsorption rate
constant of 0.445 min-1. The final relative SPR shifts corre-
sponding to the DSU and the combined DSU/antibody adsorp-
tion are shown inset in Figure 3. The observed shifts, on the
order of several nanometers, are readily observable with relatively
simple infrastructure. These results demonstrate that the flow-
through nanohole array based sensors may be employed to detect
multiple adsorbed layers.

CONCLUSION
In summary, we have demonstrated flow-through nanohole

array based sensing that combines the benefits of nanofluidics
and nanoplasmonics in a single platform. It was shown that
nanohole array based sensing may be performed with through
nanoholes, or nanochannels, that facilitate enhanced transport of
reactants to the active surface. As fluidic elements, the nanohole
arrays served to parallelize the resistance and thus fluid handling
and control were compatible between the parallel nanochannels
and established microfluidic protocols. As optical elements, the
nanohole arrays served to detect the adsorption of a monolayer
as well as the step-by-step multilayer assembly of biomolecules
as required for biosensing applications. A side-by-side comparison
with the established flow-over methodology showed a 6-fold
improvement in response time using the flow-through approach.
Finally, we suggest that the flow-through nanohole arrays as
combined plasmonic and fluidic elements exhibit many features
that are particularly promising for sensing technologies. These
features include a small foot-print, collinear optical detection, co-
nanoconfinement of the analyte and the sensing electromagnetic
field, enhanced transport through rapid diffusion at nanoscales,
and a solution-sieving action for surface based sensing. In addition,
the flow-through nanohole array scheme presented here is ideal
for in-hole sensing. Exclusive use of the in-hole surface reduces
the number of adsorption sites, while providing a large spectral
shift, improving the limit of detection into the attomolar range.
The flow-through approach greatly enhances transport of analytes
to the active area inside the holes. We anticipate that the flow-
through nanohole arrays will enable highly integrated, multi-
plexed, label-free diagnostics for which efficient screening of
multiple biomarkers is essential.
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Figure 3. Response of flow-through nanohole arrays to sequential
adsorption (periodicity of 450 nm). The wavelength versus time plot
shows the peak-shift in response to the antibody (PAX8) adsorption,
with a representative error bar on the last data point. Inset is a bar
graph showing the peak shift in response to the initial DSU monolayer
and the total peak shift in response to the DSU and the antibody.
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Flow-Through vs Flow-Over: Analysis of Transport
and Binding in Nanohole Array Plasmonic
Biosensors

Carlos Escobedo,† Alexandre G. Brolo,‡ Reuven Gordon,§ and David Sinton*,†

Mechanical Engineering, Chemistry, and Electrical and Computer Engineering, University of Victoria,
Victoria, BC, Canada

We quantify the efficacy of flow-through nanohole sensing,
as compared to the established flow-over format, through
scaling analysis and numerical simulation. Nanohole
arrays represent a growing niche within surface plasmon
resonance-based sensing methods, and employing the
nanoholes as nanochannels can enhance transport and
analytical response. The additional benefit offered by flow-
through operation is, however, a complex function of
operating parameters and application-specific binding
chemistry. Compared here are flow-over sensors and flow-
through nanohole array sensors with equivalent sensing
area, where the nanohole array sensing area is taken as
the inner-walls of the nanoholes. The footprints of the
sensors are similar (e.g., a square 20 µm wide flow-over
sensor has an equivalent sensing area as a square 30 µm
wide array of 300 nm diameter nanoholes with 450 nm
periodicity in a 100 nm thick gold film). Considering
transport alone, an analysis here shows that given equiva-
lent sensing area and flow rate the flow-through nanohole
format enables greatly increased flux of analytes to the
sensing surface (e.g., 40-fold for the case of Q ) 10 nL/
min). Including both transport and binding kinetics, a
computational model, validated by experimental data,
provides guidelines for performance as a function of
binding time constant, analyte diffusivity, and running
parameters. For common binding kinetics and analytes,
flow-through nanohole arrays offer ∼10-fold improvement
in response time, with a maximum of 20-fold improve-
ment for small biomolecules with rapid kinetics.

Metallic films with ordered arrays of nanoholes exhibit surface
plasmon resonance (SPR) that facilitates enhanced optical trans-
mission through the holes.1-4 The influence of the near-surface
refractive index on the resulting transmission has been employed

for sensing applications.5,6 Nanohole arrays represent a growing
niche within SPR-based sensing methods.7 Specifically, as com-
pared to traditional SPR sensing, nanohole arrays can provide a
smaller foot-print, denser integration, increased potential for
multiplexing and simplified collinear optical detection in which
analyte binding is determined directly from light that is transmitted
through the holes.7-10 Moreover, the sensitivity of nanohole arrays
has been reported to be similar to traditional SPR.11 Ferreira et
al.6 demonstrated that in contrast to traditional SPR, the top gold
surface is not necessarily the dominant sensing surface in
nanohole arrays. Rather, the molecular binding that occurs on
the inner surface of the nanoholes can dominate the sensor
response.6 This finding highlighted the importance of transporting
analytes to the interior of nanoholes.

In order to enhance the transport of analyte to the in-hole
sensing surface we developed a flow-through nanohole array
sensing format.12 All previous nanohole array sensing involved
dead-ended holes and thus relied on cross-stream analyte transport
within a microchannel flow as is typical for surface based
biosensors. This traditional flow-over format is shown schemati-
cally in Figure 1a. In contrast, the flow-through strategy capitalizes
on the unique nature of nanohole plasmonic sensing elements in
that they are also fundamentally nanochannels.12 The flow-through
strategy is shown in Figure 1b. An array of through-nanoholes
serves as nanochannels in parallel and provides an analyte sieving
action that is unique among surface-based sensors. Our experi-
mental results demonstrated proof-of-concept flow-through bio-
sensing and a 6-fold improvement in response time compared to
the traditional microfluidic flow-over method when applied to
monitor a monolayer adsorption process.12 More recently, Yanik
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et al.13 demonstrated a 14-fold improvement in the mass transport
rate of IPA as compared to an otherwise similar flow-over system,
and Jonsson et al.14 presented flow-through plasmonic sensing
using a short-range ordered nanoscale pores. These recent isolated
results indicate the excitement and promise surrounding flow-
through nanohole based plasmonic sensing. Facilitating flow-
through sensing is, however, more complicated than flow-over
which can be achieved with a single fluidic channel. For a given
application the potential benefit offered by flow-through sensing
will be a function of operating parameters and binding kinetics of
the specific analyte system.

Transport and binding kinetics have been studied extensively
for the flow-over format typical of surface based microsensors and
nanowires.15-23 Zimmermann et al.24 investigated the analyte
surface capture using a 2-D model under different input param-
eters such as flow rate and binding kinetics constants. Hu et al.17

presented a 2-D flow-over model and demonstrated better per-
formance with electrokinetically driven immunoassays over pres-
sure-driven ones in terms of reaction kinetics. Fu et al.18 presented
a 2-D computational model to identify operating ranges for
sensitivity improvement in microfluidic heterogeneous immunoas-
says. Squires et al.21 provided an elegant and practical analysis of
microfluidic and nanowire surface-based sensors highlighting
limiting factors in each case.

The parallel nature and length scales involved in the flow-
through sensing is a deviation from the established flow-over
format. Recent experimental demonstrations show significant
improvements in response for isolated monolayer adsorption and
analyte systems.12-14,17,25,26 The efficacy of this strategy as
compared to the established flow-over method has not, however,
been quantified as a function of running parameters and binding
kinetics, and no guidelines are available to assess applicability as
a function of surface chemistry specifics.

In this work, the efficacy of flow-through nanohole sensing,
as compared to the established flow-over format, is quantified as
a function of operating parameters and surface chemistry through
scaling analysis and numerical simulation. Flow-through and flow-
over sensors are compared with equivalent sensing area. That is,
the planar sensing area of the flow-over sensor is equivalent to
the total inner-wall area of the nanoholes in the nanohole array.
The footprints of the sensors are similar (e.g., a square 20 µm
wide flow-over sensor has an equivalent sensing area as a square
30 µm wide array of 300 nm diameter nanoholes with 450 nm
periodicity in a 100 nm thick gold film). The goals of this work
are to (1) quantify the advantage offered by flow-through sensing;
and (2) serve as a guide to assess the benefit of employing a flow-
through scheme for a given sensing application.

BACKGROUND
Model Systems. The two sensing formats considered in this

work are shown schematically in Figure 1. A typical flow-over
format with a square surface-based sensor within a microfluidic
channel is shown in Figure 1a, and the flow-through nanohole
array format is shown in Figure 1b. For simplicity, the flow-over
sensor geometry was fixed as square with a side length equivalent
to the channel width, L, in a microchannel of height, H. The flow-
through sensor assumed an array of parallel nanoholes milled
through a 100 nm thick silicon nitride membrane with a 100 nm
gold coating. The size of the flow-through sensor array was set
such that the total inner-wall sensing area was equivalent to the
area of the flow-over sensor. In both cases, the analyte was
transported by a pressure-driven flow.

Simulations. Fluid flow and mass transport were modeled in
both systems using Finite Element Analysis software COMSOL
Multiphysics (COMSOL, Sweden) under the assumption of
unidirectional 2-D pressure-driven flow, and employing the Stokes
flow approximation typical of microfluidic and nanofluidic liquid
flows.27 The flow-over sensor model included a 2D Cartesian
domain along the midplane of the microchannel as shown in
Figure 1a. The flow-through nanohole array based sensor model
is a 2-D axisymmetric domain along a nanohole cross section, as
shown in Figure 1b. Details on the computational models used
for the simulations can be found in the Supporting Information
(SI). In order to validate the computational model, modeling
results were compared with experimental results for the flow-
through geometry. With respect to characteristic binding response
time, the model and the experimental data agreed to within ±5%.
Details on the model validation and the computational and
experimental results are provided in the SI.
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S. K. Lab Chip 2008, 8, 2062–2070.
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Figure 1. Schematic representation of the two sensing formats
considered in this work: (a) a typical flow-over format with a square
surface-based sensor within a microfluidic channel, and (b) the flow-
through nanohole array format where analyte solution passes from
one microchannel to another via an array of nanoholes/nanochannels
in parallel.
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Quantification of Transport to the Sensing Surface. Sens-
ing requires transport of analyte to the surface and subsequent
binding. The idealized case where the binding kinetics are very
rapid and the sensor does not saturate provides a useful com-
parison of the transport achieved with each sensor format. For
this case, analyte molecules are transported to the sensing area
at steady state through a combination of convection and diffusion.
The total molecular flux input into the system, J0, is a function of
the bulk concentration, c0, and the total flow rate, Q. (In this
work, flux, as indicated by a capital J, corresponds to the flux
density integrated over area, and is thus a scalar.) The
molecular flux to the sensing surface is the diffusive flux, JD,
which scales with the sensing area, A, diffusivity, D, bulk
concentration, c0, and scales inversely with the thickness of
the concentration gradient at the surface, δ21 (see also the
analyte depletion zone discussion in the SI). The total analyte
flux to the sensing surface, JD, was quantified here through
integrating the flux density at the sensor surface in the
numerical simulations. While nondimensionalization of trans-
port parameters can be insightful (an elegant treatment is
provided by Squires et al.21), the dimensional form of the
molecular flux to the sensor surface JD, (mol/s) was employed
here for clarity in comparing transport between the flow over
and flow-through cases. The transport to the sensor can also
be represented as a fraction of the total molecular flux into
the system, or JD/J0.

Quantification of Binding Kinetics. The basis for the
parameter employed to quantify, and generalize, binding kinetics
is explained here. Considering the case of where transport of
analyte to active sites occurs much more rapidly than the binding
kinetics (or “perfect transport”), the rate of change of surface
concentration cS(t) of analyte adsorbed at the sensing surface,
assuming first-order Langmuir kinetics,28 is described by

∂cS

∂t
) konc0(b0 - cS) - koffcS (1)

where kon is the adsorption constant, koff is the desorption
constant, c0 is the analyte concentration in the bulk and b0 is
the total surface concentration of active potential binding sites.

Equation 1 yields an analytical expression17,29-31 for the sur-
face concentration of adsorbed species as follows:

cS(t) ) cS
Eq(1 - e-

t/τ), cS
Eq )

b0c0kon

konc0 + koff
,

KA ) kon/koff,τ ) (konc0 + koff)
-1 (2)

where cS
Eq is the equilibrium surface concentration as defined

by the Langmuir adsorption equation, KA is the affinity constant,
and the time scale, τ, characterizes the time required for the
sensor to reach the equilibrium concentration.21 On this basis,
τ is used in this work to quantify and compare the binding
kinetics of various analyte systems.

RESULTS AND DISCUSSION
The efficacy of flow-through nanohole array based sensing

depends on both transport and binding kinetics. The flow-through
approach has implications mainly for transport. The scaling
analysis below first focuses on the role of transport in isolation,
using the assumption of perfect, rapid, reaction kinetics. Physi-
cally, this situation corresponds to a sensing surface that absorbs
analyte immediately and never saturates. The value in considering
this simplified case is that the analyte transport can be quantified
in isolation from binding/saturation considerations. Following
these transport-only analyses, both transport and binding kinetics
are included.

Transport Scaling Analysis. For the flow-over case (Figure
1a) with rapid surface reaction kinetics, the flux of analyte to the
sensing surface is a function of Peclet number, the ratio of
the total convective flux of molecules to the diffusive flux at the
sensing surface. Based on channel height, H, average velocity,
Uch, and diffusivity, D, the Peclet number is given by Pech )
UchH/D.21

The flow-through case (Figure 1b) is a nanohole array with
the same sensing area as the flow-over case, and is provided the
same solution concentration at the same volume flow rate, Q. The
sensing area of a nanohole array is taken as the inner hole
surface,6 and thus the number of nanoholes required for equiva-
lent sensing area to that of a square flow-over sensor is N ) L2/
Aactive where the sensing area for a nanohole of diameter, D,
and gold thickness, Lhole, is Aactive ) πDLhole. The resulting
number of holes is N ) L2/πDLhole. For the case of L ) 20
µm, Lhole ) 100 m and D ) 300 nm, the number of holes is
approximately 4240, which is an array with around 65 by 65
holes. With a periodicity of 450 nm, the array will extend over
an area of approximately 30 × 30 µm. Such a configuration is
typical of nanohole array based sensors.10,32-34 It is noteworthy
that for typical flow-through nanohole geometries, the total
footprint of the flow-through nanohole array is on the same order
of magnitude as the planar flow-over sensor of identical sensing
area. The total flow rate is divided between N number of holes,
resulting in an in-hole average velocity of Uhole ) Uch(H/L)(4Lhole/
D). Since the diameter of the hole and the thickness of the
gold are typically similar (Lhole ∼100 nm is thick enough to be
optically opaque but thin enough to mill through using a focused
ion beam35) the term (4Lhole/D) is a small correction, on the order
of unity. Thus for a microchannel of approximately square cross-
section (L∼H) the average flow velocity in the flow-over case is
approximately equivalent to that inside the nanoholes. The
resulting Peclet number in the nanoholes is given by,

Pehole )
UholeD

D
)

4QLhole

L2D
(3)

With both systems provided the same flow rate, the ratio of
Peclet numbers provides a measure for comparing the diffusive

(28) Goodrich, J. A., Kugel, J. F. Binding and kinetics for molecular biologists;
Cold Spring Harbor Laboratory Press: Cold Spring Harbor, NY, 2007.
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1998, 75, 583–594.
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2724.
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2010, 4, 311–335.

(34) Im, H.; Lesuffleur, A.; Lindquist, N. C.; Oh, S.-H. Anal. Chem. 2009, 81,
2854–2859.

(35) Yue, S. L., Gu, C. Z. 7th IEEE Conference on Nanotechnology; 2007; Vol.
1-3, pp 632-635.
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transport of molecules to the sensing surface in each case as
follows,

Pech

Pehole
) QL2D

4QLholeLD
) L

4Lhole
(4)

Flow-over sensors in commercial systems have lengths on the
order of L∼ 40 µm,30,36,37 while the depth of flow-through
nanoholes, Lhole∼100 nm, is fixed by optical and fabrication
considerations. Inputing these geometrical constraints in eq 4
provides a Peclet number ratio of 102. In other words, given the
same flow rate and sensing area, the Peclet number inside the
nanoholes is 2 orders of magnitude less than that in the channel
with a typical flow-over sensor operating under otherwise
similar conditions. The above scaling analysis suggests that
flow-through nanohole array based sensing can provide up to
2 orders of magnitude more diffusive flux of analyte to the
sensing surface as compared to a flow-over sensor, given the
same sensing area and flow rate. This potential is further
quantified in the computational transport analysis below.

