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Optical Resonant Nanoprobes for the Measurements of Biomolecular 

Interactions 
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Professor Sadik C. Esener, Chair 

 

Quantifying the interactions between biomolecules combined with 

discovering their structure provides better understanding of the underlying molecular 

mechanisms and opens the capability to accurately predict and design 
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micromolecular structures and interactions. The ability of this approach to advancing 

the diagnostics and the treatment of disease is immense.  

In this thesis, it was demonstrated that two resonant optical nanoprobes, 

namely photonic crystal microcavity sensor and plasmon-coupled nanoparticle probe 

can be applied toward investigating biomolecular interactions. Both techniques are 

based on the measurements of optical resonances.  

Measurement of protein binding kinetics using photonic crystal microcavity 

sensor was demonstrated for the first time. Real-time monitoring of the resonant 

wavelength provides information on the strength of protein binding and 

concentration. The sensor performance was demonstrated with biotinylated-BSA and 

anti-biotin. Mass transport of molecules to the sensing surface was analyzed to 

explain the relatively long transition time needed to reach the binding equilibrium in 

time resolved experiments. Binding of small molecular species such as aromatic 

rings was detected. The detection limit, in terms of the mass of molecules bound to 

the surface, was shown to be less than 4.5fg. The small modal volume and photonic 

confinement inside the microcavity enable detection of attoliter samples. The 

calculations show that the response of the sensor to binding of a single molecule is 

0.72pm. By implementing temperature control and signal processing techniques, 

signal-to-noise ratio can be improved to allow for single molecule detection. 

Plasmon coupled-nanoparticle probes were used to measure the binding 

strength between two DNA strands, with the idea to discern single nucleotide 

mismatches in the sequence.  The probe consists of two streptavidin-coated gold 

 xxi



 

nanoparticles interconnected with two biotinylated-DNA strands under test. An 

external Coulombic force was applied by lowering the ionic concentration of the 

solution, causing the binding strength between complementary DNA strands to be 

weakened. This was converted to a distance change between plasmon-coupled gold 

nanoparticles, causing a shift in their resonant wavelength position.  This is a new 

approach to the measurement of the binding strength within molecular complexes. 

 xxii



1. Introduction 

 

 

Cellular processes and their underlying molecular events involve complex 

interactions between individual molecules, pathways and networks of pathways [1, 

2]. A quantitative as well as a mechanistic understanding of these interactions is 

important for the exploration and engineering of cellular behavior and for the 

development of novel therapeutics to combat disease.  

The motivation for the research presented here is the development of 

nanoscale optical sensors and probes that can investigate interactions on a small 

number of molecules with the ultimate goal of single molecule sensitivity. Most of 

the current techniques rely on the measurements of a large number of molecules 

producing results that are averaged over the ensemble and can therefore fail to 

observe heterogeneity within the molecular species [3]. Sensitive techniques that can 

monitor small numbers of molecules can therefore provide an advantage over these 

existing techniques.  

The trend in development of biosensors is going toward miniaturization with 

device length scales now well below 100 nanometers. The justification for such an 

approach lies in the reduced background noise. Lowered background noise improves 

on the limits of detection by decreasing the smallest reliable signals that can be 
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measured and improves on limits of detection. For the sensing of rare biological 

material, small sensors have the advantage of using a smaller amount of samples.   In 

addition, they can provide large scale integration and parallelization for high 

throughput analysis of the samples. 

There are a number of requirements that biosensors have to fulfill to be able 

to compete with existing techniques used in clinical laboratories. They have to 

provide specificity for a given molecule, excellent sensitivity, speed, and to be cost-

effective. We note that while a significant progress has been achieved in area of 

biosensing, only a small number of new techniques have been adopted in the clinical 

environment. Clinical tests are still mainly based on old well established techniques 

that rely on molecular amplification and enzymatic reactions to increase sensitivity. 

They use stringent washes to address specificity and fluorescence or radioactivity for 

labeling and detection. Though time-consuming, they have proven to be reliable. The 

new techniques need to far outperform the existing ones in order to replace them in 

clinical laboratories. For the purpose of emphasizing the motivation for the research 

reported in this thesis, I will describe how sensors presented in this study address 

both specificity and sensitivity.  

Living organisms possess a high level of complexity, and each cell is a 

factory in which billions of biomolecules interact. Many biomolecules can interact 

and bind to each other, some weakly, some strongly. The goal of clinical analysis is 

to determine the presence and concentration of a specific molecule of interest. For 

molecules like antibodies and tumor markers the presence is tested by attachment to 

 



 3

their molecular counterparts. However, many other molecules may attach, giving 

false-positive results. This is termed non-specific binding. The specificity is defined 

as an incidence of false-positive results. In existing clinical techniques it is addressed 

through the use of stringent washes. The purpose of stringent washes is to remove 

weakly bound molecules, and therefore increase the signal-to-noise ratio of 

bioassays. These washes have to be carefully designed for each test.  For example, 

hybridization assays that are often performed to detect certain microorganisms or 

mutations in our deoxyribonucleic acid (DNA) are based on the binding of two 

complementary DNA strands: probe and target. Many different sequences of DNA 

can attach to a probe, but only one can be a perfect match. That match forms the 

strongest bond with the probe. By applying previously carefully determined stringent 

washes with different temperatures, salt concentration and concentrations of 

formamide, weakly bound DNA sequences are washed from the assay, preventing 

false-positive results. For immuno-assays, the similar procedures are followed to 

determine the presence and concentration of antigens or antibodies. The stringent 

washes in this case are more complicated. Finding molecules that are the best 

matches for certain antigens may reduce complexity and simplify washing 

procedures. To find the best match between biomolecules, it is very important to 

investigate the strength of molecular binding, often expressed as binding affinity.  

To address specificity this thesis deals with the two methods for investigating 

the strength of molecular binding. One is by measuring the kinetics of molecular 

interaction using a photonic crystal microcavity sensor.  By monitoring binding rates, 
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we can determine the binding strength between two molecules. This method can be 

efficiently used to screen combinatorial libraries of peptides and aptamers, as well as 

libraries of antibodies with unknown binding properties, to identify those with 

selective affinities for various ligands. The significance of this method is many fold. 

Beside the great benefit for diagnostics, measuring binding properties between 

molecules is of great importance in drug discovery. The data from measurements of 

reaction kinetics contain information on how fast the medication interacts with 

target, providing ways to determine the best dosing protocol for drugs. It includes 

information about the lifetime of the drug, providing a way to determine how 

frequently the dose should be administered.  In addition, this technique can monitor 

chemical modifications molecules may have undergone.  

The other technique using plasmon coupled nanoparticles can be applied to 

testing the binding specificity between two DNA strands.  The main purpose of such 

a technique is to determine the presence of mismatches in DNA. Existence of 

mismatches causes weaker binding between strands than in the case of a perfect 

complement. The technique measures the binding behavior of double stranded DNA 

double helix in different stringency washes, in this specific case, solutions of 

different salt concentrations. The distance-dependent properties of a plasmon- 

coupled nanoparticle pair are utilized to measure elongation of the DNA complex, 

which is an indicator of a binding strength between strands. It is possible to use such 

measurements to obtain information about the presence of single nucleotide 

polymorphisms (SNP). 

 



 5

The second problem in biosensing, sensitivity, is the capability to detect low 

abundance biomolecules. The existing techniques usually solve this by molecular 

amplification or signal amplification. The examples are polymerase chain reaction 

(PCR) or enzymatic-linked immunosorbent assays (ELISA). The purpose of PCR is 

to increase the number of DNA molecules by repeated replication in which the DNA 

template is exponentially amplified. With PCR it is possible to amplify a few or 

single copies of a piece of DNA by several orders of magnitude, generating millions 

or more copies of the original DNA. However, PCR amplification steps are relatively 

error prone [4]. On the other hand ELISA tests rely on the amplification of 

fluorescent or radioactive signals [5]. First, an unlabeled primary antibody 

recognizes a specific target molecule after which a secondary antibody linked to an 

enzyme is attached to the primary antibody. The enzyme serves as a catalyst for a 

reaction that produces a chromogenic, fluorogenic or electrochemical signal. By 

using ELISA, even tiny amounts of antigen can be detected. However, amplification 

occasionally leads to errors and increases complexity. Therefore, it is important to 

develop more sensitive methods and sensors that can circumvent the need for various 

amplification methods.  

Optical label-free sensors are good candidates for high sensitivity 

measurements. A number of different sensors have been demonstrated so far: surface 

plasmon resonance, microring [6] and microtoroid resonators [7], fiber optic and 

waveguide sensors and resonant mirrors. Some of them have been widely used over 

the past decade in many areas of drug discovery, including target identification, 
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ligand fishing, assay development, and manufacturing quality control [8]. They allow 

the determination of the affinity and kinetics of a wide variety of molecular 

interactions in real time, without the need for a molecular tag or label, because they 

are based on refractive index measurements. At present, most screens that are used in 

drug discovery require some type of fluorescent labeling or radio-labeling to report 

the binding of a ligand to its receptor. This labeling step imposes extra time and cost 

demands, and can in some cases interfere with the molecular interaction by 

occluding a binding site, which leads to false negatives. Fluorescent compounds are 

invariably hydrophobic, and in many tests, background binding is a significant 

problem, leading to false positives. Label-free detection can avoid those problems.  

In optical biosensors, the molecules that bind to the surface usually interact 

with the tail of an evanescent field. Since evanescent fields are weak and 

exponentially decay with distance, this interaction is very weak and has low 

sensitivity. The exception is in the case of surface plasmon resonance in which a 

very strong evanescent field is generated by conductive electrons in metal films. The 

highest sensitivities being reported so far are 7120nm per refractive index unit [9], 

given as a shift in resonant wavelength per unit change of refractive index.  

However, the size of its readout beam requires large sensing volumes on the order of 

500 picoliters and the resolution with which the binding can be measured is low 

because of very wide resonant peaks.  

In this thesis, we demonstrate an application of a photonic crystal 

microcavity sensor for the detection of protein binding. It has a number of features 
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that make it a very good candidate for sensitive detection. Firstly, due to its resonant 

nature, photons remain within the resonant cavity interacting with the surface 

multiple times. Larger Q factors allow for better resolution of sensor response 

readout, leading to lower detection limits. On the other hand, a photonic crystal 

microcavity has a unique mode profile, which can boost the sensitivity due to the 

excellent overlap of the interaction volume with analyzed solution. The photonic 

crystal microcavity sensor merges the good features of two types of sensors: low Q 

high sensitivity sensors like SPR and ultra-high Q low sensitivity sensor like 

microtoroid resonators. It has moderately high Q and moderately high sensitivity, 

which, when combined, have a good potential for achieving ultimate single molecule 

sensitivity. In addition, due to photonic confinement, the sensor has ultra-small 

sensing volume, enabling work with minute amounts of analytes. Since the majority 

of the response comes from a small part of the sensor that is on the order of 100nm 

in size, we can refer to a photonic crystal microcavity sensor as a nanoprobe. 

In a plasmon-coupled nanoparticle probe, single molecule sensitivity is 

possible due to the specific design of the probe. The detection is based on large 

change in refractive index triggered by bringing one gold nanoparticle to closer 

proximity of the other gold nanoparticle. This spacing of the nanoparticles is 

controlled by the behavior of the DNA molecules that connect them. This type of a 

probe possesses an advantage over existing tip based probes since it can be produced 

in large numbers and requires only a spectrograph for signal readout. It is far less 

expensive and complicated than an atomic force microscope (AFM). 
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1.1. Background 

Since the invention of the scanning tunneling microscope (STM) in 1981, the 

value of establishing physical relations between the macroscopic world and 

individual nanoscale objects has become increasingly evident [10]. Owing their 

existence to the STM, new variations of scanning probe microscopes such as atomic 

force microscope (AFM) and the near field scanning optical microscopy (NSOM) 

have been developed. These techniques [11, 12] along with magnetic tweezers [13] 

and optical traps [14] are capable of measuring molecular forces through the 

application of an external mechanical load. Another set of techniques can be used to 

measure molecular interactions in a more passive manner. It includes Fluorescence 

Resonant Energy Transfer (FRET) and more recently plasmon based molecular 

rulers [15, 16]. 

AFM is widely used to assess single molecule intra and inter molecular 

interactions. AFM uses a compliant cantilever to exert force upon a single molecule. 

The molecule is bound by one end to the cantilever probe tip and by its other end to a 

cover glass surface, which is typically moveable. Force can be modulated precisely 

by moving the surface with respect to the tip using piezoelectric actuators, thereby 

changing the cantilever deflection [17]. Numerous reports describe investigation of 

deoxyribonucleic acid (DNA) supercoiling [18-20] and tertiary structure[21], RNA 

and DNA unwinding [22, 23] and the interactions between DNA and DNA binding 

proteins [24, 25]. AFM has been applied with success to study unfolding in a number 

of proteins [26-29], as well as structural rearrangements in polysaccharides [30] by 

 



 9

measuring changes in the extension of the molecules as these denature under an 

external force. 

Single molecules can be manipulated using magnetic forces by attaching 

them to small magnetic particles. Applied forced are calibrated using Brownian 

motion of the particle tethered to a substrate by long DNA chains. The response of a 

molecule to a force is obtained by centroid tracking of magnetic particle. Magnetic 

tweezers have been used to study the mechanical response of DNA to forces and 

torques [13, 31, 32], interaction of DNA with proteins [33, 34], and to monitor a 

formation of transcription bubble by RNA polymerase with single base precision 

[35]. 