Computational Transport Analysis. In order to provide a
more detailed analysis of the transport in both sensing platforms,
a computational model is employed. As in the scaling analysis
above, binding kinetics in this section are assumed to be perfect
and the surface concentration is set to cS(t) ) 0. This simplifica-
tion allows the transport characteristics of the two sensing
formats to be compared in isolation from surface binding
kinetics (finite surface reaction rates and surface saturation are
introduced in following section). The flow-over sensor is a
square planar surface with L ) 20 µm. The flow-through sensor
is an array of nanoholes with D ) 300 nm, a gold thickness of
Lhole ) 100 nm and 103 nanoholes for equivalent sensing area
to the flow-over case.

Figure 2a shows the results of the steady state simulations
with perfect reaction kinetics for the case where Q ) 10 nL/min
of 1nM solution (with analyte diffusivity, D ) 1 × 10-10m2s-1)
was provided to both systems. In the flow-over case, the
depletion region is thin compared to the channel width and as
a result the majority of target molecules are swept downstream
before they can diffuse to the sensing area. In the nanohole
flow-through case, the depletion zone extends across the entire(36) Schuck, P.; Millar, D. B.; Kortt, A. A. Anal. Biochem. 1998, 265, 79–91.

Figure 2. Comparison of transport in flow-over and flow-through sensing formats. (a) Schematic of the flow-over format (left) and flow-through
format (right). Simulation results indicate analyte collection in the flow-over sensor (L ) H ) 20 µm), and a flow-through nanohole (D ) 300 nm,
Lhole ) 100 nm) array of equivalent sensing area. Both are provided the same flow rate (Q ) 10 nL/min), D ) 1 × 10-10m2s-1 and the surface
concentration was fixed (cS(t) ) 0) to consider transport in isolation from binding kinetics. (b) Extension of results shown in (a) plotted as total
molecular flux to the sensing surface, JD, versus flow rate. The continuous line indicates the fundamental limit where all incoming analyte
molecules are transported to the sensing surface. The dashed line represents the flux estimated using the solution for mass transfer to a
two-dimensional sensor as given by Ackerberg et al.38 Values corresponding to microchannel and nanohole cases from (a) are plotted, as
indicated as in the legend, and sample flow-through flow-through computational results are shown inset.
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nanohole cross-section as the majority of analytes are trans-
ported to the inner-wall sensing surface.

Figure 2b quantifies analyte flux to the surface as function of
total flow rate. Due to the mixture of length scales involved, both
the flux of analyte to the sensor surface and the flow rate are
given in dimensional forms, mol/s and L/min, respectively. The
continuous line indicates the limit where all analytes entering the
sensing platform (i.e., J0) are transported to the sensing surface.
The dashed line is the flux as estimated using the asymptotic
solution for mass transfer for a two-dimensional sensor pro-
vided by Ackerberg et al.38 Several aspects of Figure 2 are
noteworthy: (1) As flow rate increases, total flux to the sensing
surface increases in accordance with expected results;38 (2) At
low flow rates such as the point shown at Q ) 0.3 nL/min,
essentially all incoming analyte is transported to the sensing
surface (JD/J0. > 99%); (3) For the specific flow-through/flow-
over comparison cases (shown in Figure 1a), the flow-through
sensing format provides 40-fold more flux of analyte to the sensing
surface (given same flow rate and sensing area).

Computational Transport and Binding Analysis. Finite
binding kinetics, in general, have the effect of slowing down sensor
response as compared to the idealized cases discussed above. In
this context, it is informative to determine the kinetic conditions
under which the flow-through nanohole array strategy is benefi-
cial, and the conditions under which it provides negligible benefit.
Toward this end, binding kinetics was included in the model for
both the flow-over and flow-through cases. In order to characterize
the kinetic binding systems in a way that is as general and widely
applicable as possible, the characteristic binding time scale τ from
eq 2 is employed.

The response times of the flow-over and flow-through sensing
formats for four different analyte systems with binding kinetics
and surface concentration saturation at equilibrium are sum-
marized in Table 1. Analyte System 1 represents the binding of a
relatively large, slow molecule with favorable binding kinetics,
such as bovine serum albumin39 (BSA). Analyte System 2 is an
antibody-antigen system modeled after the common cancer
biomarker CA125.40 Analyte Systems 3 and 4 represent a generic
small molecule bioassay with “on” kinetics that are fast and slow,
respectively. Diffusion of the analyte to the surface will play a
major role in cases 1 and 2, but the adsorption kinetics will be
more important in cases 3 and 4. The binding kinetic time

constant, τ, is calculated for each system in Table 1, and this value
represents a minimum time scale (or maximum rate) for sensor
response based on perfect transport. In this sense, τ imposes a
speed limit that can be attained, but not exceeded, with improved
transport schemes.

Figure 3 shows the response from each analyte system when
implemented in flow-over and flow-through sensing formats. The
sensors had equivalent sensing area with geometries as applied
in Figure 2, and both systems were provided 10 nL/min and c0 )
10-9M. The response time was taken as the time for the sensor
to have 80% of the equilibrium analyte concentration adsorbed
to the surface. For system 1, the flow-through nanohole
response time was approximately equivalent to the binding time
scale, τ, indicating that the flow-through system approximates
the perfect transport limit. For the flow-over case the sensor
response was approximately eight times slower. The flow-
through strategy also provided much faster response when
applied to the Analyte System 2 (CA125 cancer biomarker).
For Analyte System 3, however, the benefit of the flow-through
nanohole approach was less significant. This was due to a
combination of the smaller molecular size (increasing the
diffusive transport rate in both systems) and the much slower
(i.e., rate limiting) binding kinetics as indicated by the large
characteristic τ value. Analyte System 4 represents a further
extreme, where binding kinetics limit the process entirely.
Although the flow-through strategy provided a faster response,
the time savings are not significant as compared to the long
characteristic binding time (τ ) 103s.) These cases illustrate a
spectrum of sensor responses for four analyte systems, and
while the flow-through format provides significant gains for
Analyte System 1 and 2, only a modest benefit was achieved
in Systems 3 and 4.

Figure 4 provides sensor time response as a function of the
characteristic binding time scale, τ, spanning 5 orders of magni-
tude. In these simulations, the adsorption constant was varied as
102ekon g 107 M-1s-1, keeping constant values of koff, c0 ) 10-6

M and Q ) 2 µL/min. The desorption kinetic constant, koff,
was fixed at a constant and sufficiently low value (10-5 s-1) to

(37) Natarajan, S.; Katsamba, P. S.; Miles, A.; Eckman, J.; Papalia, G. A.; Rich,
R. L.; Gale, B. K.; Myszka, D. G. Anal. Biochem. 2008, 373, 141–146.

(38) Ackerberg, R. C.; Patel, R. D.; Gupta, S. K. J. Fluid Mech. 1978, 86, 49–65.
(39) Meechai, N.; Jamieson, A. M.; Blackwell, J. J. Colloid Interface Sci. 1999,

218, 167–175.
(40) Xie, C.; Dong, C.; Ren, J. Talanta 2009, 79, 971–974.

Table 1. Diffusion Coefficient, Adsorption Constant,
Desorption Constant, Affinity Constant Characteristic
Binding Time Scale and Surface Concentration at
Equilibrium for Analyte Systems 1-4

analyte
system 1

analyte
system 2

analyte
system 3

analyte
system 4

D(m2s-1) 1 × 10-11 1 × 10-10 1 × 10-9 1 × 10-9

kon(s-1M-1) 1 × 104 2 × 106 1 × 103 1 × 102

koff(s-1) 1 × 10-4 2 × 10-3 1 × 10-8 1 × 10-7

KA(M-1) 1 × 108 1 × 109 1 × 1011 1 × 109

τ (s) 1 × 102 4 × 10-1 1 × 103 1 × 104

cS
Eq(mol ·m-2) 1 × 10-6 1 × 108 1 × 108 1 × 108

Figure 3. Comparison of flow-over and flow-through sensing formats
for four analyte systems. Time for 80% of the equilibrium analyte
concentration to be adsorbed to the surface is plotted for both sensing
formats. The sensors had equivalent sensing area with geometries
as employed in Figure 2, and both systems were provided 10 nL/
min. The flow-through format provides significant gains for Analyte
Systems 1 and 2, however, only a modest benefit was achieved in
Systems 3 and 4. Particularly in Analyte System 4, the benefit of flow-
through transport is obscured by the long characteristic time binding
time. Characteristic binding time scale for each case is shown as a
dashed line as indicated.
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ensure the process was dictated by the “on” kinetics (this is
representative of many bioassays, having kon values in the range
of 103 to 105 M-1s-1 and k off values ∼10-5).39-41 In order to
include the effect of the analyte size, the simulations were
performed considering three different analyte diffusivities, 10-11,
10-10, and 10-9 m2/s, spanning the range of cases in Table 1.
As shown in Figure 4a, the flow-through nanohole system provides
maximum benefit at low τ values corresponding to fast reaction
kinetics. As τ increases, binding kinetics become dominant and
all response curves asymptotically approach the limit t ) τ.

Figure 4b provides a measure of the improvement achieved
by employing the flow-through format. Specifically, the results are
plotted in terms of an improvement factor, defined as the ratio of
flow-over format to flow-through format response times. As shown,
a benefit of 20-fold was achieved for small (rapidly diffusing)
analytes with relatively fast binding kinetics (τ < 1 s). As the

binding time scale increases, the benefit decreases. These results
indicate that a significant benefit (i.e., 2-fold improvement in
response time) is achieved even for cases with binding time
constants up to 103s. Many biosensor applications employ
analytes with binding time constants in the range of 1-
102 s.17,39,42,43 In that range, flow-through nanohole array sensors
can provide ∼10- to 20-fold improvement in response. It is
interesting to note that although the highest improvement ratios
are achieved with small analytes (high diffusivity) with fast
reaction kinetics, the benefits are eroded rapidly as the binding
kinetics slow down. In contrast, larger analytes (low diffusivity)
maintain significant benefits with slower binding kinetics, for
example, D ) 10-11m2/s maintains 5-fold improvement up to τ
) 103 s.

CONCLUSIONS
In this work, the analyte transport and time response of flow-

through nanohole arrays was quantified and compared with that
of a traditional flow-over sensor in a microchannel. The transport
scaling analysis indicated that the flow-through sensor exhibits a
Peclet number, Pe, 102-fold less than the flow-over format for
the same given flow rate. For the case of rapid surface kinetics,
the computational results indicated that, the flux of analyte
molecules to the sensing surface of a flow-through nanohole
array was much higher than the flow-over sensor (40-fold
higher in the case of Q ) 10 nL/min).

Finite binding kinetics, in general, have the effect of slowing
down sensor response as compared to the purely transport limited
case. Binding kinetics were included in the model, and the system
response times were compared as a function of binding time
constant and diffusion coefficient. A 20-fold faster time response,
was achieved for the flow-through case with small (rapidly
diffusing) analytes with relatively fast reaction kinetics. In the
range applicable to most biosensing applications (τ ) 1 - 103s),
and analytes with typical diffusion coefficients (D ) 10-11 to
10-9 m2/s), flow-through nanohole arrays offer ∼10-fold benefit
in terms of time response over established flow-over sensors
formats.
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Figure 4. Response time improvement of the flow-through sensing
format as a function of characteristic binding time scale, τ. The results
shown in (a) were obtained from simulations using the COMSOL
model described in the text, and varying kon from 102 to 107 M-1s-1

for three different molecule sizes. In all cases, c0 is higher than 1/KA

to ensure saturation of the sensing surface. The flow-through format
provides maximum benefit at τ e 102 s. As τ increases, all the
response curves approach the limit t ) τ. In (b), the results from (a)
are shown as a flow-through-to-flow-over response time improvement
factor. The highest benefit, around 20-fold, is achieved for rapidly
diffusing analyte and smaller τ values; and between 10- to 20-fold
for values representing typical biosensing applications.40,42,43
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The early diagnosis of many diseases, such as cancers, requires rapid response from low 

analyte concentrations.  The integration of fluidics and optics, as in flow-through nanohole 

arrays, has enabled increased transport of analytes to sensing surfaces.  However, the limits of 

detection are fundamentally limited by local analyte concentration.  Here, we employ the 

nanostructure geometry and the conducting nature of the film to actively concentrate analyte 

within the sensor.  Analyte concentration is achieved through local electrohydrodynamics 

resulting from the applied field and pressure bias. We achieve 180-fold fluorescein enrichment 

and 100-fold enrichment and simultaneous sensing of a protein in less than 1 minute. This work 

presents the first demonstration of active concentration of analyte within a sensing 

nanostructure.  This work presents opportunities for an order of magnitude increase in speed, 

and two orders of magnitude improvement in limit of detection for applications such early 

detection of cancers. 
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The marriage of fluidics and optics, or optofluidics, has enabled new functionality in several 

areas including analytical chemistry, biotechnology, and energy
1-4

. While arrays of nanoholes in 

metal films have been used for surface plasmon based sensing for several years
5
, incorporating 

the nanoholes as fluidic nanochannels has resulted in improved sensor response
6
. The key benefit 

in that optofluidic approach is improved transport, and several studies have confirmed and 

extended the concept
7-11

. 

 

Despite the benefits of improved analyte transport and established optical sensitivity, 

applicability of optofluidic sensing systems is limited in many applications by low target analyte 

concentrations
12,13

. Specifically for the early detection of many diseases, such as ovarian cancer, 

biomarker concentrations remain low until late stages
14

.  Current methods to concentrate analyte 

prior to sensing include field amplified stacking
15

, isotachophoresis
16

, electrokinetic trapping
17,18

, 

conductivity gradient focusing
19

, temperature gradient focusing
20

 and field gradient focusing 

(FGF)
21

. FGF may be achieved in a microchannel using a floating internal electrode
22

; thus, there 

is an opportunity to apply this approach with metallic flow-through nanohole arrays. In 

traditional FGF, concentration results from a steep field gradient in a microchannel containing a 

buffer and a floating electrode
23,24

. The electrode disturbs the potential field, and the balance of 

local electrokinetic transport and bulk flow results in the local collection of charged species (e.g. 

buffer ions and charged analytes)
22

.  The net concentration increase results from a combination 

of FGF, diffusion, bulk fluid transport, and secondary influences of induced-charge 

electrokinetics
25,26

 (details provided in the Supplementary Information). 

 



3 

 

Here we present  the first demonstration of a plasmonic nanostructure being used to locally 

concentrate analyte prior to sensing. The flow-through nanohole array sensor operates as a 

floating electrode when an electric potential is applied to the fluid. A combination of FGF and 

bulk pressure-driven flow bias concentrates analyte at the active sensing surface.  This represents 

a straightforward experimental approach that enables the use of the plasmonic structure as both 

analyte concentrator and sensor.  

 

Fig. 1 summarizes the optofluidic concentration approach. An array of through nanoholes is 

integrated within a microfluidic system.  The fluid is a typical buffer with many small ions and 

larger electrically charged analytes (here, negatively charged).  Concentrations are initially 

uniform throughout the system. The application of an electric field results in a bulk 

electroosmotic flow towards the cathode, and electrophoretic motion of cations and anions 

toward the cathode and anode, respectively.  Small buffer anions have high electrophoretic 

velocities sufficient to counter the bulk flow everywhere except inside the metallic portion of 

each nanohole where the electric field strength is locally reduced (t = t0+ in Fig. 1).  This effect 

results in a local depletion of buffer anions, which grows towards the anode as the local 

conductivity reduces and the local electric field magnitude increases, typical of FGF
22

.  The 

timescale for this buffer ion response is ~ 1 ms (details provided in the Supplementary 

Information).  Larger charged analytes respond to the increased field and concentrate near the 

boundary of the depleted region (t = t1 in Fig. 1).  With the addition of a pressure bias (t = t2 in 

Fig. 1) the position of the concentrated analyte plug is shifted down to the nanohole array surface 

and into the holes where it can be sensed at greatly elevated concentrations as compared to the 

initial sample.  
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We used arrays of 300-nm diameter through-holes with 450-nm periodicity fabricated in 100-

nm-thick Si3N4 membranes coated with a 100-nm Au film (Methods). The arrays were integrated 

within a microfluidic system containing 1:1 (v:v) methanol/10 mM Tris-HCl solution (pH 8.1) 

seeded with model analyte, and electrodes (details of the set up provided in the Supplementary 

Information). The experiments included two model analytes: fluorescein, for quantifying the 

concentration effect, and bovine serum albumin (BSA) for concurrent analyte concentration and 

sensing.  