 Optical tweezers or optical traps employ a tightly focused laser beam to exert 

force on a small dielectric bead to which one end of the molecule of interest is 

attached.  Strong electromagnetic field gradients keep the particle trapped.  The other 

end of the molecule is usually tethered to a surface or to a second bead. The force is 

controlled either by moving the surface or adjusting light intensity. Optical tweezers 

have found applications in investigating the elastic properties of nucleic acids [36, 

37], studying non-equilibrium kinetics [38], in measurements of protein-DNA 

interactions [39], and  in characterization the folding of nucleic acids [40, 41] 

[42]and proteins [14, 43]. 

  FRET allows the measurement of nanometer scale distance changes in the 

range of 1-10nm through the resonant coupling of two different fluorophores 

attached to the molecule of interest. Single-molecule FRET has been used in a large 
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number of studies involving molecular conformations [44] [45], including dynamics 

of RNA folding [46] and in molecular beacons for detecting interaction between 

DNA strands and single nucleotide mismatches. 

 Plasmonic molecular rulers or dimers are another method that can measure 

distances up to 70nm with resolution of 1nm. They employ pairs of silver and gold 

nanoparticles interconnected by short DNA stands and measure distances by 

measuring shifts in the plasmon resonance frequency [15, 16].   

 All of the previously mentioned techniques have been shown to measure 

molecular behavior and interaction on a single molecule level. Other techniques that 

are used for measuring molecular interactions involve affinity-based sensors such as 

surface plasmon resonance sensors [47], nanowire sensors [48], fiber-optic sensors 

[49], grating coupler sensors [50], electrochemical [51], acoustic [52] and thermal 

sensors, microcantilevers [53] and more recently optical microcavities (microrings 

[6], microtoroids [7] and photonic crystal microcavities [54-56]).  

Surface plasmon resonance sensors are commercially available and widely 

used for measuring kinetics of molecular interaction. The principle is based on 

measuring resonance is a charge-density oscillation that exist at the interface of a 

metal and a dielectric. The spectral position of the resonance changes when the index 

of refraction of dielectric is changed due to binding of molecules to the surface. 

These refractive index based measurements are the underlying principle in all of the 

resonant optical biosensors. Thanks to the capability to measure small refractive 
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index changes caused by molecular binding, they can investigate binding kinetics of 

molecules and can be used for detection.   

Recently microcavity based sensors have drawn considerable attention due to 

their predicted low detection limits. Their advantages lie in recirculation of photons 

that enables probing of molecules multiple times.  Recently it was demonstrated that 

single molecule can be detected with a high-Q microtoroid resonator. The working 

principle of this sensor is not based on purely optical response, but also involves 

thermo-optic phenomena. The existing techniques for the measurements of 

biomolecular interactions are summarized in Table 1. 

 

Table 1. Summary of techniques used for measuring biomolecular interactions 

Techniques for measuring biomolecular interactions 
Single molecule probes Affinity-based sensors 

External force No external force Non-resonant Resonant 

AFM FRET Electrochemical Surface plasmon 

resonance 

Thermal Microcantilevers Magnetic tweezers 

Acoustic 

Optical tweezers 

Plasmon –coupled 

gold nanoparticles 

Optical 

Fiber-optic 

Grating coupler 

Microporous silicon 

Optical 

microcavities 

Microring resonators 

Microtoroid 

resonators 

Photonic crystal 

microcavities 
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1.2. Scope 

In this thesis we present the research on two types of optical resonant 

nanoprobes: photonic crystal microcavity sensor and plasmon-coupled gold 

nanoparticle probe. We demonstrate the application of these probes to the 

investigation of biomolecular interactions. 

In Chapter 2, the results for monitoring biomolecular interactions with 

photonic crystal microcavity sensor are presented. The design and principle of 

operation of photonic microcavity sensors manufactured for the presented research 

are described, as well as the chemistry for sensor surface activation and sensor 

calibration. For the first time the possibility of monitoring protein binding kinetics by 

photonic microcavity sensor was demonstrated. Numerical simulation of sensor 

response is given and compared with the experiments.  

The focus of Chapter 3 is mass transport analysis in photonic crystal 

microcavity sensor and the implications to reaction kinetics and concentration 

measurements. Fluidic analysis of protein transport to the sensing surface was 

performed explaining long transition times to the stationary state in time resolved 

experiments. This was found to be of crucial importance for protein kinetics 

monitoring and concentration measurements. 

The detection limits of the photonic crystal microcavity sensor and the 

implications of small sensing volume to single molecule sensitivity are the topics of 

Chapter 4. Fluctuations in the resonant wavelength shift were found to be 

predominantly caused by amplitude noise in spectral measurements. Less than 80 
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anti-biotin molecules can be detected with the experimental set-up presented. The 

single molecule detection may be achieved by improving the instrumentation. 

Plasmon-coupled nanoparticle probes for measuring the binding strength 

between DNA strands are focus of Chapter 5. The importance of detecting DNA 

with sequence variations is explained. The possible application of this method 

towards the detection of single nucleotide mismatches is proposed. Plasmon-coupled 

gold nanoparticles are used as transducers for sensing distance changes. The 

transducers consist of a pair of gold nanoparticles linked by a double stranded DNA 

molecule under investigation. It was demonstrated that altering binding strength 

between two DNA strands causes change in interparticle distance. This change was 

converted to a shift in plasmon resonance frequency and measured by scattering 

optical spectroscopy. 

Conclusions summarize the principal results of the research performed and 

main contributions to topic of the research. 

 

 

 

 

 



                                                                                              

  

2. Monitoring biomolecular interactions with a 

photonic crystal microcavity sensor 

 

 

The development of genomics and proteomics lead to a wealth of information 

about molecular structures. However, structural information far exceeds knowledge 

about the function of biomolecules. Drug discovery, therapeutics, and basic research 

all greatly benefit from studies of molecular function. One of the ways to examine 

the biomolecular function is to investigate its interaction with other molecules. 

Therefore, methods that can monitor molecular interactions are of essential value.  

Monitoring the reaction between biomolecules can provide data on 

specificity, interaction kinetics, binding affinity and concentration. In pharmaceutical 

research, it is of crucial importance to know which molecules can interact to be able 

to design new drugs. Methods that allow monitoring of molecular interaction help to 

identify new compounds that can, for example, affect certain molecular pathways 

that cause disease.  Because of great molecular diversity, there likely exist many 

molecules that are binding partners. However, some of them bind more strongly then 

others. Information on binding strength is contained in interaction kinetics that is 

measured by monitoring the rate of molecular binding. Binding kinetics provides 

information on the binding affinity, which is a measure of specificity. This is crucial 

14 
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for discovering more effective drugs and has great significance for diagnostic 

purposes for developing more reliable clinical assays. It can help design clinical tests 

in such a way that they address only the molecules of interest and not react with any 

other molecular species in the sample. Therefore, the techniques that can give 

information on specificity by monitoring biochemical reactions are of great 

importance.  

Optical sensors show good promise for application in both a clinical setting 

and the pharmaceutical industry. The most widely used method for investigating 

biomolecular interactions is surface plasmon resonance. It is a label free technique 

that offers very good sensitivity and is based on the measurement of the light angle at 

which the plasmon resonances on a gold film are excited. This angle is sensitive to 

molecular binding on the top of the film. Other optical methods include 

interferometric measurements in porous silicon, colorimetric resonances in a 

diffractive grating and fiber optic sensors. All these sensors, however, have a very 

large sensing area, determined by the cross-section of the readout beam, and 

therefore require relatively large amounts of analyte.  

Recently, groundbreaking research was reported on single molecule 

sensitivity with high-Q microcavities based on microtoroid resonators [7]. Optical 

microcavities present a powerful method to achieve high sensitivity due to 

recirculation of photons allowing a single photon to interact with a target molecule 

multiple times. They also have small sensing volume that reduces the amount of 

analyte needed for detection.  
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It was previously reported that photonic crystal microcavities can be used for 

measurements of bulk index of refraction [57, 58], stacking of polyelectrolyte layers 

[59] and detection of proteins in physiological buffers [54]. Protein detection in 

dehydrated solutions was also demonstrated with photonic crystal microcavities [55], 

but this can lead to ambiguous results, because dehydration often leaves a residue 

which can be interpreted as a false positive. It was shown that photonic crystal 

microcavity sensors can be used in an array type layout for parallel detection of 

multiple analytes [56]. Photonic crystals waveguides were also used for protein 

detection [60].  

In this chapter, it was demonstrated for the first time that 2D-photonic crystal 

microcavities can be implemented for the use of the label-free detection of protein 

binding in physiological buffers. In addition, the protein binding kinetics was 

monitored and the affinity constant for binding of anti-biotin to biotin is extracted 

from this data. It was also demonstrated that photonic crystal microcavity sensors 

can measure chemical modification caused by binding of aromatic rings on the 

surface. 

 

2.1.  Photonic crystal microcavity sensors: principle and advantages 

Photonic crystals (PCs) are structures with periodic variation of refractive 

index. The periodicity on the order of wavelength creates allowed and forbidden 

energy bands for photons, analogous to the electronic bands in semiconductor 

materials. Following the same analogy, introducing defects in photonic crystals, 
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creates allowed states within forbidden bands, such as donor and acceptor states in 

semiconductors. A photonic crystal with defect behaves as a resonant microcavity.  It 

has been demonstrated that these structures can be used as lasers and chemical 

detectors in both active and passive configuration [57, 58]. The presence of the 

analyte in the holes of the sensor changes the energy of an allowed state, which is 

detected as a shift in resonant wavelength of the microcavity. The structures can be 

created with very high Q-factors on the order of 106. They have ability to localize the 

electric field to a very small volume. The detection principle is based on the change 

of the refractive index of the material filling the photonic crystal holes. There are 

three factors that make photonic crystal microcavities ideally suited for sensitive 

molecular detection. Firstly, the analytes are sampled multiple times by the field that 

is confined inside the cavity. Secondly, the strong localized fields inside the defect 

hole contribute to good sensitivity. Thirdly, the majority of the field overlaps with 

analyte unlike in the other sensors that are based on evanescent fields in which only 

the tail of the evanescent field interacts with analyte. Therefore, these sensors are 

good candidates for ultimate, i.e. single molecule sensitivity.  

 

2.2. Photonic crystal microcavity design  

The photonic crystal microcavity used in this thesis was designed to have 

resonant wavelength within the tunable range of the Agilent 81482 and 81642 lasers 

between 1400nm and 1500nm. A structure is patterned on a slab waveguide 

consisting of a silicon core sandwiched between SiO2 cladding layers. The thickness 
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of SiO2 layer on the silicon on insulator wafer was 1µm. The upper 150nm thick 

SiO2 layer was deposited on top of 260nm thick Si slab using plasma-enhanced 

chemical vapor deposition (PECVD). The lower refractive index of SiO2 (1.44) 

comparing to Si (3.49) provides the vertical confinement. A triangular lattice of 

holes was chosen because it provides a better lateral confinement and larger bandgap 

[61] comparing to square lattices. The period of the lattice is a=440nm, the diameter 

of the holes d=255nm=0.58a and diameter of the defect hole ddef=176nm=0.4a. The 

lattice has 4 layers along the ΓM direction and 11 layers along the ΓK direction 

(Figure 2.1).  

x 

z 

y 

SiO2

Si 

Si 

1µm 

 150nm 

 260nm ddef d 

SiO2

a

ΓK 
ΓM 

 

 

Figure 2.1. Photonic crystal microcavity design. The photonic crystal microcavity is 

integrated with two ridge waveguides.  

The light is coupled along ΓM direction using a ridge waveguide. The 

waveguide was tapered from 2µm down to 0.6µm to match the mode profile of the 
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microcavity [58]. This photonic crystal structure supports TE-like modes that have 

dominant Ex , Ez  and Hy components, where propagation is along the z-direction, x is 

normal to propagation direction and in plane of the silicon slab and y is normal to the 

slab. 

  

2.3. Confinement in the photonic crystal microcavity 

One of the most important properties of photonic crystal microcavities is that 

they can localize light into small modal volumes. The confinement is a result of the 

combined action of the periodic lattice and total internal reflection. The periodic 

lattice forms a bandgap structure to confine light in the plane of propagation, while 

out-of-plane confinement is provided by total internal reflection on the interface of 

silicon and silicon dioxide. Imperfect vertical confinement results in out of plane 

radiation losses, which limits the quality factors of the cavity.  A single defect 

microcavity produced by changing the radius of a single hole in 2D photonic crystals 

with a triangular lattice can localize light to volumes as small as half of the cubic 

wavelength. However, this type of microcavity, which is the subject of this study, 

have quality factor on the order of ∼103 [62]. Photonic microcavities with much 

larger quality factors can be produced by different methods [63], but there is a trade-

off between quality factors and modal volume as radiation loss increases in inverse 

proportion to cavity size [64].  

In this study we used 3D finite difference time domain (FDTD) modeling to 

study behavior and properties of photonic crystal microcavities. The field 
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components are calculated on the spatial and temporal grid. There are number of 

factors that influence the accuracy of the final results: spatial grid size, time step and 

the length of the simulation are the most important. The spatial grid size has to be 

chosen in such a manner to adequately sample the smallest feature of the structure. 

Time steps have been chosen to adequately sample a full period of a light wave in 

order for the simulation to be stable.  

For sensing application of photonic crystal microcavity, we are mainly 

interested in the position of the resonant peak. Therefore, we use impulse excitation 

and record system response in time. To convert time response to frequency response 

and obtain spectra, Finite Fourier Transform (FFT) is necessary. In this case, the 

resolution with which we can determine the peak intensity position depends on the 

length of the simulation. Increasing the simulation length leads to better resolution. 

However, to obtain accuracy better than 1 pm that is needed for calculating response 

to single molecule binding, the simulations can last for days. Therefore, a method 

called Fast Harmonic Analysis (FHA) is employed when it was necessary to obtain 

very high spectral resolution. This method can reliably locate peaks even for short 

propagation times, but it requires an initial guess of the peak location. 

For computational reasons, the photonic crystal structure used in the 

simulations had 3 layers upstream and downstream of the defect and 3 layers on each 

side. The computational domain included one forth of the photonic crystals taking 

advantage of symmetry boundary conditions on two boundaries. Perfectly matched 

layers were used as boundary conditions on other four faces of the computational 
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region. The refractive index of Si and SiO2 are 3.49 [65] and 1.44, respectively. The 

grid spacing was chosen to be 5nm in the plane of the photonic crystal and 10nm in 

the vertical direction. The convergence of the results was tested by using different 

grid sizes and lengths of simulation. Simulations were conducted with the 

FullWAVE™ (RSoft Design Group) FDTD simulation software. 

 

 

x
y 

z 

a 

b 
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c 

Figure 2.2. Confinement inside photonic crystal microcavity. a) A scanning electron 

microscope image of the photonic crystal microcavity. b) Ex field in the middle of 

the slab. c) Vertical cross-section, showing mode localization inside the defect hole.  
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The simulation results in Figure 2.2. show that the electric field is mainly 

localized in the region surrounding the defect. In the cross-section in the Figure 2.2, 

it can be seen that the resonant mode is confined within the silicon slab. As can be 

observed further, most of the optical field is located inside the defect hole. The fact 

that the high intensity field overlaps with the region filled with analyte in biological 

experiments is of great importance for sensing applications. This is in contrast to 

other applications, in which sensing is done using the tail of an evanescent wave, 

where the field is weak. Since the sensitivity is proportional to the strength of the 

electric field, the photonic crystal microcavity has higher sensitivity than most of 

evanescent field sensors except for a surface plasmon resonance sensor, in which 

despite of using evanescent field for sensing, other physical phenomena contribute to 

enhanced fields. The modal volume of the photonic crystal microcavity was 

calculated to be Vmod= 0.033µm3 using ( )2

2

mod
max E

dVE
V

ε

ε∫= , where E is a total electric 

field and ε is permittivity at each grid element in the simulation. 

We are particularly interested in the sensor behavior in water since the 

application is biological sensing. A small modal volume in water indicates that the 

sensing volume is small as well. This is of particular importance for medical 

diagnostics and biological sensing where only small amounts of samples are 

available.  

The calculated modal profile also indicates that the most sensitive part of the 

sensor is inside the defect. That is where the majority of the response comes from. 
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The top surface of the sensor is less sensitive to change in index of refraction, while 

the vertical surfaces of hole and bottom of holes have high sensitivity.  

 

2.4. Experimental setup for monitoring resonance shift in response 

to presence of analyte 

The measuring setup shown in Figure 2.3. utilizes tunable lasers as light 

sources for spectroscopic measurements. The Agilent 81482 covers the wavelength 

range between 1370nm and 1490nm, and the Agilent 81682 covers the wavelengths 

from 1465nm to 1580nm. The laser power was set to 2mW, and tuning speed was 

40nm/s. The linewidth of the lasers at continuous wavelength operation was 100kHz 

and the wavelength repeatability ±0.5pm. These properties enable high resolution 

spectral measurements.  The light from the laser output was coupled to the optical 

fiber and polarizer creating TE polarization for coupling to the photonic crystal. The 

light from the optical fiber was collimated and coupled to the tapered ridge 

waveguide using a 40x IR objective (Thor Labs). The light exiting the photonic 

crystal microcavity and the ridge waveguide on the other end was collected using 

another objective lens and was split between a highly sensitive calibrated InGaAs 

detector and an infrared camera. The infrared camera was used to help the alignment 

of the photonic crystal. By monitoring the mode profiles, it was assured that the light 

was efficiently coupled to the entrance waveguide and that only the waveguide mode 

enters the detector. 
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Tunable laser 
SiO
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camera inlet outlet 

polarizer 
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Figure 2.3. Spectrum measuring setup.  

 

The sensors were patterned on a silicon on insulator wafer using electron 

beam lithography and holes were fabricated using a combination of reactive ion 

etching and wet etching. To suppress Fabry-Perot resonances, antireflection coatings 

were deposited on the faces of the chip. Each chip contained 20 different sensors 

(Figure 2.4). 

The sensor was enclosed in a fluidic fixture constructed from a 

polydimethylsiloxane (PDMS) gasket that seals under compression and a 

polycarbonate top plate with Nanoport (Upchurch Scientific) assemblies for delivery 

and exchange of fluids to the sensor. Analytes were delivered to the sensor using a 

syringe pump placed upstream of the three-way valve that was used for injecting 

analytes and buffers.   
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Figure 2.4. Optical setup and image of an array of sensors integrated with ridge 

waveguides 

 

The spectra were collected by tuning laser wavelength and measuring 

intensity using the InGaAs detector. The measuring system was automated using 

LabView software that controlled and synchronized both the laser and the detector. 

The detector collected spectral data with 4pm resolution. The sampling rate of the 

output spectra recording was 8 seconds. The position of the resonant peak is 

determined by Lorentzian profile fit. 

 

2.5. Activation of sensor surface and calibration of sensor response 

In order to attach protein to the sensor surface we used two different 

approaches. The first approach involved coating the sensor with a hydrophobic 

FDTS coating. However, due to hydrophobicity of the layer, water did not penetrate 
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into the holes of the sensor which resulted in a lower than expected response. The 

second approach was to activate the surface with carboxyl groups. The surface of the 

sensor was cleaned in a standard piranha etch for 10 minutes and rinsed in DI water 

for 5 minutes. The sample was placed in standard parallel plate configuration 

150mW oxygen plasma at 250mTorr for approximately 10 minutes. The surface was 

functionalized with carboxyl groups using N-(trimethoxysilylpropyl) ethylene-

diamine triacetic acid. Initially, the sensor was soaked in HCl for 8 minutes and then 

submerged in the trimethoxysilylpropyl ethylene overnight. The sample was 

removed and placed in a 90oC oven for 2 hours. This process modifies the sensor in 

such a manner that carboxyl groups are attached to the surface. Subsequent 

measurements showed the expected response, and indicated that water penetrated 

into the holes of the sensor. Modification of the surface with carboxyl groups enables 

further binding of proteins using well established chemical protocols that will be 

described later in this chapter.  

To calibrate the sensors, we measured spectral peaks for three samples: air, 

water, and silicon oil. An example of spectra for a single sensor is given in Figure 

2.5. The simulation results were also shown. The simulated peaks are significantly 

wider than measured due to the fact that the model had smaller number of photonic 

crystal layers than the real sensor. Therefore, the in-plane losses were increased in 

respect to a real sensor causing wider line widths. The measured line widths of the 

peaks are 2.08nm, 3.58nm and 5.02nm, in air, water and silicon oil, respectively. The 

line widths get wider with increasing refractive index, because the index difference 
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between the photonic crystal and the medium is reduced causing the mode to become 

leakier. In air the Q factor is 700, while in water, which serves as a solvent for all the 

biological molecules, the cavity Q-factor is approximately 450. Having a resonant 

cavity increases the sensitivity of the sensor, because the confined photons probe the 

molecules numerous times. The sensor presented in this research has a moderate Q-

factor compared to factors reported in literature.  
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Figure 2.5. Measured spectral peaks for air, oil and water and corresponding 

calculated peaks.  

 

Response curves of 19 sensors to air, water and oil are given in Figure 2.6. 

Due to variations in fabrication, sensors have different resonances. The wavelength 

shifts have a nearly linear dependence on the index of refraction. The sensitivity, 

which is defined as resonance wavelength shift per unit refractive index (RIU) 
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change, ranges between 161-176nm/RIU. The value predicted by the simulation is 

168nm/RIU. 
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Figure 2.6. Sensor calibration. a) Measured response for 19 difference sensor. b) 

Response calculated using 3D-FDTD 

 

2.5.1. Modification of the sensor surface 

To test the sensors ability to measure protein binding and monitor chemical 

reactions, we have chosen to immobilize biotinylated bovine serum albumin (b-BSA) 

molecules to the sensor surface and use anti-biotin as complementary antibody. BSA 

is a commonly used heart-shaped protein that has a size of approximately 

8nmx8nmx3nm at pH4 [66] or 3.7nm as measured by dynamic light scattering. Its 

molecular weight is 55kD. Biotinylated-BSA was purchased from Pierce 

Biotechnologies. Each biotinylated-BSA molecule has approximately 9 biotins 

attached.  
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2.5.2. Non-specific binding of biotinylated-BSA 

 

0 1000 2000 3000 4000
0.0

0.5

1.0

1.5

2.0 PBS

Δλ=0.04nmbiotinylated-BSA

Δ
λ 

[n
m

]

time [s]

 

Figure 2.7. Recording of the interaction between biotinylated BSA and the sensor 

surface when carboxyl groups on the surface are not activated. Small shift in the 

peak of 0.04nm remaining at the end of experiment corresponds to non-specific 

binding of molecules to the surface. 

 

The sensor is first tested for non-specific binding. Without previous 

activation of carboxyl groups, biotinylated-BSA in concentration of 500µg/ml was 

injected and response was recorded. Figure 2.7 shows the progression of the 

interaction of biotinylated-BSA with inactivated sensor surface. As biotinylated-BSA 
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is injected in the chamber, the resonant wavelength is red-shifted. Signal saturation is 

reached after 200 seconds. The sensor was washed with phosphate-buffered saline 

(PBS) and the shift returned close to the initial value, indicating that no molecules 

were bound to the surface. The response in the middle part of the curve was, 

therefore, a response to biotinylated-BSA that was either free in solution or weakly 

bound to the surface of the sensor. The small peak around 700s is a small amount of 

PBS that was flown through the channel, while the sensor was reloaded with 

additional biotinylated-BSA. This was due to the fluidic setup in which PBS filled 

syringe was used to push analytes through the channel.  

 

2.5.3. Surface modification by covalent binding of biotinylated -BSA 

 

NHS 

 

Figure 2.8. Reaction used to bind biotinylated BSA to the surface of the sensor.  
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The reaction described in Figure 2.8 is used to bind BSA via amine groups to 

carboxyl groups on the surface of the sensor. The combination of 1-Ethyl-3-[3-

dimethylaminopropyl] carbodiimide hydrochloride (EDC) and N-

hydroxysuccinimide (NHS) ester were used to couple carboxyl groups with primary 

amines on the BSA. EDC reacts with a carboxyl to form an amine-reactive 

intermediate. If this intermediate does not encounter an amine, it will hydrolyze and 

regenerate the carboxyl group. In the presence of NHS, EDC can be used to convert 

carboxyl groups to amine-reactive NHS esters. The amine-reactive NHS ester 

intermediate is meta-stable and as shown in Figure 2.8 is formed by substituting 

hydrogen with aromatic ring. As will be shown later in this chapter, the sensor is 

capable of measuring this surface modification. To increase reaction rates 

biotinylated-BSA was dissolved in acetate buffer of pH 4, that is below its isoelectric 

point. In this case the primary amines on the BSA are positively charged and they 

react with the intermediate forming amide bonds. During this reaction the aromatic 

ring is removed, enabling direct linking between carboxyl and amine groups. 

The graph in Figure 2.9 is a record of resonant wavelength change in time for 

specific biotinylated-BSA binding using previously described reaction.  First, the 

sensor was injected with 10mM phosphate buffered saline (PBS) to record the initial 

wavelength (part A). Then EDC and NHS were introduced into the channel as shown 

in part B of the Figure 2.9 to activate carboxyl groups. The sensor was rinsed with 

PBS (part C). Subsequently, 500μg/ml biotinylated-BSA in acetate (pH4.0) buffer 

was injected and left to react for 50 minutes (part D). Finally, the sensor was washed 

 



 32

with PBS to ensure that nonspecifically bound proteins are removed and the 

biotinylated-BSA layer is stable (part E).  
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Figure 2.9. Covalent binding of biotinylated BSA to the surface of the sensor. The 

activation of the surface is recorded in part C of the graph indicating 0.106nm shift 

in response to binding of aromatic ring. The total shift due to binding of protein is 

1.342nm. 

 

The graph shows a detectable shift coming from the activation of the surface 

with EDC-NHS. The value of the shift is 0.106nm and it is a response to binding of 
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the aromatic ring to the sensor surface. This result demonstrates that the sensor can 

detect modification of the surface, i.e. binding of molecular species with molecular 

weight as small as 98Daltons. It was estimated that the size of the aromatic ring is 

280pm.  

In contrast to Figure 2.7, after the final rinse with PBS, the resonant shift 

stays constant confirming that molecules are bound to the surface. The shift from the 

baseline due to binding of biotinylated- BSA layer is 1.342nm.  

When comparing Figure 2.7 to Figure 2.9, we can see that the time to reach 

saturation is longer in the case of covalent binding (Figure 2.9).  The reason for this 

is the depletion of concentration due to binding of molecules to the large surface of 

the flow chamber before the molecules reach the sensor. Because of this, the 

effective concentration at the sensor is smaller than injected and smaller than in the 

non-specific binding experiment presented in Figure 2.7. These mass transport 

considerations will be discussed in more detail in the Chapter 3. 