 

Fig. 2 shows optofluidic concentration experimental results. For quantifying the concentration 

effect, a substrate with flow-through nanohole arrays was visualized from the Au side, as shown 

in Fig. 2a.  Initially, the dilute tracer solution concentration (100 nM) was uniform throughout 

the whole system (t = t0 in Fig. 2a).  At t = t1 = 15 s, a potential of 50 V is applied externally, 

and the concentration increases steadily as fresh analyte is transported to the arrays by the bulk 

pressure driven flow (4 kPa).  As time progresses the charged dye is locally concentrated on the 

anodic side (visualized) surrounding the nanohole arrays and a depleted region is developed near 

the arrays (a movie of the experiment is available in the Supplementary Information).  As shown 

in Figure 2c, the local enrichment process showed an approximately linearly increasing trend 

over time, reaching a concentration factor of ~ 180-fold in 60 s.  This collection rate corresponds 

to the incoming flow rate of dye, indicating that the bulk of the model analyte is being 

concentrated on the gold, active sensing side.  
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The previous experimental setup was reoriented in order to visualize the process from the 

downstream cathodic compartment of the cell, as illustrated in Fig. 2d. A sequence of processed 

fluorescence images of the experiment is shown in Fig. 2e. With the application of the electric 

field, significant fluorescence in the nanoholes appears (t = t1 = 60 s). Over the subsequent 60 s, 

(t = t2 = 120 s), the local intensity at the arrays continues to increase. The four bright spots 

surrounding each nanohole are reflections from the silicon frame that supports the membrane and 

are simply artefacts from imaging the backside of the assembly. The surface plots corresponding 

to each image in Fig. 2e show the evolution of the local fluorescence signal collected from each 

nanohole array. The increasing localized signal and lack of fluorescein transport into the lower 

layer
6
 indicate (1) the analyte concentration effect on the gold side and (2) the presence of 

concentrated analyte inside the nanoholes which absorb and emit in response to direct excitation 

from below. The plot in Fig. 2f shows the local fluorescence intensity as a function of time. An 

integration area of 30 x 30 pixels was selected over each array, and excluded the four reflection 

artefacts.  Due to the intense confinement of the analyte within the holes, and further 

complexities of fluorescence imaging within and through the nanoholes, it is not possible to 

directly obtain concentration factors from this backside imaging configuration.  However, 

several aspects of the plot in Fig. 2e are notable: (1) the signal increase occurs primarily after 

40s, which corresponds approximately to the t2 to t3 period in Fig. 2e where the local 

concentration at the arrays increases significantly; (2) after 40 s, the observed intensity shows a 

linear increasing trend; (3) the rate of normalized intensity increase is on the same order as that 

observed in the gold-side chamber.  Importantly, these collective results demonstrate active 

analyte concentration using a flow-through plasmonic nanostructure, a first for optofluidics.  
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The model sensing experiment involved electrohydrodynamic concentration and subsequent non-

specific detection of BSA (with isoelectric point of 4.7 at room temperature
27

). Sensing was 

achieved by tracking the peak-shift of the light transmission spectrum at the resonant 

wavelength
5
 (Methods). This experiment was designed to quantify and contrast the rate of 

biomolecular binding with and without the active concentration method developed here. Fig. 3a 

shows a schematic representation of BSA binding to the active surface of the nanohole arrays. 

The plot in Fig. 3b shows the experimental results using the analyte concentration scheme, at an 

applied electric potential of 50 V. The data for the control case (no field applied) is shown in Fig. 

3b for the first 300 s and Fig. 3c for the subsequent 1500 s, followed by a final rising step at 

t=1600 s. The peak-shift indicates the binding of BSA to DSU on the sensing surface of the 

optofluidic nanostructure as time progresses. The peak-shift change over time shows the typical 

surface binding characteristic shape, reaching saturation of the sensing surface after ~ 120 s for 

the concentration experiment (with field) in Fig. 3a.  The small blue-shift on the order of 1 nm 

after the rinse step confirms the formation of a BSA-DSU layer on the surface of the sensor. The 

magnitude of the peak-shift for the control case, shown in Fig. 3c, is small (~ 1.5 nm) and the 

time for reaching equilibrium is long (in the order of ~ 1000 s), in contrast to the shift obtained in 

the concentration scheme (shown in Fig. 3b). In combination, these results demonstrate that the 

concentration scheme developed here enabled a 10-fold decrease in binding time, and a 5-fold 

increase in peak shift. These differences correlate to the expected concentration-dependence of 

the binding kinetics
28

.  In other words, the faster saturation and increased magnitude in peak-shift 

obtained with the analyte concentration scheme is consistent with the locally increased analyte 

concentration in the fluid resulting from the optofluidic concentration method.  
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To contextualize the sensing demonstration, we developed a computational model including 

transport and reaction kinetics but excluding the active concentration effect (further details in 

Supplementary Information).  The binding of the model analyte, BSA, to DSU is non-specific 

and is described by simple first-order reaction kinetics
29

. The predicted response of the sensor 

(resonance peak-shift) was determined from the amount of analyte bound to the active surface in 

the simulations. In order to compare rates, the responses were normalized to the equilibrium 

value for the maximum concentration (10 µM).  As shown in Fig. 3d, adsorption rates increase 

with increased concentration, as expected. As the response corresponds to the amount of analyte 

bound to the sensing surface, the response is smaller for the low concentrations, in agreement 

with the experimental results.  The saturation time (vertical dashed line) for the experimental 

results with active concentration agrees most closely to the 10 µM bulk analyte concentration 

response curve (a concentration 100-fold that of the initial concentration). These results indicate 

that the optofluidic concentration scheme developed here enabled sensing of an analyte with 

response corresponding to a bulk concentration 100-fold greater than the solution employed.   

 

We demonstrated active analyte concentration and sensing using a flow-through plasmonic 

nanostructure. Metallic flow-through nanohole arrays served as both floating electrodes and 

nanochannels that, under an externally applied voltage and a hydrostatic pressure bias, enabled 

the local concentration of analytes. We also demonstrate the concurrent use of the flow-through 

optofluidic nanostructure to concentrate a protein and to sense its binding to a functionalized Au 

nanohole surface. The results from this biosensing experiment, in combination with 

computational simulations, revealed analyte concentration of ~ 100-fold, compared to the control 

case with no concentrating effect. Collectively, these results demonstrate active analyte 
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concentration using a flow-through plasmonic nanostructure, a first for optofluidics. These 

results indicate that an order of magnitude increase in speed and two orders of magnitude 

improvement in limit of detection are feasible for  applications such early detection of cancers. 

 

Methods 

Experimental system. A SEM image of a sample nanohole array is shown in Supplementary 

Fig. S1 (further details on the fabrication are provided in the Supplementary Information). A 

schematic of the experimental set-up is shown in Supplementary Fig. S2. The substrate for 

nanohole array fabrication consisted of single-window and multi-window free-standing TEM 

analysis Si3N4 membranes (Norcada, Edmonton, AB) with a thermally evaporated 100-nm-thick 

Au layer on a 5 nm thick Ti/W adhesion. The nanohole arrays were fabricated using focused-ion-

beam (FIB). All the microfluidics were fabricated in poly(dimethylsiloxane) (PDMS) (Dow 

Corning, Midland, MI) using conventional soft-lithography. Device fabrication details are 

provided in the Supplementary Information. The integrated optofluidic system consisted of the 

Si3N4 membrane containing the nanohole arrays, a glass slide and the microfluidics as shown in 

Supplementary Fig. S1. Fluids were provided via PEEK tubing (Upchurch Scientific, Oak 

Harbor, WA). Pure Pt wire (Alfa Aesar, Ward Hill, MA) was used as electrodes. The power 

source was a Spellman SL30 (Spellman, Hauppauge, NY) and the applied voltage was controlled 

via LabVIEW (LabVIEW, Austin, TX). For the experiment presented in Fig. 2 an inverted epi-

fluorescent microscope (DMI 6000B, Leica, NJ) and a CCD camera (Orca AG, Hamamatsu, NJ) 

with x10/0.3 NA and x20/0.4 NA objectives were used. For the experiments presented in Fig. 3, 

a miniature Ocean Optics USB2000 fiber-optic spectrometer (Ocean Optics, Dunedin, FL) for 

transmission spectra acquisition was used. For plasmon excitation, light from a halogen lamp 

was focused onto the nanohole arrays through a x20/0.4 NA objective.  



9 

 

Fluorescein concentration experiment. The optofluidic system was filled with 1:1 (v:v) 

methanol/10 mM Tris-HCl solution (pH 8.1) seeded with fluorescein (100 nM) prior to the 

experiment. Fluorescein enrichment quantification was achieved via image analysis and 

comparison against solutions with known fluorescein concentration (details provided in the 

Supplementary Information). The images in Fig. 2b were 16-bit in dynamic range and 138 by 

522 pixels. Images acquired during the experiment presented in Fig. 2e were16-bit and 670 by 

642 pixels. The images were processed using ImageJ software (open source, National Institutes 

of Health) and then imported into MATLAB (Mathworks, Natick, MA) for normalization and 

quantification. 

 

BSA concentration and sensing experiment. Prior to the experiment, a DSU self-assembled 

monolayer (SAM) was immobilized onto the surface of the nanohole arrays and the system was 

rinsed and filled with 1:1 (v:v) methanol/10 mM Tris-HCl solution. Before applying the electric 

potential, the entire system was filled with a buffer solution containing 100 nM BSA. The time 

gap between solution replacement and voltage application was 30 s. Light transmission spectra 

were obtained using a miniature spectrometer (Ocean Optics, Dunedin, FL) and acquired using 

commercial software for processing. SPR transmission spectra were acquired every 10 seconds 

for 170 s. Finally, the system was rinsed with buffer in order to quantify the sensor response to 

adsorbed analyte, as separate from the bulk fluid. Spectra processing and peak-shift analysis 

were achieved using Ocean Optics spectral suite and MATLAB (MathWorks, Natick, MA) 

software.  
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Figures  
 

 

 
 

Figure 1 Optofluidic concentration approach. A through nanohole array is embedded in a microfluidic 

environment containing analyte in buffer (not to scale). Concentrations are initially uniform throughout the 

entire system. a, Under an applied electric field, all electrically charged species in the fluid experience 

electrokinetic forces. Electroosmotic and pressure-driven flow result in a net bulk flow towards the 

cathode. Small buffer anions from the background solution are transported in opposite direction to the 

bulk flow, which results in an anion-depleted region next to the Au layer of the nanohole array. The 

nearly-null electric field inside the gold region of the nanoholes results in a nearly zero-electrokinetic 
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transport zone, where species are only transported by the bulk flow. b, In absence of a pressure-driven 

bias from the anode side, larger charged analytes respond to the increased field and concentrate near the 

boundary of the depleted region. c, With the addition of a pressure bias, the concentrated analyte plug is 

shifted down to the nanohole array and into the holes where it can be sensed at greatly elevated 

concentrations as compared to the initial sample. 

 

 

 
 

Figure 2 Optofluidic concentration of fluorescein. a, Simplified illustration of the visualization 

configuration during the fluorescein concentration experiment. b Image sequence during the fluorescein 

concentration process under an electric potential of 50 V and a hydrostatic pressure of 4 kPa (4 images at 

15 s intervals) in a single-window gold-on-silicon membrane with five nanohole arrays. c, Peak 

concentration enhancement plot over time measured in the top-left array. d Simplified illustration of the 

configuration for the observation of the concentration process from the Si3N4 side. The substrate 

consisted of 6 gold-on-silicon-nitride membranes with a nanohole array in each window. The initial 

fluorescein concentration, array geometries and applied voltage and pressure were the same as those in 

Fig. 2b. e Image sequence showing the progress of fluorescein concentration at the Au side of the 
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nanohole arrays. The image at t = t0 shows the system before the application of the voltage. At t = t1 = 60 

s, significant fluorescence in the nanoholes emerges. Over the subsequent 60 s, the local intensity at the 

arrays continues to increase. Surface plots corresponding to each image show the evolution of the local 

fluorescence signal collected from each nanohole array. f Plot of the local fluorescence intensity as a 

function of time. An integration area of 30 x 30 pixels was selected over each array, and excluded the four 

reflection artefacts from the silicon window. The vertical bars indicate the standard deviation. 

 

 

 

Figure 3 SPR sensing. a, Illustration of BSA binding on the functionalized active surface of the 

optofluidic sensor. b, Resonance peak-shift monitoring of BSA binding to DSU under both concentration 

(50 V, 4 kPa) and control conditions (no applied field). Using the concentration format (applied field), the 

peak-shift reached a plateau after ~120 s. The plot for the control experiment (no applied field) shows a 

slower binding rate, without reaching saturation within the time range shown in this figure. c, Resonance 

peak-shift monitoring of BSA binding to DSU under control conditions (no applied field). The time required 

to reach equilibrium was 10-fold compared to the concentration scheme, and the magnitude of the shift 

was 5-fold smaller in magnitude. d, Simulated detection of non-specific BSA binding to DSU. A 

computational model was used to simulate the response time of the sensor at different BSA 

concentrations. The saturation times, tsat, from both the concentration and control experiments are shown 
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as vertical dashed lines. The saturation time with concentration agrees most closely to the 10 µM bulk 

analyte simulation curve. This indicates that the optofluidic concentration scheme developed here 

enabled sensing of an analyte with response corresponding to a bulk concentration 100-fold increased 

concentration. 
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Flow-Through Nanohole Array Fabrication 

Square arrays of circular nanoholes were fabricated using focused-ion beam (FIB) lithography. 

Single-window and multi-window free-standing Si3N4 membranes (Norcada, Edmonton, AB) 

with a thermally evaporated 100 nm thick Au layer on a 5 nm thick Ti/W adhesion layer were 

used as substrate. The energy and current milling beam parameters were 30 keV and 50 pA 

respectively. The typical beam spot size was ~ 10 nm and the dwell time was set to 2 ms. The 

milled arrays consisted of 15   15 holes with 260 nm in diameter and a periodicity of 450 nm. 

The nanohole arrays were inspected using SEM imaging from both sides after the fabrication 

process as shown in Fig. S1. The fastest nanohole array milling rate achieved during the 

fabrication of the sensors used for the work presented here was 40 minutes for individually 

milled nanoholes and 12 minutes for arrays milled using a mask. This fabrication procedure does 

not require intermediate fabrication steps, such as polymer deposition or chemical etching, which 

may result in increased fabrication times.  
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Figure S1 Nanohole arrays fabricated in a Au-on-Si3N4. a, Picture from the Si3N4 side and b, 

picture from the Au side. 

 

Experimental set-up fabrication and integration 

Two identical microfluidic chips and a spacer were fabricated in poly(dimethylsiloxane) (PDMS)  

using conventional soft-lithography
1
. The chip consisted of a single channel with 250 m by 70 

m cross sectional area and 10 mm in length. The channel had a 1-mm-diameter central 

chamber. The spacer consisted of a flat PDMS layer of ~ 1 mm in thickness with a central 

opening of ~ 5 mm in diameter. A hole was milled through a commercial glass slide with a 

rotary tool using solid carbide milling cutter. The gold-on-nitride substrate containing the 

nanohole array was aligned and fixed onto the glass slide using NOA 68 optical adhesive 

(Norland, Cranbury, NJ). The PDMS layers were then bonded to the glass slide containing the 

nanohole arrays substrate via oxygen plasma. Pure Pt wires (Alfa Aesar, Ward Hill, MA) 

embedded in the PDMS chip served as electrodes. The electric potential was applied via a 

Spellman SL30 high voltage power supply (Spellman, Hauppauge, NY) with LabVIEW and a 

NI-USB-6212 data acquisition system (National Instruments, Austin, TX).  The potential was 

applied to platinum wire electrodes inserted into the top and bottom microfluidic layers. 