 

2.6. Monitoring of protein binding 

Anti-biotin is an antibody that specifically binds to biotin molecule. The mass 

of anti-biotin is 165kD.  Its binding affinity towards biotin is lower than for 

streptavidin (1015 M-1) and is on the order of 106-108M-1, as reported in literature [67-

70]. All the experiments were done in the physiological buffer PBS and all the 

analytes were at the room temperature before binding. We have to note that the 

photonic crystal sensor was shown to have sensitivity to temperature change. In our 
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experiments, the temperature was not controlled. It was only assured that analytes 

are at room temperature before they were injected into the flow chamber.  
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Figure 2.10. Binding of anti-biotin to biotinylated-BSA layer showing a shift of 

5.03nm. The sensor surface was regenerated using acidic buffers as shown in part D 

of the graph. 

 

Sensor response was tested for different concentrations of anti-biotin (Pierce 

Biotechnologies). After each experiment the sensor surface was regenerated using 

10mM glycine-HCl (pH 2.0) regeneration buffer. The recorded data for the anti-

biotin concentration of 200µg/ml are shown in Figure 2.10. There are several 
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distinguishable regions in the graph. Region A shows anti-biotin binding and 

provides information about the association rate constant between biotin and anti-

biotin. Region B is where binding saturation has been reached, and where the signal 

is finally proportional to protein concentration. Region C shows dissociation due to 

rinsing with PBS when bound molecules are removed and is related to the 

dissociation rate constant. Finally, in region D, the regeneration buffer removes most 

of the anti-biotin from the surface leaving biotinylated-BSA sites free. Saturation 

means that the dynamic equilibrium between the attachment and detachment of anti-

biotin molecules from the surface is reached. At high anti-biotin concentrations in 

the solution this may correspond to almost complete anti-biotin monolayer on the 

active sensor surface.  

 

2.7. Theoretical analysis of photonic crystal response 

3D-FDTD simulations were used to calculate the response of the photonic 

crystal microcavity to the binding of proteins. The proteins were assumed to form a 

full monolayer. Reported size of BSA in literature in 8nm×8nm×3nm [66, 70] and 

for anti-biotin antibody the size is 4nm×10nm×15nm [66]. The anti-biotin orients 

during the binding such to form a 15nm thick layer. The refractive indices of proteins 

reported in literature vary, but most are near 1.49 [71], so we assume this refractive 

index in our simulation. The calculated wavelength shifts are plotted in Figure 2.11. 
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Figure 2.11. Calculated response of photonic crystal sensor to binding of full 

monolayers of proteins of different size. The circles indicate expected response for 

biotinylated-BSA and for anti-biotin. 

 

As indicated on the graph the expected shift for full a monolayer of 

biotinylated-BSA is 2nm. As shown in Figure 2.9 the measured wavelength shift was 

1.342nm. This indicates that only 67% of monolayer is formed during binding. The 

surface coverage of biotinylated-BSA depends on the number of available carboxyl 

groups on the surface, concentration of biotinylated-BSA in the solution and on the 

association and dissociation coefficients. 
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According to Figure 2.11 the shift corresponding to anti-biotin binding to 

deposited biotinylated-BSA should be around 7.7nm for a full monolayer, when 

biotinylated-BSA response is taken as a baseline. The measured shift was 5nm, 

indicating 64% of coverage, that corresponds well to 67% estimated coverage with 

biotinylated-BSA.  

  

2.8. Repeatability 

Binding of 10µg/ml anti-biotin during two different experiments is shown in 

Figure 2.12. These experiments show a similar response and good repeatability, 

indicating that measurements are reliable. 

 

Figure 2.12. Measurement of binding of 10μg/ml anti-biotin in two different 

experiments. 
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2.9. Conclusion 

In this work it was demonstrated for the first time that a photonic crystal 

microcavity sensor can be used to detect protein binding in physiological buffers. 

Photonic crystals microcavities have properties that make them very good candidates 

for sensitive detection of biological species. The resonant nature of the sensor 

enables multiple sampling of the same sample. The quality factor of the sensor is 

450, which means that deposited molecules are sampled 450 times. This can be 

improved by increasing the Q-factor of the cavity. Another important property is the 

localization of light that provides enhanced fields that boost up sensitivity. There is 

an excellent overlap between the analyte and modal volume, which provides better 

response for the sensor. We demonstrated that photonic crystal microcavity can 

measure modification of the surface that corresponds to the binding of molecules as 

small as an aromatic ring. It has been shown that the response of the sensor to 

binding of different size proteins is nearly linear. A difference between non-specific 

protein binding and protein binding to the activated sensor surface was 

demonstrated. Reaction kinetics can be monitored by real time recording of the 

resonant wavelength shift.  
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3. Mass transport analysis in photonic crystal 

microcavity sensor  

 

 

Along with sensitivity and specificity, mass transport is a very important 

factor for biological sensing. It determines the time response of the sensor, but also 

imposes the limit on the lowest detectable concentration. Analysis of mass transport 

in sensors has been reported for surface plasmon resonance sensors [72, 73] and 

carbon nanotubes [74]. Here we give for the first time analysis of mass transport in 

photonic crystal microcavity sensors.  

In Chapter 2 it was shown that a photonic crystal microcavity sensor can be 

utilized to monitor protein binding in real time. Monitoring of protein binding 

provides information on the association and dissociation rate constants. However, the 

binding is greatly influenced by mass transport to the sensor. Therefore, in this 

chapter we are taking into consideration mass transport influence to binding data in 

the flow chamber that was integrated with the photonic crystal microcavity sensor. 

There are three phenomena that we are taking into account in this analysis: 

convection, diffusion and surface reaction. We show that convection is dominant 

way of delivering molecules to the volume around the sensor, while mass transport 

into the sensor holes that are the most sensitive area of the sensor, is governed by 

40 
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diffusion. However, as we shall demonstrate by this analysis, the most important 

factor that influences binding data in our setup is depletion of molecules due to 

binding to the walls of the flow chamber outside of the sensing area. In our design a 

flow chamber is formed using PDMS gasket that was enclosed on the bottom by a 

silicon chip and on the top by a polycarbonate plate. The sensors are located on the 

bottom of the flow chamber, on the silicon chip, approximately 10mm away from the 

fluid inlet. The dimensions of the chamber are 3mm×1.2mm×25mm. Therefore, the 

sensors occupy very small area of the channel. The area of the sensor is 50µm2, 

while the area of the flow chamber between the inlet of fluid and the sensor is 

36mm2, i.e. 6 orders of magnitude larger than the sensor. This large area is not used 

for sensing and we will refer to it as non-sensing area of the flow chamber. Both the 

non-sensing and sensing areas were activated for binding by the surface chemistry 

that we used, since both areas were made of silicon. Therefore, there is a 

considerable binding of antibodies to the non-sensing area of the flow chamber and it 

highly influences mass transport to the sensor surface. Since the antibodies first 

encounter and bind to the receptors on the non-sensing area, the concentration of 

analyte is significantly depleted before entering the sensing area. Consequently, the 

concentration of the antibodies that initially reach the sensor surface is much smaller 

than the injected concentration. It will increase during some transient time as 

molecules are replenished by convectional transport and as the binding to the non-

sensing area is saturated. After this transient time the concentration will reach the 

equilibrium level, which is the same as the injected concentration. These phenomena 
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are analyzed in this chapter and used to obtain dose response curve of the sensor as 

well as to estimate the rate constants. We analyze response of the sensor at different 

injected concentration of analytes taking into account interruptions in the flow. We 

give dose response curves for 19 different sensors.  

 

3.1. Experimental binding curves at different anti-biotin 

concentrations 

Binding curves were recorded using seven different dilutions of anti-biotin 

(1µg/ml, 10µg/ml, 20µg/ml, 50µg/ml, 100µg/ml, 200µg/ml, and 500µg/ml). (Figure 

3.1 and Figure 3.2) 
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Figure 3.1. Binding curve for injected anti-biotin concentrations: 20µg/ml, 50 µg/ml, 

100 µg/ml, 200 µg/ml, 500 µg/ml 
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Figure 3.2. Binding curves for 1µg/ml, 10µg/ml and 20µg/ml of anti-biotin 

 

As can be observed from Figure 3.1 and Figure 3.2 the binding rates increase 

as the concentration increases. In the experiment with two highest concentrations, the 

sensor response is almost the same indicating that at these concentrations anti-biotin 

molecules attached to nearly all the receptors sites on the sensor surface. It can also 

be noted that the binding times needed to reach saturation are very long (Figure 3.1). 

For the experiments with concentrations of 1µg/ml, 10µg/ml, 20µg/ml and 50µg/ml 

the sensor was rinsed with PBS before the saturation in the binding curve was 

reached. For 100µg/ml concentration the flow was stopped a number of times during 

an experiment which is indicated by flat areas in the binding curve. As will be shown 

later, these local saturations are due to local equilibrium in concentration caused by 

exclusion of convection during transient time.  
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The curves are responses to the combination of molecule binding to the 

sensor surface and free molecule concentration in the bulk. To estimate contribution 

from bulk concentration we use the example of 3.125µM. It is estimated that 

maximum surface density of anti-biotin molecules is on the order of 10-7mol/m2.  To 

calculate effective concentration inside the hole of photonic crystal, we multiply this 

by surface area of the defect hole and divide by its volume. Obtained effective 

concentration inside the defect hole is 800µM. This surface concentration is 

therefore more than 200 times larger than bulk concentration.  It was found in 

literature [71, 75] that refractive index change with protein concentration is 

dn/dc=0.186ml/g. Based on this value and calculated concentration and molar mass 

of anti-biotin of 165kg/mol, the expected index change due to adsorbed layer of 

protein is Δnabs=0.02 and for bulk protein concentration Δnbulk=9.5x10-5. In our 

sensor, these values correspond to wavelength shifts of 3.4nm for surface adsorbed 

anti-biotin layer and 0.016nm for bulk. Therefore, we conclude that signal 

contribution from the bulk is negligible. 

   

3.2. Numerical analysis of mass-transport and anti-body binding in 

flow chamber with photonic crystal microcavity sensor 

To determine the cause of long binding times and calculate effective 

concentration near the sensor surface, a 2D Finite Element Method (FEM) analysis 

using COMSOL Multiphysics software was conducted on the flow chamber. The 

model used includes: Navier-Stokes equations to calculate mass transport due to 
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convection; diffusion equation to calculate mass transport due to diffusion and 

surface reaction to take into account exclusion of molecules from the solution due to 

binding and dissociation. The real dimensions of the flow chamber are used in 

simulation and photonic crystal holes are presented as wells in the surface of the 

chamber. The length of the flow chamber that analytes have to flow over before they 

reach the sensor area is 10mm.  

Incompressible Navier-Stokes equations are solved separately from diffusion 

and surface reaction equation, because they are considered independent of 

concentration. They are written in the form  

upuu
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where ρ is fluid density , in the case of water 1000kg/m3 , η is dynamic viscosity of 

water ( 10-3Pa⋅s), u is velocity and p is pressure. The second term on the left hand 

side of the equation describes convective acceleration. The first term on the right-

hand side describes pressure gradient and the second term takes into account viscous 

forces. In addition, because we are considering incompressible fluids, the mass 

continuity equation is 0=⋅∇ ur . The boundary condition at the inlet of the fluidic 

chamber is chosen to be fully developed flow which takes parabolic shape 
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where U0 is the peak velocity and D is the height of the flow chamber. 
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The boundary condition at the outlet side of the flow chamber is set as neutral 

boundary condition and treated as if there was no boundary, and the boundary 

conditions on the bottom and top of the microfluidic channel were no slip . 0=ur

 The flow rates were 5µl/min, corresponding to 35µm/s peak analyte velocity 

inside the chamber with given dimensions. For each experiment the times when 

fluids were injected or when flow was stopped or resumed were carefully recorded 

and they were used in simulation to interpret the data more realistically. The 

molecular transport in the bulk of the flow chamber is described by convection-

diffusion equation  

( 0=+∇−∇+
∂
∂ uccD

t
c r)  ,     (3) 

where c is the concentration of anti-biotin, D is the diffusion constant of proteins, 

taking the value of 4*10-11m2/s, and u is velocity. The boundary condition at the inlet 

of the flow chamber was chosen as c=c0, where c0 is injected concentration. The 

boundary condition at the outlet is convective flux ( ) 0=∇−⋅ cDnr , stating that 

diffusive flux is negligible and that only convection contributes to the fluid flow 

outside the chamber. As molecules pass through the chamber, they bind on its 

bottom and top surface. The third equation in our model is the balance equation for 

the surface that includes surface diffusion and surface reaction 

sdsass
s ckcckcD
t
c

−−=∇−∇+
∂
∂ )()( 0θ  ,   (4) 

where cs is the surface density of bound molecules, Ds is surface diffusivity, ka and kd  

are reaction rate constants and θ0 is initial concentration of anti-biotin binding sites 
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on the surface of the sensor. Based on experimental results and the theoretically 

predicted response for the sensor, we conclude that the surface coverage of b-BSA 

receptor molecules was 67%. It was estimated that the surface density of binding 

sites is 7×10-7mol/m2. It implies from the equation (4) that binding of the molecules 

depends on their concentration and surface density of the available receptor sites. On 

the other hand dissociation is proportional to the surface density of the bound anti-

biotin molecules only. Initially, during binding the association factor dominates, 

while as binding proceeds the number of bound molecules increases and the second 

term starts competing with the first one until the steady-state is reached. That steady-

state is indicated by saturation on binding curve. The reaction rate constants for anti-

biotin biotin pair, ka=3.6×106 (Ms)-1 and kd=7.5×10-2(s)-1
 were found in literature. 

These values were initially used in the study of mass transport phenomena. The 

surface equation includes concentration of bulk molecules near the surface and 

therefore has to be solved simultaneously with the convection-diffusion equation. 

The coupling between bulk concentration and surface density of molecules is done 

using boundary condition 

( ) ( ) sdsa ckcckuccDn +−−=+∇− 0θ
rr ,    (5) 

which states that the molecular flux to the surface is equal to the reaction rate.  

 The grid for numerical simulation was set to be very fine in the part of the 

chamber around the sensor and coarse in other parts of the chamber for decreasing 

computational time and resources.  
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 An example of the progression of the concentration front during the transient 

time is given in Figure 3.3. The graphs represent profiles of the flow chamber and 

color represents concentration distribution as given by the scale on the right side of 

the picture. This specific example was calculated for 100µg/ml concentration 

without interrupting the flow. The analyte is flowing from left to the right.  

t=10s 

t=100s 

t=500s 

 

Figure 3.3. Time progression of protein concentration profile in the flow chamber. 

The vertical color bar represents concentration. The red rectangle in the profile is the 

part of the channel where the sensors are located. 

 

The proteins are bound to the bottom surface of the fluidic chamber and 

therefore the concentration near the surface is depleted. The fluid flow that reloads 

the concentration is the slowest near the surface and is not sufficient to replenish 

molecules in short time. Therefore, replenishing relies on diffusion. The sensors are 

located in the area of the chamber indicated by red rectangle.  

As it can be observed from Figure 3.3, initially the concentration front takes 

parabolic shape due to the parabolic flow profile, i.e. velocity distribution in the flow 
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chamber. The binding to the surface of the chamber causes concentrations next to the 

wall of the chamber to be significantly lower than injected ones. As noted before, 

this is due to the depletion by binding outside the sensor area and slow convection 

near the walls. It takes a considerable amount of time for the concentration near the 

sensor surface to reach the initial injected concentration level. During the transient 

time convection and diffusion are not sufficient to replenish the concentration. 

According to the solutions of the Navier-Stokes equation, the convection inside the 

nanometer-size holes of the photonic crystal microcavity sensor is negligible (Figure 

3.5). The mass transport to the sensor holes is mainly governed by diffusion (Figure 

3.4).  

 

 

Figure 3.4. Diffusion flux (indicated by arrows) into the photonic crystal holes 
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Figure 3.5. Convective flux (arrows) to the sensor holes is negligible 

 

3.3. Modeling of mass transport in real experiment 

The concentration near the sensor surface is lower than the injected 

concentration and is dependent on time. The concentration therefore needs to be 

calculated in order to obtain accurate results for dose response curve. The binding 

curve for the experiment with 100µg/ml concentration of anti-biotin contains a 

couple of features that need to be explained using mass transport simulation. One is 

the rate of binding indicated by the slope of the binding curve, the other one is 

saturation in binding during the time when the flow is stopped. 

The binding curve experimentally obtained was compared to the simulated 

curve (Figure 3.6) 
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Figure 3.6. Comparison of measured (left) and simulation results (right).  

  

Values of ka =620×105 (Ms)-1 and kd=9×10-3s-1 obtained by simulations over a 

range of different values for association and dissociation constants resulted in the 

most  pronounced features on the simulated graph. Therefore, these values were 

taken as rate constants for anti-biotin binding to biotinylated-BSA in experiments 

with other anti-biotin concentrations. The results of the calculated response, i.e. 
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surface density of bound molecules for all the concentrations are plotted in Figure 

3.7.  
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Figure 3.7. Calculated surface density of bound anti-biotin molecules for range of 

concentrations 
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 Because the anti-biotin concentration at the sensor surface does not reach the 

values of injected concentration, effective concentration values are calculated for 

each experiment. (Figure 3.8) 
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Figure 3.8. Calculated effective concentrations near the sensor surface 

 

Calculated effective concentrations are summarized in Table 2. 
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Table 2. Effective concentration vs. injected concentrations 

injected 1µg/ml 10µg/ml 20µg/ml 50µg/ml 100µg/ml 200µg/ml 500µg/ml

effective 20pM 500pM 1.2nM 3nM 12nM 1.25µM 3.125µM 

 

 Results for effective concentrations near the sensor surface show that before 

the analytes reach the sensing area, the concentration is depleted significantly, except 

for the two highest concentrations. These effective calculated concentrations were 

used to plot the dose-response curve.  

 

3.4. Dose-response curve  

Based on adjusted concentrations calculated using numerical analysis the 

concentration response curve for one of the sensors is plotted in Figure 3.9. 
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Figure 3.9. Dose-response curve for a single sensor 
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The experimental data were fitted with the Langmuir equation that describes 

the relationship between the concentration of the analyte to binding site density and 

occupancy. For the photonic crystal microcavity sensor the occupancy of binding 

sites is proportional to the sensor response. Therefore the Langmuir curve can be 

written in the form of 

cK
cK

aff

aff

+
=

Δ
Δ

1maxλ
λ ,   (6) 

 where Δλmax
 is sensor response corresponding to a full monolayer and c is the 

concentration. Affinity constants for the system of an antibody- antigen pair can be 

found by fitting experimental data with this equation. 

The affinity constant Kaff obtained by fitting is 6.94×107M-1
 This value is of 

the same order of magnitude as the results published in literature for anti-biotin 

affinity to biotin (106 M-1 -108 M-1)[67-70]. This antibody-antigen pair has lower 

affinity constant compared to other more frequently used pairs, like streptavidin-

biotin (1015 M-1).  

It is important to emphasize that the concentration or dose response curve is 

dependent only on Kaff. This means that each antibody-antigen pair has its own 

response curve. Prior to any measurements of concentration, it is important to know 

the affinity constant. Individual binding curves can be used to determine the affinity 

constant, assuming that mass transport influence to binding data is well known for a 

given sensor.  
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 Dose response curves for anti-biotin and b-BSA from 19 different sensors are 

plotted in Figure 3.10. The measurements were taken after the sensors were rinsed 

with PBS. They indicate the amount of anti-biotin that is left bound to the surface 

after rinsing. 
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Figure 3.10. Dose-response curves for 19 sensors 

 

3.5.  Conclusion 

Mass transport to the sensor surface is an important aspect needed to 

understand the functioning and response of the biosensor. In affinity based sensors it 

is often a limiting factor, because binding causes depletion of the molecules and 

reduces effective concentration. As shown in this chapter, it was the reason for 

extremely long times required to reach binding equilibrium in photonic crystal 

microcavity sensors. Because we were unaware of such a pronounced effect it had on 
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binding, the whole surface of the flow chamber was activated for binding in our 

sensor. Only one millionth of that surface was occupied by our sensor. To avoid this 

effect, the active sensor surface has to be selectively activated for binding. In that 

case, the depletion of concentration near the sensor surface will only be due to 

binding of molecules to the sensor and not due to binding in non-sensing part of the 

chamber.   

 It was shown that a photonic crystal microcavity sensor has the capability to 

monitor binding kinetics of molecule. Its sensitivity to concentrations was 

demonstrated in the range from 20pM to 3µM. The antibody and ligand, anti-biotin 

and biotinylated-BSA, investigated in these experiments show a moderate binding 

constant of 6.9×1071/M. For molecules with higher affinity constants such as 

streptavidin-biotin pair, for example, this sensor can possibly measure attomolar 

concentrations.  
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4. Toward single molecule sensitivity with a 

photonic crystal microcavity sensor 

 

 

Recently, significant attention has been given to the development of affinity-

based optical biosensors.  These sensors enable time-resolved label-free monitoring 

of biomolecular interactions, and provide kinetics information that is pivotal in 

relating the structure of biological macromolecules to their function. Recently, 

affinity-based microtoroid sensors have shown single molecule sensitivity due to 

their exceptionally high Q-factors. It is proposed that in this sensor the response is 

not purely optical, but is enhanced due to photo-thermal effects. In photonic crystal 

microcavities an excellent overlap of modal volume with analyte allows the 

responsivity to be 1000 times higher than in microtoroid resonator [7, 76]. For 

comparison, the responsivity of the photonic crystal microcavity in physiological 

buffer is 670pm per 1nm thickness of protein in contrast to 300fm per 1nm protein 

thickness for microtoroids [6, 7]. In this chapter we analyze the response of photonic 

crystal microcavities to the binding of single molecules. We discuss implication of 

non-uniform field distributions to single molecule detection and response. Based on 

recorded binding curves we estimate the detection limits in terms of number of 

molecules in the current setup. Discussion on noise sources is presented.  
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4.1. Analytical explanation of the sensor responsivity 

As previously demonstrated experimentally in Chapter 2, the photonic crystal 

microcavity is sensitive to refractive index changes. One of the most important 

factors determining sensor sensitivity is the fraction of the resonant cavity modal 

volume that interacts with the sample. Because the sensor works by measuring the 

change in refractive index, the sensitivity can be expressed as: 

effn
nΔ

=Δ ηλλ      (7) 

In the equation, η represents a fraction of modal volume that overlaps with 

the sensing volume, in this case with volume of the physiological buffer, Δn is the 

change in refractive index and neff is effective refractive index experienced by the 

resonant mode.  

The modal fraction that overlaps with analyte volume in photonic crystal 

microcavity sensor is calculated using 

dVE

dVE

total

water

∫

∫
=

2

2

ε

ε
η      (8) 

According to FDTD simulations, at the resonant wavelength the total modal 

volume in silicon and water is 0.033µm3, while fraction of modal volume in water 

only is 0.01µm3. Therefore, the modal fraction overlapping with analyte is η=0.3. 

Based on experimental response, it can be concluded that neff=2.88 in water. This is 

in good agreement with calculated neff that is based on volumetric contributions of 
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refractive index of silicon and water. The formula presents a powerful tool for 

calculating sensor response analytically.   

 

4.2. Minimum reliable resonant wavelength shift 

To estimate the detection limit of the sensor, resonant wavelength was 

scanned in water and showed fluctuation in resonant wavelength position of ±4pm 

and standard deviation of 1.8pm (Figure 4.1).  
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Figure 4.1. Fluctuation of the resonant wavelength recorded in PBS with b-BSA 

immobilized on the sensor surface 

 

To investigate the contribution of different factors to measured fluctuations 

the analysis of raw spectral data was conducted. 
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4.3. Uncertainty in determining resonant wavelength position 

The raw experimental data (Figure 4.2) shows Fabry-Perot resonances 

superimposed on the microcavity resonance peak. The origin of Fabry-Perot 

resonances are reflections at the facets of the silicon chip. They are partially 

dampened by a SiO2/TiO2 anti-reflection coating, but could not be completely 

removed. 
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Figure 4.2. Raw spectral data showing Fabry-Perot resonances 

 

A study was conducted on the influence of these Fabry-Perot resonances on 

determining the peak position. For this purpose the FP resonances were removed 

using Fourier band block filtering. The periodicity of Fabry-Perot resonances was 44 

pm. The Fabry-Perot peaks and its first harmonic found in Fourier spectrum were 

filtered out (Figure 4.3). 
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Figure 4.3. Fourier transform of a resonance spectra. It is showing two peaks that are 

filtered out. They correspond to the Fabry-Perot resonance and the first harmonic. 

 

The resonance peak was determined for both raw and filtered data using a 

Lorentzian shape fit. The graph in Figure 4.4 shows the difference between fitted 

spectral peaks for raw data and for FP filtered data. It shows this comparison for 100 

different collected spectra.  

As can be observed, the uncertainty due to presence of Fabry-Perot 

resonances is less than ±3×10-5nm. Comparing to measured fluctuation of 4pm, 

uncertainty introduced by Fabry-Perot resonances is therefore negligible.  
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Figure 4.4. Uncertainty in peak determination caused by Fabry-Perot resonances 

 

After filtering out the FP resonances the remaining amplitude noise in the 

spectrum is 360 times smaller than the peak.  This value is taken as a signal to noise 

ratio to further investigate the origin of fluctuations. The amplitude noise is a 

cumulative noise added to the spectral mode. Noise sources that contribute to the 

amplitude noise include thermal and shot noise in the photodetector, laser relative 

intensity noise, and quantization error. The spectral resolution of the measurement 

that was 4pm also contributes to the fluctuations.  

An analysis of uncertainty caused by this thermal noise was conducted by 

numerical modeling. For this purpose the ideal Lorentzian function with the same 

peak height, line width and spectral resolution was used as a model. Though shot 

noise has a Poisson distribution, it was assumed that the total cumulative noise has a 

Gaussian distribution. Therefore, random white Gaussian noise with SNR of 360 was 
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added to the ideal Lorentzian model. The functions obtained in this manner were 

fitted with a Lorentzian curve and deviations from an ideal peak were plotted in 

Figure 4.5. These deviations are a measure of uncertainty in determining resonant 

wavelength position solely due to amplitude noise.  
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Figure 4.5. Calculated uncertainty in determining resonant wavelength position due 

to amplitude noise 

 

This uncertainty is shown to be on the order of the fluctuations detected in 

our measurements (±4pm). The standard deviation of the uncertainty is 2.2pm, which 

is in good correspondence with the 1.8pm measured experimentally. 