1 µm

a b

500 nm

1 µm



Fluids were provided to the chip by hydrostatic means by external reservoirs connected to the 

microfluidic chip via PEEK tubing (Upchurch Scientific, Oak Harbor, WA). The outlet of top 

microfluidic chip and the inlet of the bottom microfluidic chip were blocked under flow-through 

operation using low-pressure PEEK shut-off valves (Upchurch Scientific, Oak Harbor, WA). 

Fig. S2 shows a schematic representation of the experimental setup and the chip assembly and  

 

 

Figure S2 Schematic of the experimental set up used in the fluorescein optofluidic 

concentration experiments. The optofluidic system consisted of PDMS microfluidic components and 

a free-standing Au-on-Si3N4 membrane milled with the nanohole arrays fixed on a glass slide with a 

central opening. For fluorescence imaging experiments, the assembled optofluidic system was placed on 

the stage of an inverted epi-fluorescence microscope and a CCD camera was used for image acquisition. 

The optofluidic concentration process was visualized from both sides of the nanohole array in two 

different experiments.  
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Chemicals and solutions preparation 

Trizma base (Sigma-Aldrich),  hydrochloric acid (HCl) (Fisher Scientific), ethanol anhydrous 

(Sigma-Aldrich) and deionized water from a Milli-Q Gradient system (Millipore, Billerica, MA) 

were used for ethanol/buffer solution preparation. Alexa Fluor 488 dye was purchased from 

Invitrogen, dithiobis(succinimidyl undecanoate) (DSU, 92.7%) from Dojindo Laboratories and 

bovine serum albumin (BSA) from Sigma-Aldrich. A pH5 Acorn series pH meter (Oakton 

Instruments, Vernon Hills, IL) were used for measuring the conductivity and the pH. The buffer 

had a pH of 8.1. 

 

Fluorescein concentration quantification experiment 

Imaging was achieved using an inverted epi-fluorescent microscope (DMI 6000B, Leica, NJ) 

with  10/0.3 NA and  20/0.4 NA objectives, and CCD camera (Orca-AG, Hamamatsu, NJ). 

The acquired images were 738 by 522 pixels and were saved in several formats for visualization 

and processing, including RGB and 16-bit dynamic range. For concentration quantification, all 

the images were 16-bit. The images were processed using ImageJ and then imported into Matlab 

(Mathworks, Natick, MA) for quantification. Maximum concentration factors were achieved by 

comparison of the intensity of the enriched plug in the vicinity of the nanohole arrays against the 

intensities of standard concentrations. This methodology has been used by several groups for 

analyte enrichment assessment in microfluidics
2-4

. Fig. S3a shows a schematic of the 

microfluidic chip used for acquiring the standard fluorescence intensities. Fig. S3b shows 

fluorescence pictures taken at the center portion of the microchannels of the chip. The standard 

fluorescein concentrations used in the analysis were 100 nM, 1 M, 10 M. The images were 

acquired at 510 ms of exposure and a gain of 83.  



 

 

Figure S3 Fluorescence standard curve. a) Schematic representation of the microfluidic 

chip used for fluorescence standard intensities quantification. b) Fluorescence picture of 

the center portion of the channels at different fluorescein concentrations.   

 

The quantification of the fluorescein concentration factors in the concept validation experiment 

was achieved by comparison against solutions of known fluorescein concentration as shown in 

Fig. S4.  
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Figure S4 Plot of fluorescence intensity in the concentration calibration experiment. 

Fluorescein concentration was quantified by comparing the actual intensity from 

experimental images with intensities of known concentrations at same experimental 

conditions. 

 

The videos (provided in the additional Supplementary Information) were generated using RGB 

images from the same experimental image sequence as that used for fluorescein concentration 

quantification.  

 

Sensing experiment 

Fig. S5 shows a schematic representation of the experimental set-up used in the sensing 

experiment. A custom-built halogen lamp with power control was used as light source at normal 

incidence. The light was focused onto a nanohole array through a  20/0.4 NA microscope 
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objective (Leica, NJ). Transmitted light spectra were acquired using a miniature USB2000 fiber-

optic spectrometer (Ocean Optics, Dunedin, FL).   

 

 

Figure S5 Schematic of the experimental set-up used to monitor BSA binding on a DSU 

SAM.  

 

For spectra acquisition, the integration time was set to 100 ms and a spectral average of 10 was 

used. The transmission spectra were saved as text and resonance peak-shift quantification was 

achieved using a Matlab code. Fig. S6 shows the peaks of the processed spectra with normalized 

transmission intensity at 0 s, 40 s and 110 s of the sensing experiment.  

 



 

Figure S6 Processed normalized spectra peaks from the sensing experiments.  

 

BSA binding kinetics simulations 

The model, shown in Fig. S7a, involves a two-dimensional unidirectional pressure-driven flow 

through a single nanohole with reactive sidewalls which corresponded to the active sensing area 

of the nanoholes. The nanohole had 300 nm in diameter and 200 nm in depth which represented 

the 100-nm-thick layers of Au and Si3N4. The mesh of the model was refined at the walls as 

shown in Fig. S7b. 
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Figure S7 a) Model used in the simulations. b) Detail of the mesh used for the 

simulations.  

The rate of species adsorption at the Au layer is given by the established first-order kinetics 

Langmuir kinetics
5
 which can be described by the following expression: 
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where DS is the diffusion coefficient of antigen-antibody complexes at the surface, c0 is the bulk 

concentration, kon is the adsorption constant, koff is the desorption constant and b is the total 

surface concentration of active potential binding sites. The surface concentration of adsorbed 

species is: 
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and the surface concentration of adsorbed species at equilibrium is: 
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and the time scale required for the sensor to equilibrate at this concentration is: 
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which, in terms of nanohole array based sensing, is the time required to achieve the maximum 

signal change (i.e. peak-shift) from the transmission spectrum [7]. 

The advection and diffusion of species in the bulk is dictated by: 
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The boundary conditions used in the model are summarized in Table S1. 

Table S1 
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Additional Induced Charge Double Layer Effect 

The concentration effect is enabled by small ion electrophoretic migration that scales with the 

axial component of applied field, E, as EPE, where EP is the electrophoretic mobility, and  

which is inversely proportional to ion diffusivity, D.6 The initial ion-depleted region over the 



gold layer of the nanoholes develops over an axial length l in a time scale ~ EPE/l. For typical 

small anions with D ~ 10
-9

 m
2
/s, under an initial electrical field strength on the order of 10

3
 V/m, 

an anion-depleted region of 1 m develops in ~ 1 ms.  Thus the initial depletion layer is formed 

effectively instantaneously in the context of typical sensing applications, and the subsequent 

collection of analyte occurs on a timescale dependent on the incoming flow. 

A floating electrode in an electrolyte-filled channel with an applied electric field presents an 

array of interconnected phenomena.  In addition to the electric field gradient focusing effect that 

is dominant in this work, other effects are also present.  Specifically, due to the conductive 

nature of the inner surface of the nanoholes, an induced charge double layer (ICDL) is formed 

when an electric potential is applied to the system
7
. The metallic surface of the nanoholes acts in 

bipolar mode, and thus one part of the surface experiences the accumulation of cations while 

anions cover the rest. The development of the IDCL can be conceived as a first-order energy 

storage system, in analogy to a resistor-capacitor electric circuit, in which the product RC 

provides the characteristic charging timescale 
7,8

. In the case of the ICDL in the nanoholes, this 

timescale has an order of magnitude of ~ Dln/D, where D is the Debye length, ln is the length 

depth of a nanohole and D  is the ionic diffusivity 
7,9

. For the conditions utilized in the 

experiments reported here, D is ~ 10 nm and D is in the order of 910  m
2
/s, resulting in a 

characteristic time in the order of 1 s. This means that the ICDL develops instantaneously 

compared to the transport events relevant to this work (in the order of seconds). The 

development of the ICDL results in two counter-rotating symmetric induced-charge 

electroosmotic (ICEO) flows above the metallic surface. The slip velocity generated by the ICEO 

flows may counteract the bulk flow at the entrance of the metallic region of the nanohole with a 

magnitude of  /~ 2

0 n
lE

7
 which, for the conditions of this experiment, corresponds to ~ 5% of 



the bulk EOF.  In summary, while the ICEO effect is present as described above, the effect is 

relatively small relative to the other transport mechanisms described in the main text. 

 

References 

1 Duffy, D., McDonald, J., Schueller, O. & Whitesides, G. Rapid prototyping of 

microfluidic systems in poly (dimethyl siloxane). Anal. Chem. 70, 4974 (1998). 

2 Wang, Y. C., Stevens, A. L. & Han, J. Y. Million-fold preconcentration of proteins and 

peptides by nanofluidic filter. Anal. Chem. 77, 4293-4299 (2005). 

3 Kim, S. J. & Han, J. Y. Self-sealed vertical polymeric nanoporous-junctions for high-

throughput nanofluidic applications. Anal. Chem. 80, 3507-3511 (2008). 

4 Jung, B., Bharadwaj, R. & Santiago, J. G. On-chip millionfold sample stacking using 

transient isotachophoresis. Anal. Chem. 78, 2319-2327 (2006). 

5 Goodrich, J. A. & Kugel, J. F.     (Cold Spring Harbor Laboratory Press, N.Y., 2007). 

6 Probstein, R. F. Physicochemical Hydrodynamics. Second edn,  399 (John Wiley & Sons 

Inc., 2003). 

7 Squires, T. M. Induced-charge electrokinetics: fundamental challenges and opportunities. 

Lab on a Chip 9, 2477-2483 (2009). 

8 Squires, T. M. & Quake, S. R. Microfluidics: Fluid physics at the nanoliter scale. Rev. 

Mod. Phys. 77, 977-1026 (2005). 

9 Simonov, I. N. & Shilov, V. N. Theory of low frequency dielectric-dispersion of a 

suspension of ideally polarizable spherical-particles. Colloid Journal of the USSR 39, 

775-780 (1977). 

 

 



D 

 

Appendix D 

 

Integrated Nanohole Array Surface Plasmon Resonance Sensing 

Device using a Dual-Wavelength Source 



Submitted to Journal of Micromechanics and Microengineering 

 

Integrated Nanohole Array Surface Plasmon 

Resonance Sensing Device using a Dual-Wavelength Source 

 
 

 

C Escobedo
1
, S Vincent

2
, A I K Choudhury

2
, J Campbell

2
, A G Brolo

3
, D Sinton

1*
  

and R Gordon
2*

 

 
1
Department of Mechanical Engineering, University of Victoria, V8W 3P6, Victoria, BC, Canada 

2
Department of Electrical and Computer Engineering, University of Victoria, P.O. Box 3055, 

V8P 5C2, Victoria, BC, Canada 
3
Department of Chemistry, University of Victoria, V8W 3V6, Victoria, BC, Canada 

 
*
 E-mail: dsinton@uvic.ca, gordon@uvic.ca  

 

 

Abstract 

In this paper, we demonstrate a compact integrated nanohole array-based surface plasmon resonance 

sensing device.  The unit includes a LED light source, driving circuitry, CCD detector, microfluidic 

network, and computer interface, all assembled from readily available commercial components. A dual-

wavelength LED scheme was implemented to increase spectral diversity and isolate intensity variations to 

be expected in the field. The prototype shows bulk sensitivity of 266 pixel intensity units/RIU and a limit of 

detection of 6 x 10
-4

 RIU. Surface binding tests were performed, demonstrating functionality as a surface 

based sensing system.  This work is particularly relevant for low-cost point-of-care applications, especially 

those involving multiple tests and field studies.  While nanohole arrays have been applied to many sensing 

applications, and their suitability to device integration is well established, this is the first demonstration of a 

fully-integrated nanohole array based sensing device. 

 

 

 

 

1. Introduction 

 

Common surface plasmon resonance (SPR) technologies currently used in biomedical applications rely on 

different coupling techniques including the Kretschmann configuration, and grating and waveguide 

couplers [1-3]. Specifically, the Kretschmann arrangement offers a high sensitivity, with a bulk detection 

limit on the order of 10
-7

 refractive index units or RIU [2, 3]. Assorted metal nanostructures that support 

surface plasmon excitations include nanoparticles [4] and nanoholes in metal films [5], the latter of which 

was found to exhibit extraordinary optical transmission (EOT) [6]. EOT resonances specifically depend 

on the refractive index near the surface, which has motivated the use of nanohole arrays as biosensors [8]. 

It was recognized early on that the collinear optical geometry of nanohole arrays is convenient for 

integration, further offering the potential for a high degree of multiplexing within a microfluidic 

environment [7]. The on-chip implementation of nanohole arrays involved a gold-on-glass substrate with 

arrays of nanoholes and a polydimethylsiloxane (PDMS) microfluidic layer reversibly bonded to the top 

[9]. The first nanohole array based sensing demonstrations achieved smaller output sensitivities compared 

to the aforementioned Kretschmann configuration [10], and presently continue to be lower than the best 

Kretschmann sensors. Several approaches have been proposed in order to improve nanohole array based 

SPR sensitivity, including devising analytical methodologies that increase the response to binding events 

mailto:dsinton@uvic.ca
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at the surface [11-15]. An example of this is the application of sandwich assays in SPR [16]. Furthermore, 

the fabrication of nanoholes generally involves nanofabrication methods; therefore introducing 

complexity and cost with respect to the Kretschmann SPR which requires a single thin metal film. 

However, these complexities have been reduced by advances in top-down methods (e.g., optical 

lithography [17, 18] and nanoimprint lithography [19]) and bottom-up methods (e.g., nanosphere 

lithography [20] and colloidal templating techniques [18, 21]). It has been shown that surface sensing 

from nanohole arrays produces up to 1192 nm/RIU  shift in the extraordinary optical transmission peak 

[3, 5, 7, 19-24].  

 

An alternative to wavelength-shift detection in biosensing applications is to monitor the extent of 

adsorption by measuring the intensity variations from transmitted monochromatic beams [28]. This has 

the benefit of simplifying the detection scheme (i.e., removing the need for a spectrometer), but reduces 

the spectral diversity of the detected signal. Consequently, the changes in light intensity used in this 

approach are often susceptible to spurious effects, such as drift in the sources or detectors and bulk matrix 

scattering as well as absorption [29]. In order to eliminate spurious effects associated with a single source 

at a particular wavelength, a second source at a different wavelength, responding in the opposite manner 

to the first source may be added. In particular, if the intensity of the first source decreases to indicate a 

sensing event, this can be isolated from mere absorption or scattering of the light because the intensity of 

the second source should increase.  

 

In this work, we demonstrate a hand-held integrated nanohole array-based sensing device with nine 

sensor elements, which is applicable to multiplexed detection [30]. This implementation is a significant 

step towards the use of SPR sensing technology for point-of-care and field testing applications. The 

device is based on nanohole array sensing, where the transmission spectrum of the nanohole array is 

modified by the local refractive index close to the metal surface.  The device is tested through both bulk 

refractive index sensing and surface adsorption sensing experiments. 