Based on this analysis, we can conclude that the detection limits of our sensor 

are dominated by amplitude noise. This is expected for moderate Q-factor sensing 

devices. In addition to amplitude noise, there are spectral noise factors that also 
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contribute to variation in the spectral peak location of the resonant mode. One is the 

thermal variation of the system. Refractive index is susceptible to thermally-induced 

fluctuations due to thermo-optic and thermal expansion coefficients of the silicon 

and the sample. Therefore, slight changes in temperature cause small changes in 

refractive index which result in fluctuations of the resonant peak position.  

Another important feature of a microcavity’s performance is its quality factor 

that together with signal to noise ratio determines the ultimate resolution at which 

index of refraction can be measured. Samples with high absorption coefficients can 

impair limits of detection by widening the linewidth of the spectral peak. The 

photonic crystal microcavity sensor is operated at 1480nm where water absorption is 

considerable (1000m-1). However due to moderate intrinsic Q factors (450), the 

contribution of the absorption to linewidth, expressed as
ηαλ
πnQabs

2
= , was 

negligible.  

 To improve on the limits of detection for this particular sensor, the amplitude 

noise needs to be reduced. This can be achieved by applying signal processing 

techniques. Another option is to increase the cavity Q-factor. However, due to the 

nature of our measurements, which measure light transmitted through the photonic 

crystal microcavity, an increase in Q-factor will cause a decrease in detected signal 

and therefore would lower the signal to noise ratio. This reduced signal to noise ratio 

would contribute to larger fluctuations, so therefore the system design has to be 

optimized with this in mind. In addition, using temperature control or utilizing a 

reference channel to subtract common noise may lead to better limits of detection. 
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The current detection limit in terms of the refractive index is 3x10-5, assuming that 

the detection limit is equal to 3 standard deviations of measured fluctuations, which 

is 6pm. 

 

4.4. Limit of detection 

The limit of detection is defined as the concentration for which the smallest 

resonance shift can be reliably measured. The smallest reliable shift depends on the 

noise in the sensor. As calculated, the standard deviation of noise in our experiments 

was 1.8pm.  In our experiments, the lowest measured anti-biotin concentration was 

1µg/ml. It was calculated that it corresponds to effective concentration of 20pM near 

the sensor surface. In this experiment, the anti-biotin was injected into the flow cell 

and the sensor was rinsed with PBS prior to reaching binding saturation. The sensor 

response was clearly identified by the resonance shift after introducing anti-biotin.  
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Figure 4.6. Sensor response to 20pM of anti-biotin 

 



 67

The resulting resonant wavelength shift of 20pm (Figure 4.6) is 

approximately 10 times larger than noise standard deviation. Therefore in terms of 

concentration our detection limits are below 20pM of anti-biotin. 

The limits of detection are often expressed as mass bound to the surface of 

the sensor, because at the same concentration two molecular species with different 

affinity constants would have different number of molecules bound to the surface. 

This is implied directly from the Langmuir equation. The number of molecules 

bound to the surface, which is proportional to Δλ, depends on their binding affinity. 

At the same concentration, the molecules with larger affinity constants have a larger 

response than molecules with lower affinity.  

Calculations of the mode profile (Figure 2.2) show that most of the mode is 

located in the defect and the surrounding layers of holes. Vertically the mode is 

confined to the waveguide region. In order to determine the active sensing area, we 

calculated the modal area on the silicon oxide surface. Using the 

equation ( )22
max/ EdAEA εε∫=  we obtained a modal area at the interface of 

silicon and water of 0.272μm2.  

Numerical analysis shows that the majority of the response (70%) comes 

from the binding in this area which comprises of central defect and the first layer of 

surrounding holes. Also, protein binding on the top silicon surface between the holes 

causes insignificant wavelength shifts, indicating that only molecules bound to the 

walls and floor of the photonic crystal holes are being detected. For an experiment 

with 1µg/ml anti-biotin, the calculated surface coverage of molecules is 5x10-
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10mol/m2 corresponding to 80 molecules of anti-biotin bound to sensing area only. 

So, in terms of number of molecules, the sensor can detect less than 80 anti-biotin 

molecules. This number of anti-biotin molecules corresponds to mass of 21x10-18g.  

Therefore, the total mass of anti-biotin bound to the surface of the sensor is 4.5fg.  

 

4.5. Single molecule binding response 

For purpose of simulating response to single molecule of the size of anti-

biotin, the FDTD simulations were conducted using very fine grid. The grid element 

had a 5nm size in the plane of the photonic crystal and 10nm vertically. Since the 

expected resonance peak shift for a single molecule is on the order of picometer or 

less, and calculations for Fourier Transform requiring this resolution would be too 

long, FHA calculations were performed based on the initial guess of the peak 

position. In time domain the time step was cT=3x10-3 µm (10attoseconds) and the 

length of the simulation was 218 time steps providing resolution of 1.1nm in Fourier 

spectrum. FHA, however gives resolution of better than 0.1pm. 

The molecule was simulated as a cylinder of diameter 10nm and height 5nm 

and was oriented with the base normal to the sensor surface. A 5nm thick layer of 

proteins mimicking b-BSA was used at the surface (Figure 4.7). To reduce the 

computational time and memory, the one quarter of the simulation region was used 

with symmetric boundary conditions. Because of the symmetry, each model 

calculated the response to two or four molecules, with half or quarter of it being 

response of a single molecule. The field inside the central defect cavity is very 
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heterogeneous both in-plane and vertically, so the molecular response was calculated 

at number of different locations (Figure 4.7).  

                            

Figure 4.7. Locations of the calculated response for a single molecule 

 

 

Figure 4.8. Response to single molecule binding for locations marked in Figure 4.7
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           lculated values at locations marked in Figure 4.7 is given in 

 

Figure 4.9. Response to single molecule binding at different vertical location along
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the wall of the defect at location 4. 

 

4

 The sensor 

ponse comes from molecular binding to this area. Empirical descriptions of 

the sensor response were given and explained. Influences from noise and Fabry-
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Perot resonances to fluctuations in determining the resonant wavelength position are 

analyzed and discussed. Reliable experimental data were obtained at 20pM anti-

biotin indicating the detection limit. At this concentration, the resonance shift is 10 

times larger than the noise standard deviation. If it is assumed that the modal and 

sensing areas are the same, we measured the sensor response to a binding of 80 

molecules of anti-biotin (mass 21x10-18g) in the experiment with 20pM 

concentration. The mass deposited on the total sensor surface was 4.5fg in this case. 

Higher Q factor photonic microcavity sensors are promising tools for single 

molecule protein detection. It was calculated that the single molecule response from 

the most sensitive part of the sensor would be 0.72pm.  
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5. Plasmonic nanoprobes for measurement of 

binding strength between the DNA strands 

 

 

A major challenge in the area of deoxyribonucleic acid (DNA) detection is 

the development of methods that do not rely on polymerase chain reaction (PCR) or a 

comparable target-amplification system. The analysis of non-amplified DNA 

samples is highly desirable. The information contained in DNA is useful for 

discovering susceptibility to diseases or to diagnose disease itself. DNA consists of 

two complementary strands that are bound by hydrogen bonds. The minimum energy 

of this duplex molecule is such that it forms a helical structure. The analyte 

selectivity in DNA detection systems is achieved through thermal-stringency washes 

that are used to differentiate perfectly complementary strands from ones with 

mismatches. Single nucleotide polymorphisms (SNP) are variations in the DNA 

sequence that occur when single nucleotide in the sequence is altered. For a variation 

to be qualified as a SNP its incidence in a population has to be at least 1%. SNPs 

make up to 90% of genome variations and their incidence is every 100 to 300 base 

pairs in 3-bilion base pairs long genome. Although more than 99%                             

of DNA sequences are the same across the human population, the variations in 

sequence have a major impact on how people respond to disease, environmental 

72 
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factors such as bacteria, viruses, toxins, chemicals, drugs and other therapies. This 

makes detection of SNPs very important for biomedical research and for developing 

pharmaceutical products or medical diagnostics. Due to their evolutional stability, 

SNPs can be followed from generation to generation and their correlation with 

certain medical conditions can be investigated. It is a great challenge to find a 

sensing method to recognize DNA with sequence variations without applying 

amplification techniques. Two DNA strands that are not perfect complements but 

have a couple of base mismatches still bind to each other, but the strength of this 

bond is weaker than in the case of a perfect match. Therefore to discover 

mismatches, the strength of the bond between strands has to be investigated. For 

example, molecular beacons can be used to detect single base mismatches by 

comparing the strength of the DNA bond between a probe and target to the binding 

strength of the beacon stem [77]. They light up in the presence of perfectly matched 

DNA, due to the unwinding of the stem and the separation of the quencher-

fluorescent dye pair. However, to probe the strength of the probe-target bond, these 

structures have to be carefully designed. As mentioned before, PCR and using 

stringency washes are widely used method for SNP detection. Stringency washes 

have to be carefully designed by using different salt concentrations, temperature, and 

formamide concentration. 

In an exploration of novel techniques used to probe binding strengths 

between molecules, in this thesis, we propose the use of plasmon-coupled gold 

nanoparticles probe as a transducer of molecular properties. Gold nanoparticles are 
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colloidal particles with potentially useful optical, optoelectronic and material 

properties that derive from their nanoscopic size. One of the potential applications of 

gold nanoparticles is measuring distances on the nanometer scale. When two metal 

nanoparticles are brought close together, their plasmon oscillations couple in a 

distance dependent manner. This coupling causes the change in color and intensity of 

light scattered from gold nanoparticles.  

Plasmon-coupled gold nanoparticle probes (also known as gold nanoparticle 

dimers) comprise of pair of gold nanoparticles linked with DNA oligonucleotides. 

Since the length and structure of oligonucleotides shorter than 50 base pair is well 

determined, the distance between gold nanoparticles can be controlled. It was 

previously shown that gold nanoparticle dimers can be used to detect hybridization 

of a single molecule of DNA [15]. The distance dependent properties of their 

scattering spectra were verified by using different length oligonucleotides [16]. 

Plasmon-coupled gold nanoparticles or dimers are well suited to investigate 

mechanical properties of molecular complexes due to their capability to measure 

larger distances than FRET probes.  

The basic idea behind the experiment performed in this thesis is to test the 

binding strength between two perfectly matched DNA strands using nanoparticle 

dimers. In a dimer, two gold nanoparticles are connected by the DNA under 

examination. It has been shown that the binding force between two DNA strands can 

be modified by using solutions of different salt concentrations. DNA strands have a 

negatively charged phosphate backbone. In high solution salt concentrations, the 
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charges on the backbone are electronically screened and the repulsive force between 

the strands is very weak, therefore the strands can hybridize. In low salt 

concentration, the charges on the backbone cannot be efficiently screened by ions in 

the solution. Therefore, the repulsive force between DNA strands overcomes the 

strength of hydrogen bonds between them and hybridization does not take place. We 

hypothesize that the strength of binding between two DNA strands can be inferred 

from measuring the distance between nanoparticles in a dimer. As the bond between 

the DNA strands becomes weaker the helical structure unwinds, therefore changing 

the distance between the particles. Another force on the system to be accounted for is 

the repulsion between the negatively charged gold nanoparticles. At low salt 

concentration when the DNA bond is weak, the strong repulsive force between 

nanoparticles prevents the strands from collapsing and stretches the DNA, therefore 

increasing the interparticle distance. As will be shown in this chapter, the feasibility 

of such an approach is demonstrated.  

 

5.1. Simulations of the dimer response 

To investigate the distance dependent behavior of gold nanoparticles, 

modeling with three-dimensional Finite Element Method (FEM) was conducted 

using Comsol Multiphysics software. Though theoretical responses of gold 

nanoparticle dimers distance properties were previously reported [16, 78], they all 

use effective refractive indices to determine the wavelength shift.  3D FEM gives 

freedom to define all the components of the system, including layers attached to gold 
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nanoparticles without the need for effective refractive indices. The goal of the 

simulations was to find the resonant wavelengths of coupled-gold nanoparticles and 

investigate the shift in the resonant peaks due to the change in interparticle distance. 

The model solves Maxwell equations for a given structure. Perfectly matched 

boundary conditions are used at all the edges of simulation domain to ensure that 

there are no artificial reflections introduced by finite computational domain. All the 

simulations were performed for gold nanoparticles of 40nm in diameter. For the 

refractive index of gold nanoparticles we used values reported in the literature [79]. 

Protein and DNA layers were assumed to have refractive indices of 1.49. All the 

analyses are performed in water. An adaptive mesh was used to properly sample the 

curved surfaces of gold nanoparticles. Each simulation consisted of two parts: in the 

first part, the physical structure was simulated, while in the other part the field 

distribution for free space in water was calculated. This was necessary for 

computation of scattering cross-sections. The scattered fields were obtained by 

subtracting the fields calculated in water only from the total fields calculated when 

there are gold nanoparticles in water. To calculate the cross-sections, the total energy 

scattering rate was divided by the intensity of the incident field over a range of 

wavelengths. 

The calculated field distribution for a particle separation of 8nm at the 

resonant wavelength of 577nm is shown in Figure 5.1. It can be observed that a 

strong field enhancement exists in the region between the nanoparticles. Calculated 

enhancement is 22 times that of light propagating in the medium with no 
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nanoparticles. The maximum field region is most sensitive in terms of optical 

response to change in index of refraction. Therefore change of index of refraction by 

reducing interparticle gap is converted to a large shift in resonant wavelength.  

 

 

 

Figure 5.1. The field distribution for plasmon coupled gold nanoparticles at an 

interparticle distance of 8nm in resonance at 577nm. The electric field is parallel to 

the symmetry axis connecting centers of the gold nanoparticle pair. 

 

 Spectra of coupled gold nanoparticles were calculated for a range of distances 

from 2nm to 14nm (Figure 5.2). The orientation of the electric field was parallel to 
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symmetry axis of nanoparticle pair. The symmetry axis connects the centers of the 

gold nanoparticles. In our experiments, the gold nanoparticles are coated with a 3nm 

thick layer of the protein streptavidin and placed on the glass slide. Therefore, the 

calculated spectra have to be corrected for both presence of the protein and the glass 

slide. Using simulations, it was calculated that the resonant wavelength shift 

introduced by the presence of a 3nm thick layer of protein around the gold 

nanoparticles is 4.5nm. The resonant wavelength shift due to presence of microscope 

slide was 3.5nm. These values were used to correct the distance dependence curve. 

 

Figure 5.2. Calculated spectra for range of interparticle separations for the electric 

field parallel to symmetry axis of particle pair 
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Corrected spectra are given in Figure 5.3. The resonant wavelength is 

exponentially decaying with larger interparticle separations. At the same time if the 

separation increases, the enhancement of the field between the nanoparticles is 

smaller. The presence of the DNA sequence between gold nanoparticles was not 

taken into account. 
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Figure 5.3. Resonant wavelength dependence on interparticle distance for the electric 

field parallel to symmetry axis of gold nanoparticle pair. The curve is corrected for 

presence of the streptavidin layer around gold nanoparticles and the microscope 

slide. 

 The resonant wavelength dependence on interparticle distance follows an 

exponentially decaying curve that can be expressed as 

)1.4/exp(*103568 dres −+=λ .   (9) 

 



 80

 Calculations of the field profile and wavelength dependence were also 

performed for the case when the electric field was perpendicular to the symmetry 

axis of the nanoparticle pair. The results for the field distribution for 11nm separated 

particles at wavelength of 540nm are shown in Figure 5.4. The field in between the 

particles is low indicating that the coupling between gold nanoparticles in this 

geometry is weak. They behave like separate individual gold nanoparticles. This is 

confirmed by their resonance spectra that have a peak at 540nm, which is similar to 

that of a single gold nanoparticle.   

 

Figure 5.4. The field distribution for the electric field perpendicular to symmetry axis 

of nanoparticle pair. 
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 The plot of distance dependent resonant peaks in the perpendicular electric 

field case shows a very weak dependence on interparticle distance (Figure 5.5). In 

addition, the trend is opposite from that of the parallel electric field. The resonant 

wavelength shifts toward blue when the particles are closer ( Figure 5.6). 

480 500 520 540 560 580 600 620 640 660 680
0.00E+000

1.00E-016

2.00E-016

3.00E-016

4.00E-016

5.00E-016

 

Figure 5.5. The resonant spectra dependence on interparticle distance for the electric 

field perpendicular to the symmetry axis of the nanoparticle pair. 

 

The calculated responses indicate that the behavior of plasmon-coupled gold 

nanoparticles is highly polarization dependent. In our experiments, non-polarized 

light was used to measure the spectra of nanoparticles. 
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Figure 5.6. The resonant wavelength shifts toward blue with the decrease in the 

interparticle distance for the electric field perpendicular to the symmetry axis of the 

nanoparticles. 

 

Another calculation was done to determine the response of nanoparticle pairs 

to a change of salt concentration. The index of refraction depends on the salt 

concentration as 0.009/M. Therefore, the refractive index change for 100mM and 

5mM salt solutions, is 9×10-4 and 4.5×10-5, respectively. In Figure 5.7, the calculated 

spectra for two salt concentrations are given, showing that the resonant wavelength 

shift due to the change in salt concentration is 0.15nm. 
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Figure 5.7. Calculated spectra for 5mM and 100mM NaCl concentrations. 

 

 

5.2. Experimental setup 

The Princeton instruments PIXIS 100B thermo-electrically cooled camera 

was used in combination with an Acton Instruments 2150 imaging spectrograph to 

record the scattering spectra of gold nanoparticles. The 300 grooves/mm grating 

blazed at 500nm was used for spectroscopy. The camera and spectrograph are 

attached to the side port of Nikon TE200 microscope. The 100W halogen lamp was 

used for illumination and 40x 0.6NA adjustable working distance objective was used 

for collecting the light (Figure 5.8). The dark field oil immersion condenser 1.2- 

1.36NA was used for dark-field illumination. The spectra were recorded with 

integration times from 0.5-2s at 100 kHz readout rate of the camera to increase signal 
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to noise ratio. At a temperature of -75oC, the dark noise of the camera was 0.005e-

/pixel/s and the readout noise is 13e- rms. Spectrograph resolution was 0.45nm. 

To monitor the particle binding over time, a dry dark-field objective was 

utilized to allow exchange of the liquid on the microscope slide. All the reactions and 

nanoparticle dimer assembly procedures were conducted on microscope slides with 

wells formed using double sided adhesive. During the imaging of nanoparticle 

binding, unsealed wells were used. A droplet of solution containing nanoparticles 

coated with complementary DNA was dispensed to the well. Because of additional 

liquid added to the sample the dry dark-field condenser has to be refocused. In the 

case of spectral measurements, the wells were sealed with microscope slide on top, 

after all the chemistry was performed. This allowed the use of the oil-immersion 

dark-field condenser that enabled sensitive measurements of scattered spectra. 

dark-field condenser 

sample 

objective 

beamspliter 

lens 

spectrograph 

camera 

 

Figure 5.8. Experimental setup for scattering spectroscopy 
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The spectral correction was performed by subtracting the background and 

dividing with normalized lamp intensity. All the spectra were smoothed and the peak 

position was determined based on the location of maximum intensity. 

 

5.3. Particle functionalization 

To form dimers consisting of two gold nanoparticles connected by 

biotinylated DNA oligonucleotides, particle functionalization with streptavidin was 

performed. Oligonucleotides are short sequences of DNA. Gold nanoparticles 40nm 

(BBI International) with a concentration 9x1010 particles/ml were used in the 

experiments.  To conjugate the particles, 1mg of streptavidin was dissolved in 1ml of 

10mM Tris buffer (pH 8) with 50mM of NaCl. After the addition and mixing of 25µl 

of the streptavidin solution to 1ml of stock gold nanoparticle solution, 10µl of 1M 

NaHCO3 was added. The streptavidin was left to adsorb to the particles for 10 

minutes, followed by addition of 5µl of 2% polyethylene glycol (PEG 8000). The 

solution was centrifuged at 800g for 35 minutes twice. After the first centrifugation 

20µl of pellet was dissolved in 980µl of water, 10µl of NaHCO3 and 10µl of PEG 

8000. After a second centrifugation 20µl of pellets was resuspended in 80µl of 

Superblock.  Using a UV-VIS spectrometer (Perkin-Elmer) the absorption spectra of 

the particles were measured after each step to confirm streptavidin adsorption and to 

determine the final concentration of streptavidin-modified gold nanoparticles.  The 

spectrum from the original stock of gold nanoparticles showed a peak at 525.57nm. 

After modification with streptavidin, the peak red-shifted to 529.09nm indicating 
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that the conjugation step was successful. It was calculated using FEM simulations 

that the resonance peak of the gold nanoparticle should shift by 4.5nm for a full 

monolayer. Based on that, the estimated surface coverage of streptavidin was 78%. 

From measurements of the optical density, the final concentration of gold 

nanoparticle was found to be 2.1x1010 particles/ml, indicating a 20% yield. 

Modification of the gold nanoparticles with streptavidin was further verified using 

biotinylated-BSA immobilized on microscope slide. The solution was made by 

dissolving 1mg of b-BSA in Tris buffer, after which it was incubated on the 

microscope coverslip (Fisher Finest) for 15 minutes. After washing with PBS, a 500x 

dilution of gold nanoparticles in PBS was left to react on the coverslip for 2 minutes. 

Subsequently, the slide was rinsed with PBS. In contrast to non-modified gold 

nanoparticles, streptavidin modified nanoparticles attached to the surface.  

In subsequent experiments biotinylated complimentary DNA 

oligonucleotides were used to form nanoparticle dimers. The following 

oligonucleotides were purchased from TriLink Biotechnologies: 

Wildtype:   

5’-GAA-CAG-CTT-TGA-GGT-TGT-TTG-TGC-CTG-TCC-TGG-GAG-AGA-

CCG-GCG-CAC-biotin-3’ 

Complement: 

3’-biotin-AGG-ACC-CTC-TCT-GGC-CGC-GTG-5’ 
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5.4. Self-assembly of plasmon-coupled nanoparticle probes 

 The streptavidin-modified gold nanoparticles were attached to biotinylated-

BSA on the surface of the microscope slide, by adding 500x diluted stock of 

streptavidin-modified nanoparticles and letting them react for 2 minutes. 

 The single stranded wildtype DNA in concentration of  470nM was added to 

the slide with the immobilized streptavidin-modified gold nanoparticles and left to 

react for 1 hour, after which the slide was rinsed with hybridization buffer 

(0.25MNaCl and 0.025M PBS). To make nanoparticles attach to complementary 

DNA, 10µl of approximately 3.4x10-10M concentration of streptavidin-modified 

nanoparticles were mixed with 10µl of 360nM single stranded DNA (ssDNA) 

complement. The ratio of gold nanoparticles to ssDNA is 1:1000, which should 

allow for good surface coverage. After 1 hour, the particles were centrifuged and the 

pellet was re-suspended in hybridization buffer. Then 5µl of this solution was added 

to microscope slide and images were recorded over time (Figure 5.9). 

Binding of the two gold nanoparticles was recorded in the images. It is 

indicated by the increase in brightness of two gold nanoparticles in Figure 5.9 that 

were initially bound to the surface.  We also observed binding of a couple of 

nanoparticles directly to the microscope slide. This could be due to non-specific 

adsorption. Also we cannot exclude the presence of free streptavidin-wild type DNA 

conjugates that could have bound to the surface of the slide. The distorted elliptical 

shape of the particles is due to imaging through the spectrograph that is not corrected 

for astigmatism. 
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Figure 5.9. Binding of nanoparticles coated with complementary DNA to 

nanoparticles coated with wild type DNA on the surface of the slide 

 

Figure 5.10. Binding of gold nanoparticles coated with complementary ssDNA 

(right) to nanoparticles coated with wild type ssDNA on the surface (left) 

Though images in Figure 5.10 are not correlated, it is evident that the picture 

of streptavidin-modified particles differs from one in which the dimers are formed. 
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The formation of dimers is indicated by both an increase in brightness and a change 

in color from green to yellow. On the left picture a bright red spot is observed that is 

likely due to a large nanoparticle cluster. 

 

Figure 5.11. SEM of gold nanoparticle dimers. (inset) One gold nanoparticle pair 

 

 Formation of dimers was confirmed by SEM (Figure 5.11). Single gold 

particles that did not form the dimers were also observed. Some of the dimers are 

located close to the other dimers and single gold nanoparticles, so they cannot be 

resolved with a microscope objective whose resolution is approximately 500nm. It is 

known that plasmons in gold nanoparticles can couple up to distances of 70nm. 
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Therefore, closely positioned gold nanoparticle and dimers will be observed as a 

single bright spot and their spectra will resemble that of a cluster.  

 

5.5. Scattering spectra of gold nanoparticles and dimers  

Upon the assembly of a dimer, the resonant wavelength of the scattered light 

changes. This resonant peak shift is approximately 30nm which is shown in Figure 

5.12.  

 

Figure 5.12. The normalized scattering spectra for single gold nanoparticle (blue) 

and dimer (green) show a resonant wavelength shift of 31nm.  

  

 Due to the noise in the spectra, the peaks were determined by smoothing 

corrected spectral curves. Contribution of the noise to determining spectral peaks is 

revealed by measuring the scattering spectrum of a particle dimer over time. 

Resonant peak fluctuation is given in Figure 5.13.  
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Figure 5.13. Fluctuation of the resonant wavelength of a single dimer recorded over 

time 

  

 The standard deviation of fluctuations is 0.3nm and amplitude is around 1nm. 

The sources of noise includes fluctuation in spectral intensities of the lamp, readout 

noise of the camera and change in background due to the presence of moving 

nanoparticles in solution.  Increasing integration time improves the noise figure and 

therefore most of the spectra was recorded with a 2 second integration time.  

Estimated interparticle distance is 13nm, taking into account that each base 

pair in DNA is 0.34nm long and adding 3nm for each of the streptavidin layers. 

There is a discrepancy between results obtained by numerical modeling and 

calculated interparticle distance. According to numerical models, for 579nm which is 

the average resonant wavelength for nanoparticle dimers, the interparticle distance 

 



 92

should be 9.8nm (Figure 5.3). This differs from an estimated value because the layer 

of DNA was not taken into account in our simulation. It would cause additional red 

shift in resonances. Another reason could be that particles were connected with 

multiple DNA oligonucleotide tethers that shortened the interparticle distance. 

 

5.6. Plasmon resonance of dimers in different ionic strength 

solutions 

 To investigate the binding strength of oligonucleotides we take advantage of 

the fact that gold nanoparticles are negatively charged and that there is a repulsive 

force between them. To modulate the strength of the repulsive force, two different 

salt concentrations are utilized, 5mM and 100mM. In a high salt concentration, the 

repulsive force is weak because ions in the solution screen the charges on the particle 

and reduce the Debye screening length. In a low salt concentration, the electrostatic 

repulsion between the gold nanoparticles and DNA strand is strong and it can be 

used to increase interparticle distance. 