 

 

2.  Experimental 

 

2.1. Overview of the Integrated Sensing Platform 

 

Figure 1 shows an image of the prototype device used in the experiments and schematic detailing the 

main components. A Videology 20K135USB board camera (generic industrial OEM CCD camera) with 

1/4 inch format 720 × 480 pixel IL CCD and 8-bit ADC acted as the sensor array. LEDs with broad 

incoherent illumination as well as simple biasing circuitry were used as the light source. The LED was 

controlled by a driver circuit which in turn were controlled via MATLAB (Mathworks, MA). A chip 

assembly enclosed the substrate with the nanohole array sensors and a microfluidic chip responsible for 

interfacing the gold surface with selected test solutions. Microfluidic solution delivery was achieved by 

means of a microscrew syringe pump (Harvard Apparatus, MA) via 1/16 inch outer diameter tubing 

(IDEX Health & Science LLC, Oak Harbor, WA). The chip assembly was clamped together using a 

customized metal frame with front and back openings for optical access and was mounted on a three-

degrees-of-freedom positioning stage. Both the CCD camera and the circuitry containing the LEDs were 

positioned orthogonally with respect of the chip assembly as shown in Figure 1b. The CCD camera was 

configured to image the arrays directly by adjusting the lens provided. The light source control as well as 

the image acquisition were achieved by a separate computer via MATLAB. In order to partition the image 

into regions relevant to the individual nanohole arrays, nine 5x5 pixel grids were formed based on the 

location of the top left pixel of each array’s image. Signal responses for all 9 nanohole arrays were 

simultaneously displayed in real-time, as an averaged pixel intensity (calculated through sampling 25 

geometric points, whose result was temporally sampled at a rate of approximately 12 Hz) was displayed 

for both the red and green LEDs. The integrated sampling period was 10 s per LED wavelength. A metal 



housing (not illustrated) was utilized to reduce electromagnetic interference and effect of external light 

signals. Details of the fabrication and assembly of the individual components of the device are provided 

next. 
 

 

2.2. Nanofabrication of Sub-Wavelength Hole Arrays 

 

The nanohole arrays were fabricated and imaged using a FEI dual-beam Strata 235 focused ion beam and 

a conventional scanning electron microscope. Device parameters such as the energy to which the gallium 

ions were accelerated, beam spot size, and the beam current were respectively set to 30 keV, 7.14 μm, and 

115 pA. A 3x3 array of sub-wavelength holes was milled into the 100-nm thick gold film on glass 

substrate (with a 1 nm chromium adhesion layer) commercially available from EMF. The array period 

was varied along the columns to be 420, 430, and 450 nm and the hole-diameter was varied along the 

rows to be 225, 250, and 275 nm.  

 

 

2.3. Microfluidic Chip Assembly 

 

A polydimethylsiloxane (PDMS) chip was fabricated using a replica molding technique reported 

elsewhere [31 32]. Using CAD software, a mask with a straight, 2-cm long microchannel measuring 200 

μm in width and 70 μm in height was generated. A master of the microfluidic channel was fabricated by 

spin-coating SU-8 100 photoresist (MicroChem Corp., Newton, MA) onto a clean 7.62-cm silicon wafer 

(Silicon Quest International Inc., Santa Clara, CA), placing the mask over the coated wafer and exposing 

them to ultraviolet light for 84 seconds. The exposed wafer was post-baked for 10 min at 368 K and 

subsequently developed using SU-8 developer (MicroChem Corp., Newton, MA.) Next, the master was 

hard baked at 338 K for 3 min and at 368 K for 22 min. A degassed, 13:1 mixture of Sylgard 184 

elastomer (Dow Corning Corp., Midland, MI) and its curing agent was molded over the master. Upon 

baking the materials at 363 K for 25 min, the replica was removed from the mold. Holes for connecting 

Polyetheretherketone (PEEK) tubing (Upchurch Scientific, Oak Harbor, WA) were then punched at the 

microchannel ends for fluid entry. The microfluidic chip was finally aligned and sandwiched with the 

gold nanohole array substrate, all of which were encased by a 2.54-cm square metal frame with a large 

central opening for optical access.  

 

 

3. Results and discussion 

 

3.1. Two-Color Sensing 

 

An initial microfluidic test was conducted to assess changes in refractive index using different solutions. 

One specific innovation of this device was the use of a dual-color LED. Figure 2a shows white light 

transmission through the nanohole arrays and LED spectra acquired using established SPR spectroscopy 

techniques [3, 7] prior to the microfluidic experiment. As shown in Figure 2a, the LED wavelengths were 

chosen such that one of them (green) increased its output intensity as the refractive index increased, and 

the other (red) decreased its output intensity. Thus, the LED’s spectral maxima lies to the left and right of 

a nanohole array transmission peak (for a periodicity of 420 nm and diameter of 225 nm). Figure 2b 

shows the response of the nanohole arrays to the timed introduction of water and glucose solution at a 

flowrate on the order of ~ 1 μl/min. A fast and repeatable sensor response to the change in refractive 

index in both red and green lines was found.  From 0 to 20 min at the start of the experiment before the 

glucose is introduced, both the red and green line signals showed detectable, and repeatable, drift which 

was attributed to thermal effects. For that reason, a drift correction procedure was applied according to 



well established methods [36]. Additionally, two aspects are noteworthy: (1) the magnitude of the signal 

change in response to the introduction of solutions with different indexes of refraction is significantly 

higher than the drift, and (2) automated calibration before and after testing, as performed with commercial 

SPR units, would mitigate the influence of the drift on the measurement. The transmission coefficient was 

permitted to reach a steady-state value before reintroducing a liquid into the channel. The LED was 

toggled to temporally separate the green and red signals for detection on the CCD sensor. Compared to 

other works that used biaxial arrays [37] and multiple arrays of different periodicity [7, 9, 30], the two-

color scheme benefits from allowing for uniform and uniaxial array fabrication, which is more amenable 

to low-cost fabrication methods. 

 

    
3.2. Bulk Sensitivity Test 

 

To determine the bulk sensitivity of the device, we prepared five test solutions of incremental 

concentrations (10%, 15%, 20%, 25%, and 30%) of C2H5OH in H2O. These solutions were then injected 

into the device in series. The combination of nanohole array and LED wavelength generating the largest 

shift in pixel intensity was found to be 250-nm diameter holes with 430-nm hole-pitch and red LED. 

Figure 3a shows the step-waveform with the introduction of each subsequent solution of higher refractive 

index on this sensor (only red LED output is shown in this case). As shown, the system responded to each 

step change in refractive index.  Perturbations in the signal in between solutions are attributed to the effect 

of solution mixing. Figure 3b plots the pixel intensity as a function of the bulk refractive index. From this 

figure, a sensitivity of 266 pixel intensity units/RIU was calculated. The dependent and independent 

variables are linearly related, with a squared Pearson’s correlation coefficient of 0.989. The limit of 

detection (defined by signal-to-noise ratio of 3) was found to be 6 x 10
-4

 RIU. The applied statistical 

techniques are similar to the methods from a previous report by Hwang et. al. [38].  
  

 

3.3.  Dynamic Surface Binding Test 

 

To demonstrate the sensor’s ability to detect surface binding events, similar to processes used in 

quantitative biosensing, an analyte-receptor binding process was monitored [38, 39]. The biotin-

streptavidin complex, with a  dissociation constant on the order of ~10
-14 

M, was selected for the 

experiment given that it could reliably alter the surface refractive index [40]. Prior to the binding test, the 

nanohole array was plasma-cleaned for 15 min., sonicated in methanol for 5 min. and immersed in a 5.18 

mM cysteamine solution in water for 72 h to assemble a monolayer [9]. Upon completion of incubation, it 

was then removed, gently rinsed with isopropyl alcohol as well as with purified water, and immersed in a 

17.6 mM NHS-biotin solution in dimethyl sulfoxide (DMSO) for an additional 4 h. Following installation 

of the nanostructure into the chip assembly, preliminary volumes of pH 7 phosphate buffered saline 

(PBS) were flushed through the microchannels for a settling period of 20 min.  

 

The experiment consisted of an initial 10 min PBS flush period followed by the subsequent introduction 

of the rest of the solutions. The signal was continuously acquired in order to assess the dynamic binding 

events at the nanohole arrays, as shown in Figure 4. At 10 min, a 2 μM  streptavidin solution in PBS was 

added. A gradual increase and decrease in transmission was observed for the red and the green source, 

respectively.  At the 60 min mark, the sensor indicated that the surface concentration was saturated, and 

the system was flushed with PBS. The signal-to-noise ratio (SNR) of the curve was calculated by 

comparing it to the resultant signal from subtracting green and red LED output intensities as shown in 

Figure 4b. This was performed to establish that the SNR would increase, as the value rose from 11.4 

(given SNROri. = SignalOri./NoiseOri. = 0.570/0.0501 = 11.4) for the original binding curve to 17.2 (given 

SNRSub. = SignalSub./NoiseSub. = 0.875/0.0510 = 17.2) for the subtraction curve. As expected, the signal 

trend attained after the PBS flush was constant. This is related to the high affinity constant of the biotin-



streptavidin system [46] in which the dissociation time is long (in the order of hours). It is also important 

to note that the long time for reaching saturation in this experiment might be due to the adsorption of the 

streptavidin to the inner tubing walls of the particular configuration used here, which may result in lower 

concentrations reaching the sensor at early times of the experiment. Another factor that may play a role in 

the longer saturation time is the efficiency of the analyte collection at the sensing surface. The cross-

stream diffusion to advection times in the frame of analyte collection efficiency discussed in recent 

studies [35, 42]. Most importantly, these results demonstrate that the integrated device enables the 

detection of surface binding.  The device is also compatible with established methods to increase the 

transport of reactants to the nanohole array sensing surface, such as the flow-through nanohole array 

approach that we have shown to greatly increase the sensor response rate [34, 35] 

 
 

4.  Conclusions and Outlook 

 

In summary, we have developed an integrated, compact, nanohole array-based SPR sensing device. The 

device uses a two-color LED sensing scheme which can be used to distinguish between spurious sensing 

artifacts and the detection signal, as pairs of optical signals can be expected to exhibit complementary 

behaviour. The result is a sensing system that would be immune to changes, for instance, in ambient light 

levels as expected in the field.  Bulk sensing and dynamic surface binding were demonstrated, with a bulk 

sensitivity of 266 pixel intensity units/RIU, LOD of 6 x 10
-4

 RIU (with potential for improvement by two 

orders of magnitude), and sequential binding process response for 2 μM streptavidin to biotin. The 

integrated nature of this apparatus, as well as its relatively low component cost and potential for 

multiplexing, make it a promising development for future point-of-care diagnostics and field research. 

Further optimization, by exploiting the full dynamic range of the sensor, can be expected to enable a 

three-fold improvement in LOD. Other improvements would come at the expense of increased complexity 

and cost, for example, by improving nanostructures which may exclude the use of broad-area, low cost 

lithographic fabrication of arrays. Importantly, this device is compatible with the flow-through nanohole 

array approach that has been shown to greatly increase sensor response rate and is specific to nanohole-

based methods. In contrast, we do not believe that significant sensitivity enhancements can be achieved 

by increasing the number of nanoholes because the arrays already contain over 1100 nanoholes, which is 

well beyond the typical saturation in the spectral response of 300 nanoholes. Based on these factors, 

similar sensitivities to those reported recently for nanohole arrays [43], which lay in the order of 10
-6

 RIU, 

are anticipated with this configuration.  The results presented here indicate that it is feasible to exploit the 

various advantages of nanohole array based sensing in a compact field-portable device.   
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Figures 
 

 
 

 

Figure 1. (a) Photograph of the SPR sensing device, with labels indicating components. (b) Schematic of the SPR 

imaging device, encompassing a standard experimental configuration for measuring light transmission through 9 

arrays of sub-wavelength holes. An SEM image of the nanohole array of 420-nm periodicity and 275-nm hole-

diameter is shown.  .  
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Figure 2. (a) Superimposed nanohole array and LED spectrums. (b) Proof-of-concept profile for alternating bulk 

refractive indices, nw = 1.3333 and nγ = 1.3624. Local minima for the output response of the red LED coupled 

with the maxima for that of the green relate to the event where the external dielectric has transitioned to the 

higher refractive index glucose solution. 
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Figure 3. (a) Pixel intensity waveform for the array of 250-nm hole-size and 430-nm hole-pitch obtained through 

perturbing ethanol-water solution molarities. A moving average filter was applied to each step, where the fixed 

subset size was equal to 3 and zero-padded samples were discarded. (b) Line of best fit for a series of mean pixel 

intensities and bulk refractive index points, where the error bars represent the standard deviations for sample 

measurements.  
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Figure 4. (a) Biotin-streptavidin binding curve for the array of 275-nm hole-size and 420-nm hole-pitch. The 

streptavidin solution was introduced at 10 min. And saturation was achieved after ~ 40 min. (b) Plot of the 

difference between red and green LED pixel intensities, which enhances the SNR of the system. This can be seen 

by observing how the binding response has been magnified, having increased by an approximate factor of 1.51 

(where SNRSub. /SNROri. = 17.2/11.4 = 1.51). 
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Abstract 
 

In this work, a nanohole array SPR-based biosensor with an integrated microfluidic 

concentration gradient generator for imaging detection and quantification of ovarian cancer 

antibody (AB) and antigen (AG) was demonstrated. Calibration curves based on controlled 

concentrations of analyte were created using a microfluidic stepped diffusive mixing scheme. 

Quantification of samples with unknown concentration of analyte was achieved by image-

intensity comparison with the calibrations curves, in analogy to well established standard 

biochemical macroscopic diagnostics. The biosensor was first used to detect and quantify the 

immobilization of antibody PAX8, revealing a concentration of ca. 24.85  0.05μg.mL
-1 

agreeing 

within 5% with the effective concentration of the sample. The biosensor was then used in the 

detection of ovarian cancer AG r-PAX8 using the same sensing scheme. For this test, two 

concentrations of AG were used. Detection was achieved by SPR imaging and the quantification 

revealed AG concentrations 1.35 ± 0.08 µg/mL and 6.18 ± 0.09 µg/mL, which lay within 30% of 

the effective concentrations used for the test. The proposed biosensor demonstrated the ability of 

self-generating calibration curves on-chip in an integrated microfluidic-SPR based platform, 

representing a further step towards the development of comprehensive lab-on-chip biomedical 

diagnostics.  
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Introduction 

Biomarker detection and quantification are essential for early cancer detection [1]. In addition, 

quantitative monitoring of biomolecular interaction is appealing for many diagnosis applications 

and usually critical for those involving protein interactions for gene expression, virology, cell 

signaling and biomarker detection [2-4]. Specifically, biomarker detection involve different types 

of protein interactions, including specific and non-specific protein-protein interactions as well as 

protein interactions with other molecules such as metabolites, nucleic acids and drug molecules 

[2, 5, 6]. Several characteristics of these interactions, including dynamic binding characteristics 

of the binding event can be studied using quantitative sensors.  

In the past decades, intensive efforts have been made for developing microfluidic-based 

biochemical diagnosis platforms that integrate several functions on-chip, towards the 

development of factual micro-total analysis systems (µTAS). The benefits offered by 

microfluidic-based technologies are well documented [7, 8], including their potential integration 

into portable point-of-care (POC) and point-of-use (POU) diagnostic systems [9]. Biomarker 

quantization in microfluidic-based systems frequently requires the use of standard methods and 

calibration at each test. Calibration curves are extensively used in traditional analytical chemistry 

for analyte quantization [10-12] and have been incorporated into microfluidic platforms in the 

past [13-15]. Thus, the conception of a microfluidic system with the capability of generating 

calibration curves integrated with a high-sensitive biosensing platform is particularly attractive. 

Surface plasmons are electromagnetic waves resulting from coupling of electromagnetic 

radiation at the interface between a metallic film and a dielectric, confined to the near-interface 

region. Surface plasmons are highly sensitive to near-surface refractive index, making them 

suitable for biosensing applications [16]. Metallic nanostructures enable the excitation of surface 
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plasmons which are local to the structure [17]. Nanohole arrays in metal films support localized 

surface plasmons (LSPs) [18, 19] and exhibit extraordinary optical transmission (EOT) at 

resonant wavelengths [20, 21]. This unique characteristic of nanohole arrays is relevant for 

obtaining biosensors with simpler configuration than the proposed by Kretschman, allowing the 

fabrication of miniaturized devices. Additionally, as sensing elements, nanohole arrays have 

several advantages including a high level of reproducibility, small footprint, high sensitivity of 

the optical response to geometry, periodicity and lattice versus basis orientation and they enable 

the use of high numerical aperture optics under transmission mode at normal incidence [22].  

Nanohole array based sensing is most applicable to the detection of adsorbed species, in analogy 

with conventional SPR sensing. Therefore, molecular adsorption may be detected directly, 

without a label. This has motivated the use of nanohole arrays as biosensors [23, 24].   

Nanohole array SPR imaging is an optical technique based in the measurement of transmitted 

light across the nanohole array substrate. The location of the plasmon resonance shifts upon 

molecular adsorption which produces a change in transmitted intensity at a specific wavelength. 