Debye screening length is calculated using 
IN ABπλ

κ
8

11 =− , where 

λB=0.7nm for water at room temperature, NB A is Avogadro number and I is the ionic 

strength of the solution. For 100mM NaCl solution the Debye screening length is 

1nm and for 5mM NaCl solution it increases to 4nm. 

 In our experiments, nanoparticle dimers were prepared and washed with the 

solution of desired ionic strength. The slides were sealed and the spectra were 
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measured using the oil immersion dark-field setup. Approximately 30 particles were 

scanned for each sample.  

 

Figure 5.14. Example of dimer spectra taken at 100mM NaCl solution 

 

Figure 5.15. Examples of dimer spectra taken at 5mM NaCl solution 
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Figure 5.14 and Figure 5.15 represent examples of the spectra of nanoparticle 

dimers in 100mM and 5mM salt solutions. Small blue shifts in the resonant 

wavelength position are observed that are indicative of increased interparticle 

distance. Besides the shift in resonance, we have noticed a slight narrowing of the 

linewidth. One possible reason for narrower linewidth is that gold nanoparticles are 

moved away from each other, effectively reducing the absorption of the medium 

around each one of the particles and therefore reducing loss. The scattering intensity 

is lower, but since the light source in our measurements was not stabilized, we 

cannot contribute this solely to an increase in interparticle distance. Also, due to the 

heterogeneity of the nanoparticles some particles initially have higher intensity than 

others, as observed in the images. 

Figure 5.16. Spectra of gold nanoparticle dimers in DI water 
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 In the next experiment, scattering spectra of another set of dimers in 

deionized water were measured. They showed blue shifted resonances similar to 

those for single gold nanoparticles. Two hours after the dimer formation, a small 

number of dimers were visible in the sample well (Figure 5.16). The explanation for 

this is most likely the denaturing of DNA due to increased repulsive force in low salt 

concentration. Though a complete dehybridization usually requires increase in 

temperature, we have found in literature that another research group observed similar 

dehybridization effect without increasing temperature when DNA was bound to gold 

nanoparticles [80]. 

The histograms of recorded spectra of the nanoparticles in different salt

oncentrations are given in Figure 5.17. The spectra that could be attributed to single 

 histogram of a sample 

s to be the same, gives p=0.00062 value for two histograms 

indicating that measured populations are different. 

 

c

nanoparticles were excluded from statistics. For comparison a

with single particles is given. The distribution for single gold nanoparticles is much 

narrower than that of particle pairs.  

A difference in distributions of resonant wavelength in 100mM salt solution 

and 5mM salt solution is measured. The calculated mean resonant wavelength peaks 

were 579.66nm and 574.65nm for high and low salt concentration, respectively. As 

shown before, the expected response of particle dimer to change in index of 

refraction of salt solution is 0.15nm. Therefore, the measured shift cannot be due 

solely to the solution index change. Student’s t-test, that determines the probability 

for two population
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Figure 5.17. Histograms of resonant wavelengths for dimers in 100mM NaCl, 5mM 

NaCl  and single gold nanoparticle 
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The resonant wavelengths indicate that in low salt concentration particles are 

more separated than in high salt concentration. A possible explanation for this is that 

in low salt concentration, dsDNA oligonucleotides are partially dehybridized, due to 

the repulsive force between the backbones. A repulsive Coulomb force acts between 

the nanoparticles in the dimer extending the strands as they unwind. This repulsive 

force is a possible explanation for the other phenomena reported previously, where 

DNA dehybridization is demonstrated without thermal-stringency washes. It is 

possible that the repulsive force between two gold nanoparticles, in this case, 

compensates for the absence of thermal force. 

Figure 5.18. Model of dimer behavior in solutions of high and low ionic strength 

 

When the obtained mean values are compared with the theoretical response 

curve, an increase in interparticle distance from 9.8nm to 12.2nm is found (Figure 

lly due to the changes in streptavidin linker needs 

to be investigated further. 

 

5.3). Whether the extension of 2.4nm can be solely attributed to stretch in 

oligonucleotide length or it is partia
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In theoretical analysis, it was shown that different orientation of the electric 

field comparing to dimer symmetry axis yield very different result in terms of 

resonance peak behavior. Measured behavior is in agreement with geometry in 

which dimer symmetry axis and the electric field are parallel. Since this response is 

much more pronounced than the response for perpendicular electric field, it can be 

deduced that there exists a significant polarization along the symmetry axis of 

nanoparticle dimers. Since spectral measurements are performed with a non-

polarized light source, it is possible due to geometry of the illumination that for each 

dimer, there is a component of the electric field oriented along its symmetry axis. 

 

 

5.7. Conclusion 

In this Chapter it was demonstrated that gold nanoparticle dimers can be used 

to detect the change in interactions between DNA strands in a double helix. It was 

shown that lowering the ionic strength of the solution weakens the strength of the 

become  less rigid and strands can partially dehybridize. In such a state DNA strands 

can either collapse or extend, which ch

 of resonant peaks of two populations of particles, one in 

interaction between DNA strands. As a consequence, the double helix structure 

s

anges the distance between nanoparticles in 

the dimer. This change is measured by determining resonant peaks in scattering 

spectra. It was shown that in low salt concentrations, DNA is extended, which is 

likely due to an external repulsive force that acts between negatively charged 

nanoparticles. The analysis
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low salt concentration and the other in high salt concentration are compared and 

shown to be statistically different according to a t-test. Additionally, it was observed 

that many dimers are dehybridized in deionized water, even without application of 

thermal-stringency. The hypothesis is that the repulsive force between negatively 

charged gold nanoparticles helps the dehybridizaiton process. This technique can be 

utilized for investigation of binding specificity between two DNA strands and 

possibly for detection of single nucleotide polymorphisms.  

 

 



                                                                                              

  

 

 

In this work, two types of optical resonant nanoprobes for measurements of 

biomolecular interactions were investigated: photonic crystal microcavity sensors 

and plasmon-coupled nanoparticle probes.  

To compete with existing techniques used in research and clinical 

laboratories new biosensing probes have to provide specificity for a given molecule, 

excellent sensitivity and speed, and have to be cost-effective. Photonic crystal 

microcavities have properties that make them very good candidates for sensitive 

detection of biological species. This technique is non-destructive and the resonant 

nature of sensing enables multiple sampling of the same analyte. Localization of 

light that provides enhanced fields and an excellent overlap between the analyte and 

modal volume provide high responsivity of the sensor.  

It was demonstrated for that photonic crystal microcavity sensors can be used 

to detect protein binding in physiological buffers. Time-resolved measurements of 

resonant wavelength shifts of transmission spectra were recorded during binding of 

anti-biotin molecules to the surface of the sensor modified with biotinylated-BSA.  

This data provides information on reaction kinetics.  It was found that photonic 

crystal microcavities can measure the modification of the surface that corresponds to 

the binding of molecules as small as an aromatic ring. Numerical analysis showed 

6. Conclusion 

100 
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that the sensor response to the binding of a full monolayer of different sized 

fference between non-specific protein binding and protein 

binding to the activated sensor surface was demonstrated.  

We demonstrated that mass transport to the sensor surface is an important 

factor in biosensing. In an affinity based sensor it is often a limiting factor, because 

binding causes depletion of the molecules and reduces effective concentration. In our 

investigation mass transport limitations were found to result in extremely long times 

required to reach binding equilibrium in the photonic crystal microcavity sensor. 

This is because the whole surface of the flow chamber was activated for binding, 

acting as a large sink for tested molecules. Only one millionth of that surface was 

used for sensing. To avoid a depletion effect, the active sensor surface has to be 

selectively activated for binding. In that case the depletion of concentration near the 

sensor surface will only be due to binding of molecules to the sensor and not due to 

binding in non-sensing part of the chamber. We calculated effective concentrations 

near the sensor surface by calculating binding response and finding good parameters 

to fit experimental data. 

 It was shown that a photonic crystal microcavity sensor has the capability to 

monitor binding kinetics of a molecule. Its sensitivity to concentrations was 

demonstrated in the range from 20pM to 3µM. The antibody and ligand, anti-biotin 

and biotinylated-BSA, investigated in these experiments show moderate binding 

constant of 6.94x10 1/M. For molecules with higher affinity constants such as 

streptavidin-biotin pair, this sensor can possibly measure attomolar concentrations.  

molecules is linear. A di

7
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The described sensor has very small modal volume and modal area. The 

majority of the response comes from molecular binding to this area. Empiric 

description of the sensor response was given and explained. Influences of noise and 

Fabry-P

ticle dimers can be used to monitor interactions between 

t 

erot resonances to fluctuations in determining resonant wavelength position 

are analyzed and discussed. Reliable experimental data were obtained at 20pM anti-

biotin indicating detection limit. At this concentration the resonance shift was 10 

times larger than the noise standard deviation. If it is assumed that the modal and 

sensing areas are the same, we measured the sensor response to binding of 80 

molecules of anti-biotin (mass 21x10-18g) in the experiment with 20pM 

concentration. The mass deposited on the total sensor surface was 4.5fg in this case. 

It was calculated that the single molecule response from the most sensitive part of 

the sensor would be 0.72pm. With improvements in signal processing and data 

collection. signal to noise ratio could be improved and it would be possible to detect 

single protein molecule with a photonic crystal microcavity sensor. 

From the experiments with plasmon-coupled nanoparticle probes it was 

found that gold nanopar

DNA strands in a double helix. It was shown that changing the ionic strength of the 

solutions modifies the strength of the interaction. As a consequence the DNA strands 

can be elongated under the action of an external repulsive force between gold 

nanoparticles. This elongation can be measured by determining plasmon resonances 

in the scattering spectra of the nanoprobe. The analysis of the resonant peaks of two 

populations of particles, one in low salt concentration and the other in high sal
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concen

- 

tration were compared and found to be statistically different according to 

Student’s t-test. It was observed that many dimers are dehybridized in deionized 

water, even without application of thermal-stringency. The hypothesis is that the 

repulsive force between negatively charged gold nanoparticles acting on the strands 

helps the dehybridization process. This technique can be utilized for investigation of 

binding specificity between two DNA strands and possibly for detection of single 

nucleotide polymorphisms. 

 

6.1. Contributions 

The contributions of this thesis can be categorized into theoretical and 

experimental.  

Theoretical: 

- calculations of the response of photonic crystal microcavity sensor to binding 

of protein layers on the surface 

the response of photonic crystal microcavity to single molecule binding 

- the dependence of the response on molecule binding location 

- numerical analysis of transport phenomena in photonic crystal microcavity 

sensor 

- implications of the depletion on time response of the sensor 

- the influence of Fabry-Perot resonances on measurements of resonant 

wavelength position 

- analysis of noise in photonic crystal microcavity sensors 
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- calculations of the response of gold nanoparticle pairs that take into account 

coating the particle with protein layers and the  presence of microscope slide  

- the response of the gold dimer to change in salt concentration 

Experimental: 

- demonstration of protein detection in photonic crystal microcavity sensor 

- monitoring of protein binding kinetics with photonic crystal sensor 

- detection of molecular species as small as aromatic ring 

- linear response to binding of different size molecules 

centration measurements in range from pM to µM 

- 

ce that produces 70% of response 

ion limit of 80 molecules of anti-biotin 

 double helix 

ionic 

 

6.2. Future work 

 single molecule 

dete io  of less 

than 80 is thesis. For single molecule detection, 

som are necessary. For 

- capability of con

detection limit of 4.5 fg of mass to the total sensor surface or 21 attogram on 

the surfa

- detect

- feasibility of gold nanoparticle dimers as a transducer for measuring binding 

strength between strands in DNA

- measuring the change in structural properties of dsDNA with changes in 

strength of the solution 

Photonic crystal microcavity sensors hold great promise for

ct n. Combination of their responsivity and Q-factors allowed detection

 molecules, as demonstrated in th

e improvements in instrumentation and sensor system 
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avo n  

activate

the a rom this area. 

al to noise ratio is critical for detecting responses below 1pm. There 

are c ues 

suc a annel are 

pot i  eliminate thermal 

fluc a ctor.  

onitoring 

cell  

may be  clamp to measure the activity of 

ion a

 

interact ovements in the experimental 

setu n

done b nnels that would allow easy exchange of analytes. 

sing an automatic stage would greatly simplify the process of spectral 

sing image processing techniques could help locate the 

nanopa

idi g mass transport limitations, the sensor surface would have to be selectively

d for protein binding. Great improvement could be made by only activating 

w lls of the defect, since most of the response is coming f

Improving sign

a ouple of directions for achieving this improvement. Implementing techniq

h s a lock-in amplifiers, or signal comparison with a reference ch

ent al solutions. Also, using temperature control might

tu tions. Another potential solution is to increase the Q fa

Photonic crystal microcavity sensors can find application in m

ular response to different external stimuli. Because of their unique structure they

 used as a counterpart to the electric patch

 ch nnels in cells. 

Plasmon-coupled nanoparticles show promise for the detection of the

ion strength between DNA strands. The impr

p eed to be made to enable real-time monitoring of dimer response. This can be 

y using microfluidic cha

U

measurements and u

rticle dimers inside the microfluidic chamber. Experiments on DNA with 

mismatches should be conducted to prove the capability of technique to detect single 

nucleotide polymorphisms. 
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