Maybe, the main advantage of this method is the possibility of multiple analyte detection, in 

addition to a quantitative detection during a real-time measurement, without a label  

 Integration of nanohole arrays in microfluidic chips has been recently reported in several studies 

[2, 25, 26]. In many cases, single microchannels provided control of solutions as well as planar 

interfaces well-suited to optical transmission experiments [27, 28]. Arrays of nanohole arrays 

were integrated on-chip by DeLeebeeck et al. [29] and applied to detect a spatial concentration 

gradient and to monitor the sequential adsorption of a biotin-streptavidin system. More recently, 

studies have focused on minimizing the footprint of the sensors, increasing the density of 

nanoholes and arrays, improving the kinetics of adsorption and the sensitivity of the approach 
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[30, 31]. Lindquist et al. reported SPR imaging sensing with arrays of nanohole arrays enhanced 

by plasmonic Bragg mirrors [25]. In all these cases, multiplexed arrays were in a common fluidic 

environment, such as a chamber, similar to a microarray format.  

All the advantages presented by nanohole based biosensor integrated to microfluidic systems can 

be explored on the detection of diseases that have caused the death of many patients. The number 

shows that early detection of cancer is critical to effective treatment and survival, for example, it 

is observed 95% survival rate for early detection of ovarian cancer, whereas late detection is 

almost always fatal. Hence, the need for screening is particularly acute for ovarian cancer which 

is generally asymptomatic until late stages, being one of the hardest to diagnose at early stages.  

Recently the Ovarian Cancer Institute of Atlanta with the Georgia Institute of Technology have 

found that the transcription factor PAX8 is highly expressed in epithelial ovarian cancer but 

absent from the same cells of healthy individuals. Based on these information and concerns, in 

this paper, we demonstrate simultaneous and quantitative label-free detection of the ovarian 

cancer biomarker PAX8 using an array of nanohole arrays integrated with a microfluidic 

concentration gradient generator. The approach is used to generate, in every test, a calibration 

curve on-chip, using points of known analyte concentration for the quantification of a sample of 

unknown concentration flowing in parallel. The concentration gradient is achieved by stepped 

diffusive mixing of two base streams with known analyte concentration. Each of the diluted 

streams generated by the mixing process is directed along six outlet microchannels flowing in 

parallel with a microchannel containing the sample to analyze. Four in-line nanohole arrays are 

used for sensing each concentration of biomarker at the outlet channels, as well as for the 

individual sample channel. The quantification of biomarker concentration in the sample stream is 

achieved by SPR imaging via direct transmission on a CCD. As the amount of bound analyte to 
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the nanohole arrays is proportional to the analyte concentration in the specific outlet 

microchannel, the transmitted light from nanohole arrays in different microchannels also varies. 

These intensity variations are tracked and the determinations of unknown analyte concentrations 

are achieved by comparison with the standard curve. The approach presented here is a further 

step towards comprehensive affordable POC and POU biochemical diagnostics. 

 

Materials and Methods 

Nanohole array fabrication.  

Nanohole arrays were fabricated by focused-ion beam (FIB) milling in commercial glass slides 

(EMF, Ithaca, NY) with 100 nm-thick Au coating and a 5 nm thick Cr adhesion layer. For 

milling, the ion beam was set to 30 keV with a beam current of 30 pA. The typical beam spot of 

the beam size was 10 nm, and the dwell time was 2 ms. The resulting arrays were 15 µm by 

15 µm with holes of 200 nm in diameter and periodicity of 420 nm. A total of 28 nanohole arrays 

were fabricated in an arrangement consisting of 7 columns and 4 rows with a total footprint of 

less than 1.0 mm by 0.4 mm. The fabricated arrays were inspected using scanning electron 

microscopy (SEM). Figure 1 shows the SEM images from nanohole arrays detailing the 

nanostructure.  

 

Microfluidic concentration gradient generator fabrication 

For the fabrication of the microfluidic concentration gradient generator, replica molding 

technique was employed. This technique is widely used in microfluidic applications and it is 

reported in detail elsewhere [32]. The general steps during the fabrication procedure are 

described next. A mask with the microfluidic pattern was generated using CAD software. The 
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design included three inlets and two outlets of 1.5 mm and seven 90-μm wide microchannels, 

with a total footprint of 22 by 22 mm, as shown in Figure 2. Next, a master was fabricated by 

spin-coating SU-8 50 photoresist (MicroChem Corp., Newton, MA) onto a clean 3 inch silicon 

wafer (Silicon Quest International Inc, Santa Clara, CA). The coated wafer was then pre-baked at 

65C and 95C for 1 and 6 minutes, respectively. The mask with the microfluidic pattern was 

then placed over the coated wafer and exposed to UV light for 90 seconds. Next, the exposed 

wafer was hard baked at 65C for 1 minute and at 95C for 10 minutes. The master was 

subsequently developed using SU-8 developer (MicroChem Corp., Newton, MA). A 14:1 

mixture of Sylgard 184 elastomer  to curing agent (Dow Corning, Midland, MI) was mixed, 

degassed and poured onto the master. After baking at 85C for 20 minutes, the replica was 

removed from the mold. Inlets and outlets were provided 1-mm punched holes for fluidic access. 

Polyetheretherketone (PEEK) tubing (Upchurch Scientfic, Oak Harbor, WA) was used for fluidic 

connections. Microscrew syringe pumps (Harvard Apparatus, MA) were used to infuse the 

solutions into the microchip. 

 

Experimental Setup.  

A schematic representation of the experimental setup is shown in Figure 3. The microfluidic chip 

was placed on top of the nanohole arrays substrate, with the columns of nanohole arrays aligned 

with the outlet microchannels. An acrylic top plate was used to mechanically seal the system. A 

Helium-Neon (He-Ne) laser beam with emission at 632.8 nm was used as the excitation source 

on the nanohole arrays at normal incidence. Two 20X working distance microscope objectives 

(Leica Microsystems, Wetzlar, Germany) were used to expand the beam uniformly over the 

nanohole arrays. The transmitted light through the arrays was acquired using a cooled CCD 
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camera (Photometrics HQ2, Austin, USA). The CCD images were acquired using a software-

controlled shutter and an integration time of 20 milliseconds. The transmitted light intensity was 

measured by using a commercial image analysis software.  

 

Chemicals 

Dithiobis(succinimidyl undecanoate) (DSU, 92.7%) was purchased from Dojindo (Dojindo 

Molecular Technologies Inc., Japan). Dimethyl sulfoxide (DMSO) was purchased from Caledon 

(Caledon Labs, Georgetown, ON). Sodium chloride (99%), sodium phosphate dibasic (99%) and 

potassium chloride (99%) were purchased from ACP (ACP Chemicals Inc., Toronto, ON), and 

fluorescein was purchased from Invitrogen (Invitrogen Corp., Carlsbad, CA). Paired box gene 8 

(PAX8) and the antigen r-PAX8 were provided by the Trev & Joyce Deeley Research Centre of 

the British Columbia Cancer Agency (Victoria, BC). 

 

Results and Discussion 

Microfluidic Chip Characterization 

Figure 2 shows a CAD drawing of the microfluidic chip used in this work. The chip included a 

microfluidic network with 2 inlets branching and increasing the number of channels by one at 

each dilution step, ending in 6 independent microchannels with a common outlet. Pure phosphate 

buffer solution (PBS) were infused in one of the inlets and 1 mM fluorescein PBS into the 

second inlet. A flow rate of 5 µl/min was used for both inlets. The laminar regime of 

microfluidic flows allows the existence of co-laminar flows, where mixing is completely 

dominated by diffusion. In this chip design, the lengths of the microchannels were calculated, 

based in the required residence times, to ensure full mixing of the encountering streams. At each 
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mixing step and throughout the entire microfluidic network, the outer channels transported the 

original concentrations from the inlets and the mixture in the middle channels had a volume ratio 

of 1:1. A separate single channel with 1 inlet and 1 outlet ran parallel to the 6 outlet channels 

from the network and was used to transport the sample fluid containing the analyte at unknown 

concentration.  

Fluorescence microscopy was used to characterize the dilution scheme resulting from the 

microfluidic concentration gradient generator (Figure 4). The fluorescein solution was visualized 

through a fluorescence visualization system comprised by a Leica DMI6000B epi-fluorescent 

microscope (Leica, Germany) and Orca AG CCD camera (Hamamatsu, Japan). Images were 

acquired at a rate of 2 frames per second and exposure time of 400 ms. The images were 1324 x 

1024 pixels and had an 8-bit dynamic range. Figure 4a shows a fluorescence image of the 6 

outlet microchannels under chip operation. Figure 4b shows the averaged relative concentration 

at each microchannel as function of pixel intensity (n=10).  

 

SPR Biosensing  

The nanohole arrays were cleaned in an ultrasonic bath for 3 min, rinsed with ethanol and with 

water, and dried with N2 before the experiments. Next, to allow chemisorptions of the 

biomolecules, a DSU monolayer was assembled on the arrays by immersing the sample in 2 mM 

DSU in DMSO for 72 hours. The walls of the microfluidic chip were coated with 0.1 mM 

Bovine Serum Albumin (BSA) solution to avoid non-specific adsorption. The nanohole arrays 

were then aligned with the microchannels as shown in Figure 5. An acrylic top plate was used to 

mechanically seal the system.. 
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Ovarian Cancer Antibody Immobilization 

The first experiment involved the immobilization of ovarian cancer antibody PAX8 on the 

sensors. The microfluidic chip was then used to create a concentration gradient from a 27 μg/mL 

PAX8 solution in PBS (pH 7.5). One of the inlets was provided with the PAX8 solution while 

the other one was provided with pure PBS. Both solutions were transported into the microfluidic 

chip at a fixed flow rate of 10 μL.min
-1

. This resulted in 6 different concentrations at the outlet 

channels flowing over the 6 column of nanohole arrays. At the same time, in the separate 

channel, a blind test was run by flowing a sample with PAX8 solution at an unknown 

concentration to the experimenter. The microfluidic configuration allowed parallel reading on the 

7 microchannels at the detection zone (Figure 2). Figure 6 shows the SPR image of the sample 

acquired with the CCD camera after 15 min of the introduction of the AB solution. The 

transmitted light intensity through the arrays varies with the concentration of AB solution. The 

intensity of transmitted light in nanohole arrays with 420 nm of periodicity is expected to 

decrease with a corresponding increase in the refractive index of the surrounding medium [33]. 

This image suggests an increase of refractive index from column 1 to column 6. As the 

PAX8/PBS is a diluted solution, the refractive index of pure PBS and PBS containing the AB are 

the same (1.3333 at 22.1°C). Therefore, the transmitted light intensity differences observed in 

Figure 6 suggests changes on the effective refractice index, resulted from the immobilization of 

PAX8 on the arrays.  

Figure 7a shows the normalized intensities for each channel, including the sample channel. The 

maximum normalized intensity occurs in microchannel 1 (ca. 30 Pixel), which has the most 

diluted solution flowing over the arrays, which means that few or even none PAX8 was adsorbed 

on the gold surface. Figure 7b shows the average normalized intensity from all the arrays in each 
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column. Notice the similarity of the curve shape with the one presented in Figure 4b. The 

unknown concentration of the sample was quantified by comparison with the standard curve, 

assuming that the solution concentration is proportional to the amount of molecules adsorbed on 

the surface, which causes changes on the effective refractive index. This comparison reveals a 

concentration of ca. 24.85  0.05μg.mL
-1

, which is in close agreement with the effective 

concentration of the sample (23.70 μg.mL
-1

), giving a relative error of ca. 4.8 %. 

 

Ovarian Cancer Antigen Detection 

Prior to the experiment, a DSU monolayer was assembled on the nanohole arrays as described in 

the previous section. PAX8 was then immobilized homogeneously on all the nanoholes arrays. 

Next, the microfluidic chip was used to generate an antigen concentration gradient by 

introducing  an 8.50 μg mL
-1

 r-PAX8 solution in PBS and pure PBS at the inlets, at a constant 

flow rate of 10 μL min
-1

. Using a similar approach than in the experiment detailed in the 

previous section of this work, two blind tests were achieved by flowing samples of antigen 

solutions, with unknown concentration to the experimenter, in the individual sample channel of 

the chip. The concentration of AG was different in each test. One involved a less concentrated 

r-PAX8 solution (2.00 µg/mL), while the other one involved a more concentrated r-PAX8 

solution (5.30 µg/mL). Figure 8 shows the SPR image at 15 min. following introduction of the 

antigen solution for the low antigen concentration experiment.  

Figure 9 shows the normalized intensities of all the arrays in each channel for the detection of 

r-PAX8. Figures 9a and 9b present the normalized intensities of the low and high r-PAX8 

concentration samples, respectively. For the arrays under the concentration gradient scheme (i.e. 

channels 1 to 6), the changes in intensity were not as pronounced as those observed in the 
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experiment using antibody PAX8. This may be related to: (i) the number of AG molecules 

adsorbed, which is lower than the AB concentration; and (ii) the size of the AG, which is smaller 

than the AB. Consequently, the immobilization of the AB on the biosensor may have a larger 

impact on the effective refractive index, resulting in higher intensity differences. The maximum 

intensity, as expected, was observed in channel 1 (ca. 50 pixels), corresponding to the most 

diluted solution with smallest effective refractive index. The minimum intensity was observed in 

channel 6, corresponding to the most concentrated solution. The concentrations of the samples 

were calculated by comparison to the concentration gradient curve as shown in Figure 10. The 

best fit to this curve was a polynomial, which differ from the sigmoidal fitting from the previous 

experiment. Although the imaging-SPR based sensor presented in this work was successfully 

applied on the detection of the AG, the different curve may be resulted from the difficulty to 

detect the AG through a direct assay, due its relative small size when compared to an AB 

molecule. Based on the standard curve, the analysis of the “unknown” solutions. revealed 

concentrations of 1.35 ± 0.08 µg/mL and 6.18 ± 0.09 µg/mL for the low and high AG 

concentration solutions, respectively. The relative errors for these measurements were 32% and 

17%, respectively.. Even when the agreement is not as close as that in the AB estimation, these 

results demonstrate the detection and quantification capacities of the methodology presented in 

this work.  

 

Conclusions 

In summary, this paper demonstrated a SPR-based biosensor integrated into a microfluidic 

concentration gradient generator for the quantitative assessment of ovarian cancer biomarkers. 

Sensing was achieved by SPR imaging of 28 nanohole arrays (arranged in columns), 
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simultaneously. Despite the integrated immunoassay be successful applied on a quantitative 

detection of cancer biomarkers, improvements must be done on the sensitivity and limit of 

detection to decrease the relative error, allowing an effective application as POC and POU lab-

on-chip biomedical diagnostics on the early stage cancer detection, and maybe on the evolution 

of the patient after a treatment, by for instance analyzing the biomarkers concentration in his 

blood. 

The quantification of analyte was achieved by comparison of the transmitted light intensity from 

nanohole arrays in contact with sample solutions, to a standard curve generated with the 

intensities from nanohole arrays under a controlled microfluidic concentration gradient scheme. 

The concentration gradient was self-generated on-chip via microfluidic stepped diffusive mixing. 

The experiments consisted of blind tests with sample solutions at concentrations unknown to the 

experimenter. The ability of the integrated platform to quantify the amount of AB in sample 

solution during the immobilization of ovarian cancer antibody PAX8 was first tested. The 

concentration of the sample solution was quantified by comparison with its corresponding 

standard curve and the results agreed within 5% with the effective concentration. Then, detection 

of r-PAX8 AG binding and associated quantification of the AG concentration was demonstrated 

for two solutions differing in AG concentration. The detection of AG binding was successfully 

achieved and the quantification of AG concentration in each case was achieved with an accuracy 

of ~ 70% relative to the effective concentration values. Overall, the transmission intensities 

varied with biomarker concentration. Nanohole arrays in less concentrated solutions, 

corresponding to higher effective refractive indexes, exhibited higher transmission intensities, in 

agreement with previous reports. The quantitative assessment of biomarker with the integrated 
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microfluidic concentration gradient generation scheme presented here is a further step towards 

the development of comprehensive POC and POU lab-on-chip biomedical diagnostics. 
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Figures 
 
  

 
 

Figure 1. Scanning electron microscope images of the fabricated nanohole arrays via FIB 

milling through a gold film. The nanohole arrays were 420 nm in periodicity with holes of 

200 nm in diameter. The arrays were arranged in 7 columns and 4 rows, spaced 150 μm and 60 

μm respectively.  

 

 

 

 
Figure 2. Schematics of the microfluidic chip used to generate the concentration standard curve 

and to measure the analyte concentration of the biomarker in real-time operation. PBS and 

AB/AG solutions were infused at the inlets and diluted to generate 6 different concentrations at 

the outlet microchannels. An independent microchannel is used to flow a sample with unknown 
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concentration of analyte. The nanohole arrays are aligned with the microchannels at the detection 

zone. 

 

 

 

 

Figure 3. Schematics of the experimental setup used for SPR imaging acquisition. 

 

 

 
Figure 4. Fluorescence microscopy characterization of the microfluidic concentration gradient 

generator. a) Fluorescence image at the 6 outlet channels, demonstrating the generation of a 
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fluorescein concentration gradient. One inlet of the microfluidic chip was supplied with pure 

PBS while the other inlet was supplied with 1 mM fluorescein PBS. b) Normalized average 

fluorescence intensities of each channel over an area of 20 by 20 pixels. 

 

 

 
 

Figure 5. Picture of the nanohole arrays aligned with the outlet channels of the microfluidic 

chip. 

 

 

 

 
 

Figure 6. SPR image of the sensing platform operating under the microfluidic concentration 

gradient generation scheme. The picture was acquired with a CCD camera and shows the 

intensity variation of the transmitted light from the nanohole arrays modified with PAX8.  
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Figure 7. a) Normalized intensities for row B after flowing PAX8 solution. b) Average 

calculated to the arrays in each microchannel. A Sigmoidal equation was used to fit the curve. 

 

 

 
 

Figure 8. CCD image of the arrays aligned with the microfluidic chip. The arrays were 

previously modified with PAX8 and the antigen solution (r-PAX8) was diluted over the sample 

(from column 6 to 1). R-PAX8 solution of “unknown” concentration flowed over the last column 

(at right side). 
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Figure 9. Normalized Intensities for row B after flowing r-PAX8 (antigen) solution. A 

microchannel parallel to the dilution chip was used to detect the antigen in a solution of unknown 

concentration. a) Detection of r-PAX8 in a diluted solution and b) in a concentrated solution. 

 

 

 
Figure 10. Average calculated to the normalized intensities for all the arrays inside each 

microchannel. A 4
th

 order polynomial was used to fit the curve. 
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Abstract In this article, we present a new technique to

actuate liquids in microchannels using ground-directed

electric discharge generated by a portable corona device.

When an electric discharge is applied, the air in the micro-

channel is ionized causing a change in the surface energy.

The resulting change in the contact angle induces rapid liquid

transport through the channel by capillary action. In contrast

to established plasma treatment this method employs a

ground electrode that guides the electric field. This approach

enables rapid treatment of select microchannels and thus

provides a means of real-time fluid actuation as opposed to

simply a pretreatment process. Instantaneous fluid velocities

show power-law dependence with time and fit theoretical

models at a contact angle of 65�. Average fluid velocities are

on the order of 5 cm/s, and thus channels on the order of 1-cm

long are filled in*0.2 s. To demonstrate the potential of this

technique for integrated lab-on-a-chip applications, the

method was employed in serpentine channel, for on-demand

fluid routing, to initiate a mixing process, and through an

on-chip integrated microelectrode.

Keywords Electric discharge � Plasma � Microfluidic �
Nanofluidic � Contact angle � Capillary flow � Surface

tension � Microfluidic liquid actuation � Corona

1 Introduction

A central advantage of microfluidics is the potential to

integrate complex analytical functions (Thorsen et al. 2002;

Whitesides 2006). Achieving this integration requires real-

time fluid control, or actuation, on the scale of individual

channels. Existing methods for real-time flow control in an

integrated chip include multilayer elastomeric switching

valves (Unger et al. 2000), electrokinetic control with

integrated electrodes (Horiuchi and Dutta 2006), burst

valves for centrifugal microfluidics (Juncker et al. 2002;

Kim et al. 2008), and electro-wetting for droplet systems

(Fair 2007; Luk and Wheeler 2009). While the simplicity

of capillary-valve-based flow control is attractive, it is not

possible to dynamically alter the order or timing of fluidic

operations.

Surface treatment is commonly required to increase the

wetting properties of microfluidic systems to enable filling.

One of the most commonly used materials, poly(dimeth-

ylsiloxane) (PDMS), is natively hydrophobic and can be

rendered hydrophilic by exposure to oxygen plasma

(Makamba et al. 2003). Plasma is a particular phase of

matter, commonly referred to as ionized gas, wherein gas

particles are electrically charged. Plasma can be artificially

produced in air around an electrode at sufficiently high

potential gradients. Due to the conductive nature of plasma,

an electric discharge may occur within the ionized gas

cloud (Bittencourt 2004). Exposure to plasma introduces

polar groups on the polymer surface resulting in an

increase in surface wettability. A natively hydrophobic

polymeric surface thus becomes wettable after plasma

exposure (Sun et al. 1999; Zenkiewicz 2005). Most com-

monly, this is achieved prior to chip bonding by exposing

the entire chip surface to plasma under vacuum in a plasma

oven. An alternative to the oven-based treatment was
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presented by Haubert et al. (2006) where a low cost

handheld corona discharge device was applied. The device

produces a high voltage (10–50 kV) at 4–5 MHz, ionizing

the atmospheric pressure air around the electrode which

enabled instantaneous oxidation of the proximate chip

surface (Zenkiewicz 2005; Thorslund and Nikolajeff

2007).

Active flow control of gases has been achieved using

electric discharges in MEMS devices (Hsu et al. 2007). The

phenomenon is usually referred to as ionic wind and has

been studied since the eighteenth century (Robinson 1962;

Kim et al. 2000; Sung Kwon et al. 2003; Chih-Peng et al.

2007). The electric field strength on a sharply shaped

electrode exceeding a certain threshold results in the local

ionization of the air. The ionized air molecules emerge as a

pale purple cloud and have the same electric charge as the

electrode. Charge repulsion results in the expansion of the

ionized air cloud away from the conductor, creating a net

gas flow (Hilpert and Kern 1974). However, this form of

flow actuation using an electric discharge is exclusive to

gases (Moreau 2007).

For liquid flows in microfluidics, localized treatment of

microfluidic structures has been achieved using corona

devices (Evju et al. 2004; Zenkiewicz 2005; Thorslund and

Nikolajeff 2007). Localized treatment is enabled by the

inherent confinement of the electric field around the elec-

trode (Hilpert and Kern 1974; Seimandi et al. 2009).

Additionally, electrohydrodynamic flows generated by

corona discharge devices have been used for the promotion

of microvortices for mixing and particle trapping (Yeo

et al. 2006) and for microfluidic blood plasma separation

(Arifin et al. 2007). These previous works demonstrate the

ability to locally treat microchannel surfaces using electric

discharges from a corona device.

In this article, we demonstrate ground-directed electric

discharge that enables rapid treatment of select microchan-

nels, providing a means of real-time fluid actuation. The

method is characterized through one- and two-dimensional

channel flow experiments, and comparison with mathemat-

ical models. To demonstrate applicability to integrated lab-

on-chip systems, selective liquid routing and the actuation of

a mixing process are demonstrated, as is the application of

the technique using an integrated microelectrode. In contrast

to previous pretreatment methods, this technique enables the

direct control, routing, and actuation of microfluidic flows in

real time.

2 Theoretical background

Figure 1 shows a schematic representation of microfluidic

liquid actuation through ground-directed electric discharge.

A basic configuration with a closed all-PDMS microchannel,

a corona electrode and a ground electrode is shown in the

schematics of Fig. 1a, b.

Two analytical models outlined below are applied in the

analysis of the experimental results. The Hagen–Poiseuille

equation for laminar flow can be expressed as:

Q ¼ dV

dt
¼ pR4

8g

� �
p0 � pint

l

� �
ð1Þ

where Q is the flow rate, V is the volume, t is the time, R is

the hydrodynamic radius of the microchannel, g is the

dynamic viscosity of the liquid, p0 is the liquid pressure at

the entrance of the microchannel, pint is the liquid pressure

at the meniscus, and l is the distance from the microchannel

Fig. 1 The ground-directed electric discharge liquid actuation setup.

a Schematic showing the corona electrode is placed in one of the

reservoirs and a ground electrode is placed under the second reservoir

containing solution, b diagram showing the geometry and parameters

relevant to the system, and c image of the experimental setup. The

acrylic working surface had a 2-mm circular opening for ground

electrode access
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inlet to the air–liquid interface, or penetration length. The

capillary pressure is defined by the Young–Laplace

equation as:

patm � pint ¼
2r
R

cosh ð2Þ

where patm is the atmospheric pressure, r is the surface

tension, and h is the liquid–gas interface contact angle at

the solid. Substituting Eq. 2 in 1 and rearranging the terms

the following expression is obtained:

2r
R

cosh ¼ 8g
R2

� �
dl

dt

� �
þ patm � pintð Þ ð3Þ

If h is considered constant, Eq. 3 is an ODE and can be

integrated by separation of variables:

l ¼ f ðtÞ ¼ Rrcosh
2g

� �
þ R2

4g

� �
p0 � patmð Þ

� �1
2

tð Þ
1
2 ð4Þ

and can be rearranged as:

cosh ¼ 4g
Rr

� �
lu� R2

4g

� �
p0 � patmð Þ

� �
ð5Þ

where u is the instantaneous velocity of the air–liquid

interface. Assuming hydrostatic pressure within the

reservoir is negligible, Eq. 5 can be simplified to a form

of the Washburn equation (Washburn 1921; Hilpert 2009)

as follows:

l2 ¼ rRt

2g
cosh ð6Þ

where l is the liquid penetration length.

For small time scales, however, the velocity predicted

by Washburn equation approaches infinity as t ? 0. An

alternative model was presented by Adams and White

(2008) for surface-tension-driven flow in capillaries of

arbitrary cross section. The liquid penetration length in the

model by Adams and White for flows with wall friction is

defined as:

l ¼ 2tchr

p0

q
þ 2rcosh

qR

� �
t � tchr 1� expð�t=tchrÞ½ �ð Þ

� 	1
2

ð7Þ

where q is the fluid density and tchr is the characteristic

time of the system provided by:

tchr ¼
qR

Cl
ð8Þ

where C is a constant depending on the geometry of the

cross section of the microchannel (Adams and White

2008). Neglecting hydrodynamic effects, Eq. 7 can be

differentiated with respect to time resulting in the

following expression (Adams and White 2008):

u ¼ uchr

ffiffiffiffiffiffiffiffiffi
2tchr

p

2

� �
1� expð�t=tchrÞ

t � tchrð1� expð�t=tchrÞ½ �1=2

" #
ð9Þ

where uchr is a characteristic velocity defined as:

uchr ¼
2rcosh

qR

� �1=2

ð10Þ

For larger time scales and constant contact angles, Eq. 7

reduces to the Washburn equation (Adams and White 2008).

3 Experimental

3.1 Microfluidic chips

PDMS (Sylgard, Dow Corning Corporation, Midland, MI)

chips were fabricated using the established soft lithography

technique (Duffy et al. 1998; Whitesides and Stroock

2001). Five different chip designs were used in the

experiments. The first chip design consisted of a 10-mm

long straight channel. Two openings for fluidic and elec-

trode access were punched at the ends of the microchannel.

The second design consisted of a group of five straight

channels with lengths of 10, 14, 18, 22, and 25 mm, sep-

arated 7 mm from each other. Each channel in this chip

included two punched holes for electrodes and fluids

access. The third design consisted of a serpentine micro-

channel with eight 90� elbows and a total channel length of

20 mm. The cross-sectional area of all the microchannels

was 250 lm by 250 lm. A fourth design consisted on

a star-shape microfluidic chip, having three 3.5-mm

long microchannels converging into a single 7-mm long

microchannel. The distal end of every microchannel was

connected to a reservoir. The cross-sectional areas of all

the microchannels in this design were 50 lm by 50 lm.

The fifth chip design consisted of a Y-shape chip with two

converging microchannels ending in a common single

channel. The converging microchannels and the common

outlet channel in this chip were 3.5 and 6.5 mm in length,

respectively, and the microchannels were 50 lm by 50 lm.

Thin PDMS layers were separately cast over a clean silicon

wafer (Silicon Quest International, Santa Clara, CA). With

the exception of the integrated microelectrode chip, all

chips were irreversible bonded to a piece of the thin PDMS

layer by oxygen plasma exposure. After bonding the chips

were baked for at least 6 h at 85�C to ensure a uniform

hydrophobic initial surface condition.

3.2 Dye solutions

Dye solutions for visualization experiments were prepared

by diluting concentrated commercial brilliant blue (E133),
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yellow (E102) and allura red (E129) food dyes (McCor-

mick, Baltimore, MD) and ultrapure water (Millipore,

Billerica, MA). The dye solutions were filtered with

0.45 lm PVDF membrane syringe-driven filters (Milli-

pore, Billerica, MA) prior the experiments. The conduc-

tivity and pH of the resulting diluted dye solutions were

measured using an Oakton Con 6 conductivity meter

(Oakton Instruments, Vernon Hills, IL) and a pH5 Acorn

series pH meter (Oakton Instruments, Vernon Hills, IL).

The conductivities of the blue, yellow, and red solutions

were 530, 480, and 510 lS/cm, respectively. The pH of all

solutions was 7.5.

3.3 Integrated microelectrode

In order to demonstrate applicability of the method in

integrated lab-on-a-chip applications, liquid actuation was

achieved using an integrated microelectrode. Gold micro-

electrodes were fabricated using conventional gold wet

etching technique as follows. A commercial glass slide

with a 100-nm gold layer and a 5-nm chromium adhesion

layer (EMF Corp., Ithaca, NY) was spin-coated with SU8-

25 photoresist (MicroChem, Newton, MA). Next, the slide

was prebaked at 65�C for 3 min and then baked at 95�C for

10 min. After cooling, a mask with the microelectrodes

patterns was placed over the coated glass slide and exposed

to UV light for 140 s, followed by post-bake steps at 65

and 95�C for 3 and 15 min, respectively. The photoresist

pattern was developed using SU8 developer (MicroChem,

Newton, MA). The slides were then placed in a gold

etching solution made prior to the electrodes fabrication by

mixing 8 g of KI and 2 g of I2 in 80 ml of water. An 8% to

22% (v:v) solution of acetic acid to ceric ammonium

nitrate was then used to remove the chromium adhesion

layer. The remaining photoresist on top of the gold pattern

was removed using NanoTM Remover PG (MicroChem,

Newton, MA) and IPA. A single conductor copper stranded

24-gauge wire (Pico Wire, Canada) was then connected to

the microelectrode using conductive epoxy (MG Chemi-

cals, Vancouver, BC, Canada).

3.4 Experimental setup

Figure 1a shows a schematic representation of the experi-

mental setup. The experimental configuration, with a liquid

inside the microchannel, a ground electrode underneath the

inlet and the corona electrode in the outlet, is shown in

Fig. 1b. Figure 1c shows a picture of the experimental

setup used in this study. As shown in the picture, an

electrically isolated working surface was used for the

experiments. The surface was a 1/4-inch thick PMMA plate

with a 2-mm diameter circular opening fixed to an optical

table using four rods. The circular opening in the surface

was used for ground electrode access. A corona handheld

device (Electro-Technic Products Inc., Chicago, IL) which

produces a voltage of 10–50 kV at 4–5 MHz was fixed to

the optical table using a stand-rod holder. A Logitech

Pro900 digital webcam (Logitech, Fremont, CA) and a

Miro4 high-speed CCD camera (Vision Research, NJ) were

used for video acquisition. A Nikon D60 digital SLR

(Nikon, Tokyo, Japan) was used for still image acquisition.

Figure 1c shows the experimental setup with the webcam.

It is important to note that although the electrical current is

limited, the electromagnetic field in the vicinity of the high

frequency and high voltage electrode can disturb elec-

tronics and digital cameras in particular. For this reason,

imaging at a distance was required. Specifically, 10 cm

between the camera chip and the electrode was found to be

sufficient while providing sufficient image data.

4 Results and discussion

4.1 Ground-directed electric discharge liquid actuation

Microfluidic liquid actuation through ground-directed

electric discharge is enabled by a change in surface energy

at the solid–liquid interface. The instantaneous surface

oxidation caused by the plasma generated by the electric

discharge results in a reduction of the liquid–gas interface

contact angle at the solid. In a common sessile droplet

system, the surface energy change caused by the electric

discharge is manifested by a sudden and dramatic spread-

ing of the droplet over the substrate. Figure 2 shows an

ultrapure water droplet on a planar PDMS surface exhib-

iting a contact angle of 122� prior to exposure to the

electric discharge. Following exposure the surface becomes

highly wetting, exhibiting a contact angle approaching zero

(\5�). The contact angles for each case were measured

Fig. 2 Images of a nanopure water droplet on a flat PDMS surface

prior and after the application of an electric discharge. The contact

angles of the droplet-on-PDMS system were measured using low

bond axisymmetric drop shape analysis, resulting in values of 122�
for the initial condition and \5� after the surface treatment
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using low bond axisymmetric drop shape analysis through

Image J software.

Figure 3a presents the schematics of the first experi-

mental configuration. A simple straight microchannel was

employed. The inlet reservoir was filled with blue dye

solution and the ground electrode was positioned under-

neath the inlet reservoir, within 1 mm of the bottom PDMS

surface of the chip. The wire electrode from the corona

device was placed in the outlet. The corona device was

then started causing the ionization of the air surrounding

the wire electrode. As shown schematically in Fig. 3a, an

electric discharge and a distinctive glow from the air ion-

ization is guided along the channel to the liquid interface,

and exits the chip below the inlet reservoir to reach the

ground electrode.

Figure 3b shows an image sequence of the experimental

results. As shown, the directed electric discharge and sub-

sequent surface energy change resulted in the rapid advance

of the liquid along the microchannel (movie of this exper-

iment is available in Online Resource 1). By t = 0.006 s

following the application of the electric discharge, the

liquid had advanced into the microchannel. As shown in

the magnified portions inset in Fig. 3b, the initial wetting

pattern mirrored the visualized electric discharge. The

channel was half-filled by t = 0.04 s, and completely filled

by 0.2 s representing an average velocity of *7 cm/s.

Figure 4 shows the liquid velocity data determined from

the imaging experiments and comparison with that pre-

dicted from the theoretical models. The liquid meniscus

position was recorded with the high-speed CCD camera at

600 frames per second and a resolution of 800 by 600

pixels. Instantaneous velocities at different lengths along

the microchannel were then calculated using a post-

processing imaging software (Vision Research, NJ). These

experimental results were compared with the two theoret-

ical models described in Sect. 2, using Eqs. 6 and 9. The

value of contact angle in each theoretical model was used

as a fitting parameter to compare with the experimental

data. Both the scaling exponent and the constant from the

power law curve trend from the theoretical models were

used to obtain the best fit to the experimental data for a

given contact angle. The Washburn model, Eq. 6, and the

model presented by Adams, Eq. 9, show a best fit at a

contact angle of 65�. As expected from theory, the velocity

of the liquid front reduces as it penetrates the microchannel

and shows a power law dependence on time. The theoret-

ical models and experimental data agreed within 5% for

each case. This agreement suggests the PDMS surfaces had

uniform wetting conditions prior to testing. It is important

to note that the post-treatment surface conditions in the

channel are different than those for the sessile droplet

discussed above. Differences in the treatment are primarily

due to the variations in field intensity and geometry in the

two cases. It was not possible to get highly accurate direct

measurements of the contact angle in the channels due to

imaging artifacts. However, the observed contact angles

are in line with those determined from the resulting

transport. Also, the most important measure of surface

treatment, in the context of this work, is the extent to which

transport is enabled in the microchannel.

Fig. 3 a Schematic showing the path of a ground-directed electric

discharge. After the electric discharge application, the PDMS surface

becomes wetting, enabling the transport of the liquid through the

microchannel by capillary action. b Images of an experiment

demonstrating microfluidic actuation through ground-directed electric

discharge. The selected pictures are part of a sequence acquired at 600

frames per second using the high-speed camera. The electric

discharge is observed as it travels along the microchannel walls,

ionizing the air inside, treating the surface, and subsequently enabling

liquid transport. Details at the liquid–gas interface are shown inset. A

movie of the experiment is available in Online Resource 1
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The dependence of the surface treatment on the length

and the power of the corona discharge device are investi-

gated in the following sections.

4.2 Influence of channel length

The dependence of the length of channel over which the

electric discharge is applied was investigated using the chip

with five parallel straight microchannels, as shown in

Fig. 5. The inlets of each of the micro-channels were filled

with dyed solution. The ground electrode was placed at the

inlet and the wire electrode from the corona device at the

outlet. An electric discharge, lasting approximately 0.2 s,

was applied to each of the channels at a time. Liquid

actuation was achieved only in the three shorter micro-

channels, as shown in Fig. 5. Under these conditions, the

maximum length for achieving liquid actuation was found

to be 18 mm. Importantly, longer lengths may be achieved

at higher power intensities or longer applications of the

electric discharge. However, these results show that sub-

second applications of discharges, at the relatively low

power intensities used here can actuate fluids over length-

scales on the order of *1 cm. The influence of power

intensity is considered below.

4.3 Influence of power intensity

The influence of the electric discharge power intensity on

the fluid velocity was investigated. Figure 6 shows the total

average velocities as a function of power intensity. The

length of the microchannels used in this experiment was

18 mm and the cross section was 250 lm 9 250 lm. Due

to the lack of a quantitative power indicator in the portable

corona device used in this study, a relative power intensity

level scheme was required. The power levels were set by

turning increments of 45� on the knob from a set base

position. The total average velocity of the liquid transported

through the channel was calculated using visualization

techniques with the experimental setup shown in Fig. 1c.

Figure 6a shows the average velocities at different relative

power levels. The average liquid flow velocity increased

linearly with the power intensity, however, relatively little

change (*20%) was observed over the full scale of powers

tested. Figure 6b shows the average effective contact angle,

calculated from Washburn’s equation using the observed

velocities, as a function of power intensity. As shown, the

contact angle resulting from the treatment decreases line-

arly with power intensity. As the power increases, the

average effective contact angle decreases at a rate of

*0.73� per relative intensity level. Although the simple

knob adjustment on the device is not quantitative, these

results indicate that once ground-directed discharge is

achieved, differences in surface condition achieved with

further increasing power through this control are negligible.

That is, a sufficient power setting was required to initiate the

discharge, and further increases in the power setting of the

device showed little change in the resulting treatment and

flow actuation.

4.4 Application in non-straight microchannels

Microfluidic chip applications rarely involve exclusively

straight microchannels. Figure 7 shows the application of

ground-directed electric discharge liquid actuation to a

serpentine channel structure. The experimental setup and

Fig. 4 Instantaneous velocities achieved through electric-discharge-

induced flow. Theoretical models are used to fit the experimental data

collected through imaging (in Fig. 3). Both models exhibit a best fit at

a contact angle is 65�. The microchannel used in the experiment was

14 mm in length

Fig. 5 Influence of channel length in ground-directed electric

discharge liquid actuation. A fixed power intensity level was applied

in five microchannels with lengths indicated. Liquid actuation was

achieved in the three shorter microchannels, suggesting the spatial

treatment is limited at a given power intensity and duration

Microfluid Nanofluid

123



experimental procedures were otherwise similar to those

employed previously. As visualized in the images in Fig. 7,

the electric discharge followed the channel through eight

90� turns in a relatively long (2 cm) channel, and provided

sufficient surface treatment to initiate flow back to the

outlet. A movie of this experiment is available in Online

Resource 2. The time required from the initiation of the

discharge to the completed filling of the channel was

approximately 1.3 s. The results clearly indicate that this

method is readily applicable to non-straight microchannel

geometries.

4.5 Application in liquid routing

Figure 8a shows a schematic representation of the star-

shaped chip design used to demonstrate directed sequential

liquid routing, through ground-directed electric discharge.

In this experiment, the ground electrode was placed at the

divergence point, underneath the bottom PDMS layer of

the hydrophobic microfluidic chip. The corona electrode

was placed successively at each reservoir of the chip

to route the liquid through each corresponding channel.

Figure 8b shows the image sequence of the liquid routing

experiment. The first electric discharge, applied at the inlet,

resulted in liquid actuation along the microchannel with a

penetration length equal to the distance between electrodes.

Two aspects are noteworthy here: this actuation configu-

ration is opposite that shown in the previous figures as the

discharge is applied to the liquid directly and then directed

through the channel; and no liquid transport in the other

three microchannels resulted from this discharge. The

corona electrode was then placed at an outlet and a second

discharge was applied. This application resulted in the

preferential transport of the liquid along the corresponding

microchannel, linking the reservoir to the inlet reservoir.

The third and fourth discharges routed fluid from the

intersection to the remaining outlet reservoirs. A movie of

experiment is available in Online Resource 3. The indi-

vidual channel actuation achieved in this experiment

demonstrates the potential of the ground-directed electric

Fig. 6 a Average liquid velocities as a function of relative power

intensity. The intensity was increased by advancing the knob of the

handheld corona device 45� at each level. b Corresponding effective

contact angle obtained by fitting the experimental data to the

Washburn theoretical model

Fig. 7 Ground-directed electric discharge liquid actuation in a non-

straight microchannel. The channel has eight 90� elbows and a total

length of 20 mm. The discharge provided sufficient surface treatment

to initiate flow back to the outlet in *1.3 s. A movie of the

experiment, at 0.259 speed, is available in Online Resource 2
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discharge actuation technique for controlled preferential

routing of liquid samples in complex microfluidic systems

and lab-on-a-chip devices.

4.6 Ground-directed electric discharge liquid actuation

to initiate solution mixing

Figure 9 shows the Y-shape chip and experimental config-

uration used in a mixing process initiated through ground-

directed electric discharge liquid actuation. Figure 9a shows

the initial configuration, having one inlet filled with yellow

dye solution and the second inlet with blue dye solution. The

ground electrode was placed underneath the bottom PDMS

layer of the chip, at the channels’ intersection, while the

corona electrode was placed at the outlet. Figure 9b shows

the results of the mixing process initiated by the electric

discharge. After a discharge was applied, both dye solutions

flowed through their respective channels to the intersection,

and mixed on the way to the outlet reservoir, as indicated by

the green hue in the channel and outlet. It is noteworthy that

in this case, the treated region reached beyond the ground-

directed channel sufficiently to induce wetting in both

adjacent 3-mm channels. This was achieved by applying a

higher power discharge over a longer period (6,[1 s). The

residence length for diffusive mixing for this flow rate was on

the order of *3 mm, and the mixing channel length was

6 mm. This experiment demonstrates completion of an

individual unit operation relevant to lab-on-chip applica-

tions. To integrate many such operations on a chip, delivery

of the actuation via integrated microelectrodes would be

required, and is demonstrated next.

4.7 Ground-directed electric discharge liquid actuation

with an on-chip integrated microelectrode

Figure 10 shows the gold microelectrode fabricated on a

gold-on-glass substrate, using a wet etching technique

(as described in the experimental section). The resulting

microelectrode had a 4-mm long tip with average width

of 70 lm. A single-channel microfluidic chip was placed

over the glass substrate, having one of the reservoirs, the

outlet, positioned over the tip of the microelectrode. The

inlet was filled with blue dye solution and the ground

electrode placed underneath the glass substrate. A dis-

charge was remotely applied to the microelectrode via a

24-gauge wire resulting in the liquid transport of the dye

solution through the microchannel, as shown in Fig. 10

(movie of experiment is available in Online Resource 4).

The liquid reached the outlet after 0.4 s, resulting in an

average fluid flow velocity of 4.7 cm/s, in agreement with

results achieved using the handheld corona device

directly. This experiment demonstrates the flexibility of

the ground-directed electric discharge liquid actuation

technique and its potential for on-chip integration. Addi-

tionally, wetting-based techniques are applicable to a

range of fluids of interest in microfluidic systems. Most

Fig. 8 Application in liquid routing. a Schematic representation of the

star-shaped microfluidic configuration used in the experiment. The

ground electrode was placed below the chip at the divergence point.

b Image sequence of the experiment. The electric discharge was applied

successively at each reservoir of the chip to route the liquid through each

corresponding channel. A first discharge, applied at the inlet, resulted in

liquid actuation along the microchannel with a penetration length equal

to the distance between electrodes (this application of discharge at the

liquid reservoir is opposite that of Fig. 1). A second discharge applied at

an outlet reservoir resulted in the preferential transport of the liquid

along the corresponding microchannel, linking that reservoir to the inlet

reservoir. The third and fourth discharges routed fluid from the

intersection to the remaining outlet reservoirs. A movie of experiment is

available in Online Resource 3
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notably, the ability to direct fluids using on-chip elec-

trodes presents opportunities to achieve highly multi-

plexed, programmable fluidic functions through this

technique. It is also important to note that, for applica-

tions in the biomedical field, we foresee minimal damage

to biological samples as the field is chiefly applied to the

gas in the microfluidic system, and as the field application

time is very short. The relatively simple control methods

developed here have potential to be integrated at high

density to provide for much more complicated functions.

Analogously, relatively simple pneumatically actuated

microfluidic valve structures have enabled a vast array of

complex on-chip processes.

5 Conclusions

In this study, a novel liquid actuation technique using a

ground-directed electric discharge was demonstrated.

High-speed visualization analysis of discharge-induced

liquid flows in straight microchannels indicated velocities

up to 7 cm/s. Two theoretical models were used to fit the

experimental data, finding a best fit at a contact angle of

65�. Fluid flow velocities exhibited a linear dependence on

microchannel length. The increase in power setting of the

Common 
microchannel

(b)

Corona 
electrode

(a)

Ground 
electrode

Converging 
microchannels

5 mm

Fig. 9 Ground-directed electric discharge liquid actuation to initiate

solution mixing. a The two inlets in the Y-shape chip were filled with

light (shown yellow online) and dark (shown blue online) dye

solutions. The ground electrode was placed underneath the intersec-

tion from the converging channels, and the corona device electrode

was placed at the outlet. b Image of the resulting liquid mixing

process initiated by electric discharge liquid actuation. After an

electric discharge was applied, both dye solutions flowed through

their respective channels to the intersection, and mixed on the way to

the outlet reservoir, as indicated by the intermediate hue (shown

green online) in the channel and outlet

Fig. 10 Ground-directed electric discharge liquid actuation with an

on-chip integrated microelectrode. a Schematic representation of the

single-channel microfluidic chip with an integrated gold microelec-

trode used in the experiment. The tip of the microelectrode was 4 mm

in length and had a width of *70 lm. The outlet reservoir was filled

with dye solution and a ground electrode was placed underneath, as

previously. A picture of the microelectrode is shown as an inset.
b Sequence of images showing electric discharge liquid actuation

with an integrated microelectrode. The liquid reached the outlet after

0.4 s, resulting in an average fluid flow velocity of 4.7 cm/s, in

agreement with results achieved using the handheld corona device

directly. A movie of the experiment is available in Online Resource 4
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device showed a minimal change in the resulting treatment

and flow actuation. We found that longer lengths may be

achieved at higher intensities or longer exposure times.

Together these results show that sub-second applications

can actuate fluids over length-scales on the order of

*1 cm. The average liquid flow velocities were found to

increase linearly with the power intensity, with average

flow velocities in the order of *5 cm/s. The potential of

this technique for integrated lab-on-a-chip applications was

also demonstrated by application in a serpentine channel

structure, for on-demand fluid routing, to initiate a mixing

process, and through an on-chip integrated microelectrode.

Still, when these demonstrations involve basic fluidic

actuation and routing, the combination, integration, and

multiplexing of these operations may be used to achieve

applications with higher level of complexity. The appli-

cations shown here demonstrate the ability to complete and

control individual unit operations relevant to lab-on-chip

applications in diverse microchannel geometries, and to

effectively direct fluids to achieve highly multiplexed,

programmable fluidic functions.
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